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Preface
Brian C. WILSON a, Valery V. TUCHIN b and Stoyan TANEV c
a
Ontario Cancer Institute/University of Toronto, Canada
b
Institute of Optics and Biophotonics, Saratov State University, Russia
c
Vitesse Re-Skilling™ Canada, Kanata, Ontario, Canada

Introduction
This volume is the result of the first NATO Advanced Study Institute (ASI) on the
topic “Biophotonics: From Fundamental Principles to Health, Environment, Security
and Defence Applications” held in Ottawa, Canada, September 29 – October 9, 2004.
This ASI was particularly timely, since the field of biophotonics is rapidly emerging in
both academia and industry: for example, the number of hits for “biophotonics” if it is
entered in the internet search engine Google® has quadrupled in the last year. The
meeting was notable for the extent of international attendance, with 116 participants
from 18 different countries, including a very high representation from former Sovietbloc countries, demonstrating the intense interest in this topic. A full list of the speakers and topics covered at the ASI is given below.
What then is biophotonics? In the most general terms, it is the convergence of
photonics and life sciences. Photonics – the science and technology of light generation,
manipulation and measurement – has itself seen a remarkable expansion in the past
20 years, both in research and in commercialization, particularly in telecommunications. Despite, or perhaps partly because of, the downturn in this sector, there has been
substantial transfer of photonic technologies in the past 5 years into biophotonics applications. Nowhere is this clearer than in the sub-surface tissue imaging technique of
optical coherence tomography (discussed in the chapters by V.V. Tuchin and
B.C. Wilson), in which many of the key components are taken straight from optical
telecom (light sources, fiber splitters, optical circulators, etc). This technology transfer
has greatly accelerated the development of biophotonic techniques and applications.
Conversely, the life sciences have an increasing need for new technologies to
which photonics can make significant contributions. As biology and medicine move
into the post-genomics era, it is increasingly important to have highly sensitive tools
for probing cells, tissues and whole organism structure and functions. The optical spectrum (UV-visible-infrared) is well suited to this, since the quantum energy of optical
photons is comparable to molecular energy levels of biomolecules, so that optical spectroscopies and imaging techniques provide rich biomolecular information. Examples
are given in the chapters by J. Chan and colleagues and S. Lane et al. in biochemical
analysis and in single-cell analysis, respectively, using Raman spectroscopy.
The sensitivity of modern optical techniques even allows measurements of single
molecules, as discussed by T. Huser et al. Through photonic technologies such optical
fibers, as discussed in the chapter by M. Ben-David and I. Gannot, and sensitive imaging detectors, these measurements can often be done in a non- or minimally-invasive
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way, which is tremendously valuable for clinical and remote-sensing applications. The
technological elegance of photonics is illustrated both by this chapter and that by Cartwright in the domain of optical biosensors, which are becoming ubiquitous in many
applications, including biomedical, environmental and bio/chemo security. This
breadth of applications of specific optical techniques is well illustrated also in the chapter by V.M. Savov on chemiluminscence and bioluminescence.
At the same time, optical wavelengths are comparable to cellular/subcellular structure dimensions, so that imaging at very high spatial resolution is possible. Photonic
technologies have thus revolutionized the field of optical microscopy, as illustrated in
the chapters by H. Schneckenburger and by T. Huser et al.
In clinical medicine this ability to probe and image tissues is leading to a wide
range of novel diagnostic methods. Examples of these techniques are given by Matthews and colleagues. In parallel, therapeutic applications of light have developed rapidly over the past 20 years, with many applications of surgical lasers operating by photothermal or photomechanical interactions with tissue. The application of photochemical interactions is presented in the chapter by B.C. Wilson on the specific technique of
photodynamic therapy using light-activated drugs. The principles of photobiology that
underlie these photothermal, photochemical and photomechanical effects are discussed
in depth by P. Prasad. Complementing this, S. Tanev and colleagues provide an introduction to some exact modeling methods of tissue optics that determine how light energy is distributed in tissue, while V.V. Tuchin examines light propagation and interactions with blood, both theoretically and experimentally. Understanding these lighttissue interactions is key to optimizing the delivery of light to tissue, for both treatments and diagnostics.
Finally, the new field of nanotechnology is now penetrating into biophotonics. Examples include the use of nanoparticles such as metal nanospheres or rods and quantum
dots for enhanced cell and tissue imaging and local light energy absorption. The chapter by C.E. Talley et al. discusses one specific implementation, namely the use of
nanoparticles for enhancing Raman biospectroscopy.
As will be evident, this volume is not intended as a comprehensive text on biophotonics. Rather, it presents ‘snapshots’ of some of the most exciting developments,
from a perspective of photonic technologies, and life-sciences applications. The editors
hope that the reader will be equally excited and encouraged to pursue further in-depth
reading, using the extensive references provide by the authors of each chapter.
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Integrated Biosensors
Dr. Alexander Cartwright, State University of New York at Buffalo, USA
Applications of Biophotonics
Dr. Dennis Matthews, Center for Biophotonics Science and Technology
University of California at Davis, USA
Fluorescence Spectroscopy and Microscopy
Dr. Herbert Schneckenburger, Fachhoschschulee Aalen Biophotonics Group Institute
of Applied Research, Germany
Photodynamic Therapy
Dr. Brian Wilson, Ontario Cancer Institute and University of Toronto, Canada
Bioluminescence and Chemiluminescence
Dr. Varban Savov, Medical Physics Department, Sofia University, Bulgaria
Tissue and Blood Optical Properties Control
Dr. Valery Tuchin, Saratov State University, Saratov, Russia
Biophotonics Simulations: Light Scattering from Bio-Cells
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Micro-Raman Spectroscopy and Laser Trapping
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Nanoparticle Based Surfaced Enhanced Raman Spectroscopy
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Fibers and Waveguides for
Medical Applications
Moshe BEN-DAVID and Israel GANNOT
Department of Biomedical Engineering
Faculty of Engineering
Tel-Aviv University
Tel-Aviv 69978, Israel

Introduction
Optical fibers and waveguides are basically just a mean to transmit radiation from one
point to the other. The input can be any source at the optical spectrum and the target
can be any interaction subject. In the field of biomedical optics we have two main ways
of using this delivery device: either deliver energy from a laser source to the human
body to perform interactions (tissue removal, heating, cutting, etc.) or it can deliver
signals from the human tissue (heat, fluorescence) and the target will be the appropriate
detector.
Laser delivery via fibers enables easy manipulation of the beam to the operating
table. It becomes crucial when minimal invasive surgery is carried out. In this case the
fiber is inserted through the working channel of an endoscope and an operation can
take place within body cavities, through existing openings of the body or through
minor cuts made through the skin.
The opposite way is receiving signals from the body to a detector. This enables the
use of fiber as a vehicle to transmit signals for diagnostic purposes. These signals
enable us to study tissue structure, tumor detection or tissue temperature.
Things could have been very simple if one fiber could serve all purposes but unfortunately this is not the case. The optical spectrum is very wide. Useful wavelengths
can vary from very short at the X-ray side, to the mid and far infrared on the other side.
Not all materials are transparent along this spectrum. Signals can very from nanoJoules to Joules and not every material can handle high powers. Fibers need to be bent
to very small diameters (as is the case in the distal tip of a endoscope) and each
material is brittle to some extent. Pulses can be very short, i.e. in the femtosecond
range, or the radiation can be continuous wave (CW). Short pulses can be broaden
while transmitted and this should be taken into consideration for time of flight
measurements. Short pulses can have very high peak power and materials have damage
thresholds. Transmission is not linear and can change with wavelength. It can also
change with bending and this may change the beam shape. Biocompatibility is also an
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important issue, since hazardous materials cannot be inserted into the human body no
matter how efficient they are in delivering laser radiation.
With all the above in mind, fibers and waveguides became a large field of
research. There is often more than one solution to any given application and each
solution is partially covering the requirements of the ultimate fiber.
In the next paragraphs we will discuss the various fibers and waveguides
developed for medical purposes. We will discus traditional and new materials and we
will describe possible applications. Fibers will be presented going from short to the
longer wavelengths. However, since visible wavelengths were the first to be
transmitted by fibers and X-ray waveguides are a more recent development, we have
decided to leave the X-ray transmission to the end of this chapter.

1. Fibers for the UV, Visible and NIR
In 1966 Kao and Hockham [1] described a new concept for a transmission medium.
They suggested the possibility of information transmission by optical fiber. In 1970
scientists at Croning Inc. [2], fabricated silica optical fiber with a loss of 20 dB/km.
This relatively low attenuation (at the time) suggested that optical communication
could become a reality. A concentrated effort followed, and by the mid 1980s there
were reports of low-loss silica fibers that were close to the theoretical limit.
Today, silica-based fiber optics is a mature technology with major impact in
telecommunications, laser power transmission, laser delivery and sensing for medicine,
industry, military, as well as other optical and electro optical systems. The spectral
range is 200-2400 nm.
The basic structure of such a fiber (Figure 1) is core clad, based on silica (SiO2) as
the core and silica doped with other elements (i.e. germanium, boron, fluorine and
others) to change the index of refraction. This core-clad fiber is coated with a plastic
jacket to permit better bending capabilities. The fibers can be drawn in any length
needed. The typical attenuation is in order of less than 1 dB/km. The fiber can be few
micrometers core up to a few millimeters and can deliver multimode or single mode
radiation. It has a numerical aperture, which limits the input angle to the fiber. The
transmission parameters can be analyzed by tray tracing methods based on the fiber
parameters.
Silica-based glass fibers can be optically transparent from the near ultraviolet
(NUV) to the mid-infrared (MIR) range of the electromagnetic spectrum. Optical fibers
made from these glasses are widely used in the near infrared (NIR) at wavelengths
close to the zero material dispersion (1310nm) and minimum loss (1550nm)
wavelengths of silica. Such fibers provide the backbone of modern optical
telecommunication networks. Since the late 1970s these fibers have been manufactured
routinely. It is possible to manufacture very long fibers with very low attenuation
(0.2dB/km).
Multicomponent glasses, specifically soda-lime silicate (Na2O-CaO-SiO2) and
sodium borosilicate (Na2O-B2O3-SiO2) and related compositions in which silica
comprises less then 75% mol of the glass were early candidates for optical
communication fibers. Core cladding index differences were typically achieved by
varying the concentration or type of alkali in the respective glasses or by adding GeO2
to the core glass. Graded index profiles in the fiber could be tailored by using crucible
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designs, which permitted more, or less, interfacial contact and interdiffusion between
the core and cladding glasses during the fiber draw.
Up to the mid 1970’s significant efforts were made to fabricate low-loss, multicomponents telecommunication fibers. It was recognized that Raleigh scattering in
many multi-component silicate glasses could be lower than in high silica content
glasses and that the achievable losses were largely determined by extrinsic impurities.
Many innovative approaches were tried to minimize these impurities. The efforts
yielded fibers with losses as low as 3.4 dB/km at 840nm. Further loss reduction was
dependent on reducing –OH contamination to sub parts per million and transition
metals to low ppm levels. The intrinsically lower strength, reliability and radiation
hardness of these fibers also present significant obstacles for their practical utilization.
High silica content fibers are compositionally simple. In most instances, the
cladding glass is 100% SiO2 while the core glass is 90 to 95% SiO2 with a few percent
of dopants to increase the refractive index in order to achieve a guiding structure. The
cladding glass in the vicinity of the core may also be doped to achieve specific
refractive profiles.
These fibers are sensitive to moisture. Given the opportunity, moisture can diffuse
from the surface to the core of the fiber with an attendant increase in attenuation at
communication wavelengths due to overtone and combination absorptions of OH
vibration.
Exposure to ionizing radiation can produce defect centers that also contribute to
optical loss. Natural radiation, which is approximately 0.1-1 rad/year, can be sufficient
to produce significant degradation over system lifetime.
For practical purposes the strength of a fiber should be sufficient to withstand
initial handling stresses, including those generated in cabling and deployment.
Furthermore, this strength should not degrade during the system lifetime.

clad
core

clad

Figure 1. Schematic drawing of an optical fiber

The spectral transmission behavior of such a fiber is shown in Figures 2 and 3.
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Figure 2. High OH silica fiber (Courtesy of Polymicro, Phoenix, Arizona)

Figure 3. Low OH silica fiber (Courtesy of Polymicro, Phoenix, Arizona)

High-OH fibers (Fig. 2) have better transmission in the UV range, while low -OH
fibers (Fig. 3) transmit better at NIR wavelengths. In the deep UV <200 nm, the
transmission becomes higher again. Research in this part of the spectral range with
fibers has been reported by Klein’s group in Germany [3-5], who performed UV
Raman spectroscopy and also developed fiber-based microsurgical devices for corneal
ablation at 193 nm. Others solutions are available such as waveguides with very
smooth Aluminum based inner surfaces, as suggested by the Miyagi and Matsuura
groups [6-7].
There are several important laser wavelengths at this spectral range, which can be
delivered by the optical waveguide discussed in this paragraph. Starting at lower range,
one can find the Excimer laser at a few wavelengths (193, 248, 308 and 351 nm). This
is used for photorefractive keratectomy, which is a procedure of reshaping the cornea to
correct vision of shortsighted patients. At 488 and 515 nm there are lines of the argonion laser, which can be used as source to excite FITC molecules for fluorescence
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detection. Delivery of this wavelength can be done by those fibers and the fluorescence
signals can be captured by this fiber as well.
At the red and NIR range one can find diode lasers, which are sources for
photodynamic therapy treatments. The laser can be transmitted transendoscopically to
excite molecules in the vicinity of a tumor and destroy it. Moving up the range we meet
the Nd-YAG laser at 1064 nm. Fiber coupled to this laser is used as the laser arm to
enable easy manipulation of the beam to the tissue. This laser is used
transendoscopically for gastroentrology, neurosurgery, pulmonology and thoracic
surgery, in contact or non-contact modes. Higher in this range we find the Ho-YAG
laser at 2100 nm. This laser can be used in urology for transendoscopic lithotripsy.

Figure 4. Ho-YAG laser (Lumenis laser company, US and Israel, with permission).

An interesting fiber-based device is used in percutaneous transluminal myocardial
revascularization (PTMLR). In this procedure the fiber is inserted through the femoral
artery and up the aorta into the heart, where channels are created in the inner portion of
the heart muscle in patients with coronary disease, who have inadequate blood
perfusion into the myocardium.
In these procedures the distal tip can be a straight, bare fiber or coupled to various
types of tips [8] (ball shaped, triangular shapes and others) which can focus the beam
into the tissue spread it in a specific ways or even diffuse it into all directions,
depending on the type of interaction with tissue needed. Usually, diffusing tips are used
for light delivery in photodynamic therapy (PDT) procedures.

2. Fibers and Waveguides for the Infrared
While silica based fibers exhibit excellent optical properties out to about 2.4Pm, other
materials are required for transmission to longer wavelengths in the infrared (IR).
These materials can be glassy, single crystalline or polycrystalline. Examples of such
materials include fluoride and chalcogenide glasses, single crystalline sapphire and
polycrystalline silver halide. Depending on their composition, these materials can
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transmit to beyond 20Pm. Consequently, optical fibers made from these materials
enable numerous practical applications in the IR. For example, IR transmitting fibers
can be used in medical applications such as for laser surgery and in industrial
application such as metal cutting and machining using high power IR laser sources (e.g.
Er:YAG, CO2 lasers, free-electron lasers, OPO’s). More recently, there has been
considerable interest in using IR transmitting fibers in fiberoptic chemical sensing
systems for environmental pollution monitoring using absorption, evanescent or
diffused reflectance spectroscopy, since practically all molecules posses characteristic
vibration bands in the IR.
Aside from chemical sensors, IR fibers can be used for magnetic field, current and
acoustic sensing, thermal pyrometry, medical applications and IR imaging. While lowloss silica fibers are highly developed for transmission lines in telecommunications
applications, the IR transmitting materials used still have large attenuation and need to
be improved.
The materials described above are used to fabricate solid core fibers. However,
there is another class of fibers based on hollow waveguides, which has been
investigated, primary for CO2 laser power transmission. These waveguides possess a
hollow core and are based on hollow tubes with internal metallic coating and with or
without a dielectric coating. These waveguides may be good candidates for
transmitting infrared radiation.

3. Types of Fibers for the IR
IR fibers can be used for many applications. In the last two decades IR materials and
fibers were investigated intensively in order to produce commercial IR fibers for
different applications. These fibers are divided into three categories: solid core fibers,
liquid core fibers and hollow waveguides. Each category can be divided into
subcategories, as in Table 1.
Table 1. Categories of IR Fibers

Main Category
Solid Core

Subcategory
Glass

Crystalline
Liquid Core
Hollow
Waveguides

Metal/Dielectric
Refractive index <1

Type
Silica based
Fluoride based
Chalcogenide
Single crystal
Polycrystalline

Examples
Na2O-CaO-SiO2
ZBLAN
Saphire
AgBrCl, KRS-5
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3.1. Solid Core Fibers
Solid core fibers guide the laser radiation through total internal reflection. These fibers
are made of different kinds of glasses, single crystalline materials and polycrystalline
materials.
3.2. Glass Fibers
Silica and silica-based fibers were discussed in the UV, visible and near IR section.
However, there are more types of glasses that can transmit IR radiation. Among those
are fluoride-based glasses and chalcogenide glasses.
3.3. Fluoride Glass Based Fibers
Fluoride glasses based on ZrF4 are predicted to have a minimum optical loss of less
than 0.01 dB/km, which is more than an order of magnitude lower than the 0.12 dB/km
predicted and practically realized for silica fibers. This phenomenon is related to fact
that these are low phonon frequency glasses and, hence, the multiphonon energy is
shifted to longer wavelengths. In addition, fluoride glasses possess low non-linear
refractive indices and, in some cases, a negative thermo-optic coefficient (dn/dT).
Furthermore, these glasses are excellent hosts for rare earth elements. As a result, there
are many applications for optical fibers, such as low-loss, repeater-less links for long
distance telecommunications, fiber lasers and amplifiers, as well as infrared laser
power delivery. More recently, there has been interest in using fluoride fibers in remote
fiberoptic chemical sensing systems for environmental monitoring using diffuse
reflectance and absorption spectroscopy.
Historically, the first fluoride glasses were based on beryllium and have been
known since at least 1926. These glasses are very stable and have many unique
properties, including good UV transparency, low index of refraction, low optical
dispersion and low non-linear refractive index. However, the combination of high
toxicity, volatility and hygroscopic nature of BeF2 poses serious problems in melting,
forming, handling, and disposal of these glasses. These glasses were investigated
primarily because of their high resistance to damage.
A second kind of HMF glass is fluorozirconate, so named since the major
component is ZrF4. The glass formed is ZrF4-BaF2 (ZB). The main disadvantage of
these glasses is their crystallization instability. It is possible to add more metal fluoride
to facilitate stable glasses. For example, the addition of ThF4 and LaF3 form ZBT and
ZBL. Unfortunately, these glasses are not stable enough for practical uses. In addition,
Th is radioactive.
It has been demonstrated that the addition of a few percent of AlF3 to
fluorzirconate glasses greatly enhances the stability. The glasses ZrF4-BaF2-LaF3-AlF3
(ZBLA) and ZrF4-BaF2-LaF3-AlF3-NaF (ZBLAN) are very stable and may be used to
fabricate fibers.
All fluoride glasses have excellent optical properties and transmit more than 50%
between 0.25Pm and 7Pm. While fluoroaluminate glasses do not transmit as far as
fluorozirconate glasses, non-ZrF4 based on heavy metal can transmit to even longer
wavelengths. As a result, fluoride glasses are candidate materials for both bulk
windows and fibers for the IR.
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Ultra low-loss applications of fluoride glass fibers has not been realized because
of problems associated with microcrystallization, crucible contamination and bubble
formation during fiber fabrication. Nevertheless, fibers with losses greater then than
10dB/km are routinely obtained and can be used for chemical sensor applications, as
well as high power UV, visible and IR laser transmission. Fluoride glasses are used in
some lasers used for dentistry for the replacement of the mechanical drill. This is due to
the fact that they deliver very well the Er-YAG laser wavelength (2.94 Pm).
3.4 Chacogenide Glass Based Fibers
Chalcogenide compounds of some elements belonging to groups 4B and 5B in the
periodic table exhibit excellent glass forming ability. Based on the wide infrared
transmission range of As2S3 glass, various glass compositions have been developed as
optical component materials for the 3-5Pm and 8-12Pm bands.
Chalcogenide glasses can be classified into three groups: sulfide, selenide and
telluride. Glasses formation can be achieved when chalcogen elements are melted and
quenched in evacuated silica glass ampoules with one or more elements, such as As,
Ge, P, Sb, Ga, Al, Si, etc. The properties of the glasses change drastically with glass
composition. For example, while some sulfide glasses are transparent in the visible
wavelength region, the transmission range of selenide and telluride glasses shift to the
IR region with increasing content of selenium and tellurium. The mechanical strength
and thermal and chemical stabilities of chalcogenide glasses, which are typically lower
than oxide glasses, are sufficient for practical fiber applications.
The attenuation of chalcogenide fibers depends on the glass compound and the
fiber drawing technique. The typical attenuation of sulfide glass fibers is 0.3 dB/m at
2.4Pm. The attenuation of selenide fibers is 10dB/m at 10.6Pm and 0.5dB/m at 5Pm.
The attenuation of telluride fibers is 1.5dB/m at 10.6Pm and 4dB/m at 7Pm.
Chalcogenide glass fibers may be used for temperature monitoring, thermal
imaging, chemical sensing and laser power delivery. The main disadvantage of these
fibers is the poisonous nature of some of their materials, which makes them hard to
handle and problematic for medical applications.
The Lucas group from the University of Rennes, France [16-17] has suggested
using this type of fiber for evanescence spectroscopy. For this, a segment of the fiber is
narrowed, as shown in Figure 5.

Figure 5. Fiber narrowed for evanescence wave spectroscopy.

In this segment there are many more reflections of the light. The fiber is placed in
contact with the tissue and the spectral transmission is recorded, as shown in Figure 6.
Different tissues then cause different spectral responses. This idea is still under
development.
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Figure 6. Transmission spectra of chalcogenide fiber as function of the adjacent tissue
(Prof. Lucas, Rennes, France, with permission).

3.5. Crystalline Fibers
About 80 crystals are listed as IR optical materials. Many of these materials have
similar IR transmission characteristics, but may possess very different physical
properties. Table 2 lists the optical properties. While low transmission loss is usually a
prime consideration, mechanical strength cannot be overlooked. Fibers that tend to be
brittle are difficult to bend and, therefore, lose much of their attractiveness as optical
fibers.
3.6. Single Crystal Fibers
Unlike glass fibers, which are pulled at high speed from a heated pre-form, single
crystal fibers have to be grown at much slower rate from a melt. Long distance
transmission using crystal fiber is, therefore, not practical. Instead, the early
development of crystalline IR transmitting fibers was driven primarily by interest in
fibers with good transmission at the 10.6Pm wavelength of the CO2 laser. Such fibers
would deliver laser power to target for surgery, machining, welding and heat
treatments. Excellent IR optical materials, such as the halides of alkali metals, silver
and thallium, were considered as promising candidates for fiber development.
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Table 2. IR Materials

Crystal

Si
Ge
Sapphire
BaF2
CaF2
AgBr
KRS-5
ZnSe
Diamond

Transmission
Range (Pm)
1.2-7
1.8-23
0.15-6.0
0.14-15
0.13-10
0.45-35
0.6-40
0.5-18
0.3-5.0

More recently, solid-state lasers with output near 3Pm have emerged as excellent
medical lasers because of the strong water absorption at that wavelength in human
tissues. Currently, silica based fibers do not transmit at that wavelength. Fluoride glass
fibers, on the other hand, have excellent transmission in the 2-3Pm region, but their
chemical stability in wet environments is a problem. Hence, single crystal fibers that
are free from the above constraints and that can handle high laser power are sought for
new medical lasers, and sapphire fiber is a prime candidate for fiber delivery of
Er:YAG laser.
Besides applications in optical fiber beam delivery, single crystal fibers also find
potential uses in fiber-based sensors. In applications where sensor must operate in
harsh environment, the optical property of the fiber materials is not the only
consideration. High melting temperature, chemical inertness, and mechanical strength
often dictate the choice of fiber materials. Sapphire is one example of a single crystal
that posses an unusual combination of these properties.
The main advantage of single crystal fiber is purity of the material. Fibers made
from very pure crystals have low transmission loss due to low absorption and
scattering. However, these fibers have some disadvantages. They are hard to
manufacture, it is hard to fabricate long fibers, and some of them are brittle or made of
poisonous materials.
3.7. Sapphire Fibers
Sapphire fibers have good physical properties. Sapphire is a strong material. It is
chemically stable, not soluble in water, has high melting temperature and it is
biocompatible. Sapphire fibers are transparent up to 3.5Pm [21,22].
Sapphire fibers are grown from a melt at rates up to 1mm/min [23]. They are made
as core-only fibers (without cladding), with diameters in the range 0.18-0.55mm. Their
bending radius depends on the diameter and ranges between 2.8 to 5.2cm. Sapphire
fibers have attenuation of 2dB/m at 2.93Pm and maximum power delivery of 600mJ.
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3.8. AgBr Fibers
Bridges et al. [24] fabricated AgBr fibers using a pulling method, in which a reservoir
of single crystal material is heated and the material is then pulled through a nozzle to
form the fiber. Using this method they fabricated fibers up to 2m with diameters
between 0.35 and 0.75mm at a rate 2cm/min. These fibers are able to transmit up to 4W
of CO2 laser at 10.6Pm without any damage and have attenuation of about 1dB/m.
3.9. Polycrystalline Fibers
The first to propose the fabrication of infrared fibers from crystalline materials (AgCl)
was Kapany [25] in the mid 1960s. However, it took another decade until the
fabrication of polycrystalline infrared fibers was reported by Pinnow et al. [26]. These
authors fabricated fibers made of thallium halide crystals, TlBr-TlI (KRS-5). The
motivation for fabricating fibers from heavy metal halides was to realize predictions of
ultra low attenuation of these materials in the IR.
The first attempts to fabricate IR fibers from KRS-5 , KCl, NaCl, CsI, KBr and
AgCl resulted in optical losses two orders of magnitude higher than those of the
original crystals. Much of the work over the years on these fibers was concentrated on
finding the origin of this loss and improving the fabrication process.
Besides the low theoretical optical loss polycrystalline materials, there are some
practical requirements for these materials. First, the crystal must be deformed
plastically in a typical temperature range with speeds higher than 1cm/min, in order to
manufacture a long fiber in a reasonable amount of time. Second, the crystal must be
optically isotropic due crystallographic reorientation and so must posses a cubic crystal
structure. Third, the composition of the crystal must be of solid solution. Finally, the
recrystallization process must not cause the degradation of the optical material. From
this point of view the suitable materials are thallium halides, silver halides and alkali
halides.
3.10. Thallium Halides
Thallium halides fibers made of TlBr-TlI (KRS-5) are fabricated using the extrusion
method [27]. These fibers have a low theoretical attenuation about 6.5dB/km.
However, due to material impurities and scattering the achieved attenuation is much
lower, in the range of 120-350dB/km.
The scattering effects [28] in these fibers are caused by three factors. The first is
scattering by surface imperfections, the second is due to field residual strains and the
last is due to the grain boundaries and dislocation lines. Furthermore, these fibers have
additional drawbacks [29], such as aging effects and sensitivity to UV light, and are
soluble in water.
3.11. Silver Halides
Polycrystalline silver halides fibers are made of AgClxBr1-x by Ceramoptec, based on
research in Russia by Artuschenko, Butvina and others [30] and also by Kaztir et al. at
Tel-Aviv University [31,32]. These fibers are manufactured using the extrusion
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method. Their optical losses are very low, 0.15dB/m at 10.6Pm. The attenuation is
caused by bulk scattering, absorption in material defects and extrinsic absorption.
Silver halide fibers are used by the Katzir group in a fiber-based laser welding
system [33,34] used to weld tissue after surgery and intended to replace sutures. It can
be water tight and less sensitive to infection. In this system one fiber is transmitting
CO2 laser radiation to heat albumin, which plays the role of a biological adhesive, and
another fiber collects the thermal radiation from the surface and records the
temperature of the area. This is a feedback mechanism to keep the temperature at the
right level.

4. Hollow Waveguides
The concept of using hollow pipes to guide electromagnetic waves was first described
by Rayleigh in 1897 [35]. Further understanding of hollow waveguides was delayed
until the 1930s, when microwave-generating equipment was first developed and hollow
waveguides for these wavelengths were constructed. The success of these waveguides
inspired researchers to develop hollow waveguides for the IR region. Initially these
waveguides were developed for medical uses, especially high power laser delivery.
More recently, they have been used to transmit incoherent light for broad-band
spectroscopic and radiometric applications [36,37].
Hollow waveguides present an attractive alternative to other types of IR fibers.
They can transmit wavelengths over a large interval (well beyond 20Pm). Their
inherent advantage of having an air core enables them to transmit high laser power
(2.7kW [37]) without any damage to the waveguide, and they also have a relatively
simple structure and low cost.
However, these waveguides also have some disadvantages. They have a large
attenuation when bent, their NA (numerical aperture) is small and they are very
sensitive to the coupling conditions of the laser beam.
Hollow waveguides may be divided into two categories. The first includes
waveguides whose inner-wall materials have refractive indices greater than one. These
waveguides are also known as leaky waveguides. Thus, the guidance is done via total
reflection. The second includes waveguides whose inner wall has a refractive index
smaller than unity. These are known as attenuated total reflection (ATR) waveguides
and the guidance mechanism is similar to solid core fibers.
4.1 Leaky Waveguides
Leaky waveguides are made of hollow tubes that are internally coated by thin metal
and dielectric films. The choice of the hollow tube and the thin film materials depends
on the application and coating technique. Table 3 summarizes the different kinds of
materials used to manufacture hollow leaky waveguides. These waveguides may have a
circular or rectangular cross section.
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Table 3. Types of hollow waveguide

Tube
Teflon, fused silica,

Metal Layer
Ag

Dielectric Layer
AgI

Group
Croitoru,Gannot et al.

Nickel, Plastic,
Fused silica, glass

Ag, Ni, Al

Si, ZnS, Ge, cyclic
olefin polymer

Miyagi,Matsuura
et al.

Fused silica

Ag

AgI, Metal-Sulfide

Harrington et al.

Silver
Stainless steel

Ag
Ag, Al, Au

AgBr
ZnSe, PbF4

Morrow et al.
Laakman et al.

The Croitoru, Gannot et al. group from Tel-Aviv University [38-42] develops hollow
waveguides for a large range of wavelengths. These are made of different kind of tubes,
mainly fused silica, teflon and polyimide. The thin films are deposited using a patented
electro-less method in which solutions containing Ag are passed through the tubes and
coat it. The dielectric layer is built by iodination of some of the Ag layer to create a
AgI layer. Figure 7 shows a cross section of their waveguide.

Figure 7. Cross Section of a Hollow Waveguide,
Black – tube, Gray – metal layer, Light gray – dielectric layer

The choice of the tube depends on the application and is optimized for the desirable
characteristics such as flexibility, roughness and chemical inertness. Fused-silica tubes
are very smooth [42] and flexible (at small bore radius). However, their thermal
conductivity is very poor. Plastic tubes are very flexible, but they also have a large
surface roughness and are damaged easily at high temperatures. In the past few years
there has been an attempt to develop hollow waveguides using metal tubes.
Croitoru et al. have made hollow waveguides for different wavelengths. However,
mainly waveguides for CO2 lasers at 10.6Pm and Er:YAG lasers at 2.94Pm were
manufactured, since these wavelengths are used in many medical applications. Table 4
summarizes the characteristics of these waveguides.
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Table 4. Characteristics of Hollow Waveguides made by Croitoru, Gannot et al.

Inner Diameter [mm]
Attenuation [dB/m]
Maximum input
power

Mode of operation
NA

O=10.6Pm
Fused Silica
Teflon
0.7
1
0.2-0.5
0.2-0.75
50 W
80 W

CW, Pulse
0.0338

O=2.94Pm
Fused Silica
Teflon
0.7
1
0.8
1.1
900mJ
1650mJ

CW, Pulse
0.1563

Pulse
0.0475

Pulse
-

This group also investigated hollow waveguides for the Ho:YAG laser at 2.1Pm that
transmit 1200mJ and have attenuation of 1.5dB/m, waveguides for the CO2 laser at
9.6Pm with attenuation of 2.8dB/m and waveguides for free-electron lasers at 6.45Pm
that have attenuation of 1.5 dB/m [43].
A sample graph of the attenuation characteristics for a fused silica waveguide is
shown in Figure 8.
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Figure 8. Theoretical and experimental attenuation for bent fused silica, ID=0.5mm, L=1m, O=10.6 Pm

Miyagi and his co-workers [44,45] have pioneered the development and theoretical
characterization of hollow waveguides. They have used a 3step method to fabricate the
waveguides. In the first step a metal rod, usually made of aluminum, is placed in a
sputtering chamber where it is coated by dielectric and metal thin films. Next, the
coated pipe is placed in an electroplating tank, where a thick metal layer is deposited on
top of the sputtered layers. Finally, the metal rod is etched leaving a hollow waveguide
structure similar to Figure 7
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Miyagi et al. have fabricated hollow waveguides for different wavelengths. They
reported about 0.3dB/m for hollow waveguides optimized for the CO2 laser at 10.6Pm
and about 0.5dB/m for the Er:YAG laser at 2.94Pm. Recently, this group has made
hollow waveguides with dielectric thin films made of plastic materials [46].
Harington’s group [47-49] has worked on sapphire waveguides and later begun to
produce hollow waveguides based on fused-silica tubes with deposits of thin Ag and
AgI layers using wet chemistry methods. Waveguides of bore size between 0.25mm to
0.75mm and up to 3m in length have been made. The measured attenuation of a 0.5mm
bore waveguides is about 0.5dB/m at 10.6Pm and about 1dB/m at 2.94Pm.
The waveguides developed by Morrow and coworkers [50] are constructed from a
silver tube. Since the tube is made of silver, there is no need to deposit an inner metal
layer. The first step is to etch the bore of the tube in order to smooth it. Then a
dielectric layer (AgBr) is deposited using a wet chemistry method. The attenuation of a
1mm bore hollow waveguide at 10.6Pm is less than 0.2dB. However, the beam shape
quality of this waveguide is very poor, due to mode mixing caused by the surface
roughness of the tube.
Laakman et al. [51] have developed a hollow waveguide with a rectangular cross
section. They used Ag, Au or Al as the metal layer and ZnSe or ThF4 as the dielectric
layer. Such waveguides had attenuation of about 1.7dB/m. Subsequently, this group
begun to fabricate hollow waveguides with circular cross section. Their fabrication
technique involved depositing a Ag film on a metal shett and then over-coating it with
a dielectric layer or PbF2 [52]. The same method was also used by Luxar et al. The
attenuation of such waveguides with bore size of 0.75mm was about 0.5dB/m at
10.6Pm.
Garmire et al. [53] developed hollow waveguides with rectangular cross sections.
They used polished metal strips made of Au or Al separated by brass spacers 0.250.55mm thick. The distance between the spacers was several millimeters. The
measured attenuation of such hollow waveguides with a cross section of 0.5mm by
7mm was about 0.2dB/m. The maximum power that transmitted was 940W. These
waveguides were in fact the first to be realized. However, their structure is a bit
cumbersome and they have very limited bending, so they did not become used in
medicine.
Kubo et al. [54] fabricated similar hollow waveguides. They used Al strips and
Teflon spacers. Such a waveguide with a cross section of 0.5mm by 8mm transmitted
laser power of 30W and the measured attenuation was about 1dB/m. These waveguides
have several advantages. They have small attenuation, they are made of cheap and
common materials and they are able to transmit high laser power for a long time
without damage. However, they also have some drawbacks. Their size makes them
inapplicable for medical applications and for several industrial ones. There is a need for
two focusing lenses in order to couple the laser beam into the waveguide, and they
have a large attenuation when bent.
4.2 Attenuated Total Reflection (ATR) Hollow Waveguides
Hollow waveguides with n<1 were suggested by Hidaka et al. [55] in 1981. In these
waveguides the air core (n=1) have a refractive index greater than the inner walls, so
that the guiding mechanism is the same as in regular core-clad fibers. To be useful, the
ATR must have an anomalous dispersion in the region of the laser wavelength.
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Haikida et al. have made ATR hollow waveguides for CO2 lasers. These
waveguides are made of glass tubes with bore size of 0.6-1mm, which are made of lead
and germanium doped silicates. By adding heavy ions to the silica glass, it is possible
to create the anomalous needed for CO2 laser guiding. Such waveguides are able to
transmit laser power of up to 20W and attenuation of 5.5dB/m [56].
Another kind of ATR hollow waveguides is made of chalchogenide glass [57].
These have a bore size of 0.1-0.3mm and can be several meters in length. The
attenuation is very high (5dB/m).
Gregory et al. [58] have developed ATR waveguides made of sapphire. The
attenuation of 1.5 dB/m is much lower than that of the chalchogenide waveguides and
they are able to transmit about 2KW of laser power [59].
The following table summarizes the advantages and drawbacks of each type of
fiber. As can be seen, hollow waveguides are good candidates for transmitting infrared
radiation. They support a wide range of wavelength from the X-ray region [60] (see
below) through the visible to the IR. This makes them able to transmit a wide selection
of lasers for many applications. Hollow waveguides may deliver very high power,
which makes them usable for industrial applications such as cutting metals. In addition
they are non toxic, which makes them very suitable for medical applications.

5. Liquid core fibers
Liquid core fibers [61-63] are hollow silica tubes filled with a liquid that is transparent
in the infrared. The measured attenuation of a liquid core fiber filled with C2Cl4 is very
high (about 100dB/m) for 3.39Pm. Fibers with a liquid core made of CCl4 have
attenuation of about 4dB/m at 2.94Pm.
Hering’s group from Germany investigated this approach in the 1990’s. They filled
tubes with CCl4 and transmitted Er-YAG lasers through them. The problem was the
creation of bubbles in the tube, which required constant exchange of the fluid. This
made the system very cumbersome and eventually these fibers were not successful for
medical applications. It is also worth mentioning that CCl4 is not a bio-compatible
material and, even though the group declared that the tube will not leak, this would
have raised the question of safety,
The only clear advantage of these fibers over solid core fibers is that it is easier to
manufacture a clear liquid. Hence, there are fewer losses due to scattering.

6. Fiber Bundles
Fiber bundles are one of the ways to realize optical and thermal imaging for medical
applications. Bundles for the visible and NIR are made of silica fibers, while those for
the NIR are made of chalcogenide or silver halide fibers [87] (Figure 9). The core of
each fiber is 25Pm and a 900-fiber bundle has been demonstrated. Recently, a new type
of NIR bundles has been demonstrated by Gannot et al. and Harrington et al. [88]
(Figure 10).
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Table 5. Advantages and Drawbacks of Infrared Fiber

Fiber type
Glass

Advantages
Known and established
manufacturing process
Can be made with very small
diameter

Single crystal

High melting point (sapphire).
Low theoretical attenuation.

Polycrystalline

Low theoretical attenuation.

Liquid core
Hollow waveguides

Non toxic
Able to transmit high power
Low attenuation
Non toxic materials
Easy to manufacture
Support a wide range of
wavelengths

Drawbacks
Brittle
Some of the materials are
poisonous.
Impurities cause scattering
High attenuation
Moisture sensitive
Ionization radiation sensitive
Some of the materials are
sensitive to UV radiation.
Some of the materials are
poisonous.
Hard to manufacture.
Brittle
Soluble in water.
Impurities cause scattering
Some of the materials are
sensitive to UV radiation.
Some of the materials are
poisonous.
Hard to manufacture.
Brittle
Soluble in water.
Impurities cause scattering
The fibers are brittle
Large attenuation
Sensitive to temperature
beyond a certain value.
Some of the tube have large
surface roughness.
Hard to manufacture long fibers
Surface roughness causes
scattering

7. Photonic Crystals
Most of the fibers for medical uses and especially fibers in the infrared region have
large attenuation when bent. In addition, they can have large intrinsic losses due to
inhomegenities of the material and/ or surface roughness. These problems might be
overcome through the use of photonic crystals.
Photonic crystals are materials patterned with a periodicity in dielectric constant,
which can create a range of “forbidden” frequencies called photonic bandgaps. Photons
with energies lying in the bandgap cannot propagate through the medium. This
provides a way to construct materials with high reflectivity (R=1), such as a “perfect
mirror”, loss-less waveguides, laser cavities and other devices for optical
communications.
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Figure 9. 8100 silver halide fiber bundle

Figure 10. 900 hollow fiber bundle

The theoretical foundation for photonic crystals was set by Yablonovich [64] and
Yariv [65]. They showed that photons propagating through a photonic crystal structure
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behave similarly to electrons that travel through a lattice. Much like electrons in a
lattice, only photons with certain energies with can propagate, while photons with other
energy values are reflected. It is possible to take advantage of this phenomenon to
create highly reflective materials.
Commercial companies and research teams have been building 1-D photonic
crystals for many years. These have been reported for films made of GaAS - AlAs [66],
polystyrene - teluurium (PS – Te) [67] and Na2AlF - ZnSe [68]. These mirrors usually
have a large number of layers and get ~100% reflection for a large wavelength range.
However, it is more difficult to create optical waveguides, since the coating techniques
are more suitable to flat surfaces than hollow tubes.
Joannopoulos et al. [69,70] fabricated a short hollow waveguide made of nine
layers of polystyrene and tellurium. They measured the transmission of a bent
waveguide at 90o and 1cm radius of curvature. The waveguide transmitted 100% of the
radiation at a wavelength range of 8-12Pm. Fink’s group later reported scaling this type
of waveguide for CO2 transmission [71] and analyzed their mode structure [72]. Other
groups have also attempted to create 1-D photonic bandgap waveguides [73-75].
Another type of photonic crystal fiber (PCF) is the 2-D structure shown in Figure
11. There are two types of PCF. The first is a real PCF (fig. 11a), while the other (fig.
11b) is said to have an effective index of refraction and its principle of operation is
similar to a core-clad fiber. Fibers for the visible and NIR regions have been made of
silica with air holes (Figure 12) by Russel et al. [85]. Fibers for the IR region have been
made of silver halide by Katzir et al. [86].

n1

n2

C
n2

n1

C

B

B

D

D

(a)

(b)

Figure 11. (a) Photonic band gap fiber, (b) Total internal reflection fiber

Although photonic-crystal waveguides are not common and are still difficult to
manufacture, they are very promising. The ability to transmit radiation in a certain
wavelength range without any losses when bent, may lead to very exciting medical
applications, such as IR spectroscopy and transendocopic ablation and diagnostics.
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Figure 12. Silica PCF

8. X ray Fibers
X- radiation is very energetic and has been very difficult to manipulate. It can be
focused either coherently by Fresnel zone plates and Bragg Fresnel lenses, or
incoherently by bent crystal optics and coated fiber optics (generally speaking by
highly reflective materials, e.g. super mirrors etc.). However, for many applications,
such as X-ray microscopy and spectroscopy, the spot size at the exit of the aperture is
too large and the beam structure is difficult to control. Moreover, in order to use X-ray
in non-invasive medical treatments there is a need for an X-ray waveguide.
An alternative for the lenses and crystals was proposed by Feng and coworkers
[76]. They proposed and demonstrated a resonant-beam coupling device, which
produces a divergent x-ray beam with precisely defined beam shape and coherence.
These devices can produce spot sizes less than 100Å [76].
X-ray waveguides can be used for nano-beam X-ray spectroscopy, diffraction or
imaging experiments to study biomolecular films. They can also transmit radiation in a
highly localized way into a tumor volume without affecting the surrounding tissues. An
X-Ray source has been built at the Vanderbilt University FEL center [78].
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Figure 13. Single-layer X-Ray waveguide (Courtesy of Prof. Salditt’s group, Goetingen, Germany)

Figure 14. Multi-layer X-ray waveguide (Courtesy of Prof. Salditt’s group, Goetingen, Germany).

9. Coupling Devices
Fibers or waveguides are usually coupled to the laser source through a focusing lens.
However, there are occasions where laser drift around the center is too large or the
beam shape is not a pure Gaussian but contains some hot-spots. A few coupling devices
have been suggested to solve these problems. The Miyagi group has created a coneshaped short waveguide with an inner coating similar to the waveguides that they have
previously suggested [79-81]. This coupler has reduce the sensitivity to laser drift. Ilev
and Waynant have suggested a grazing angle-based device [82]. This idea can be used
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with right angles at UV [83], visible and IR laser [84] wavelengths and they have also
shown applications for X-ray sources. The device is also used as a beam homogenizer
for better shaped beams at a waveguide input.
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Introduction
From the canary in the coalmine to Geiger counters to artificial noses, sensors have
played an important role in human history as supplements to our own sensory system.
As the information age matures, sensors have achieved even more prominence; the
desire to know more about the environment around and in us has driven the explosion
of interest in sensors. In addition to the ever-present sensitivity vs. selectivity issue in
sensor development, three new issues have grown in importance: miniaturization,
reduction of required power and multimodal functionality. Biological and chemical
sensor research and development has focused intensely on miniaturization to enable in
vivo sensing. Power reduction goes hand-in-hand with miniaturization because it is
desirable to allow sensors to be deployed for long periods of time with minimal
intervention.

Figure 1. Generic Optical Sensor System.
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Finally, multimodal functionality, the ability of a sensor to selectively detect
analytes (biological or chemical entities of interest) using various operation modes, is
being pursued to ensure accurate detection of the target analyte. In this chapter, we
will limit the discussion to the development of sensor platforms based on optical
detection methodologies. This will focus on the design and development of integrated
fluorescence based optical sensors for biophotonics, in other words for
(bio-)chemical monitoring and biomedical diagnosis and therapy.
Section 0 introduces the general concept of an integrated optical sensor system. This is
followed by examples of implementations of the various components that make up an
integrated sensor in Section 0.

1. Optical Sensor Systems: General Concepts
In general definition terms, an optically based biological or chemical sensor is a device
that detects the presence of a biological or chemical analyte through a transduction
event that results in a change in optical properties of a sensing layer for measurement
and recording [1]. The (bio-)chemical event is triggered when the analyte of interest
comes in contact with the sensing layer(s) integrated with the optical sensor. Figure 1
shows a generic structure of the type of optical sensors that will be discussed in this
chapter. Basically, the optical sensor consists of three major components: the stimulator
and support system, the sensing layer and the detector with or without integrated signal
processing.
From a functional viewpoint, the various steps involved in the process of sensing
and detection for an integrated optical sensor are shown in Figure 2. The stimulator and
the support layer provides the electrical excitation for the generation of the optical
excitation using a light source such as a laser or a light emitting diode (LED). The
sensing layer provides the transduction and undergoes a change in its chemical or
physical properties in the presence of the analyte that results in a change in optical
properties that can be easily measured. For fluorescence based optical sensors, the
detection layer monitors the changes in the emission in the sensing layer and converts
that into an electrical quantity easily understood by a person. It is important to realize
that the detector layer could also include signal processing and conditioning and
intelligent custom electronics for integration into adaptive and dynamic smart sensor
systems [2-4].

Figure 2. Functional detection process for an optical biosensor.

The development of integrated optical sensor systems requires a true
interdisciplinary approach. 3 provides a sampling of the various technologies and
associated fundamental knowledge development that must take place for the
development of an optical sensor. Clearly, chemistry, physics, material science,
physiology, biomedical engineering, electrical engineering, mechanical engineering,
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civil engineering and computer science must be brought together to realize a fully
functional sensor system. More importantly, some disciplines provide the knowledge of
the environment for deployment, some provide expertise in the development of the
sensor interface with the environment, while others provide the expertise in detection
and signal processing, and so on. In the next three subsections, some of the issues and
desirable function for each of the three layers is provided.

.

Figure 3. Optical sensor design and implementation issues

1.1. Stimulator and Support System
This layer provides the necessary structural support and electrical and optical
excitation for the sensor to operate. It includes such devices as LEDs, optical fibers,
lasers, power supply and electrical driver circuitry included in a robust package. The
development of this sensor layer involves understanding the basic properties of
optoelectronic and microelectronic materials and devices for low-power, efficient
and high speed devices.
Power consumption is a major issue here since the
conversion from electrical to optical power for subsequent pumping of the sensing
layer is one of the least efficient processes in the integrated system.
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Figure 4: Stimulator and Support System Issues

1.1.1.

Sensing Layer

The sensing layer forms one of the most important components of the optical sensor
system. Figure 5 lists some of the key issues to be considered for the development of
the sensing layer [5]. The sensing layer must include a recognition capability and
tradeoffs are typically made between high selectivity or high sensitivity (see for
example ref. [6]). Many materials can be used as the sensing layer and includes
materials ranging from biological materials to functionalized inorganic structures [7,
8]. For fluorescence based devices, this layer incorporates the fluorophors, indicators or
tags incorporated into or on a solid support system (usually a polymer, glass or metal
surface) [9, 10]. The sensing layer must fulfill several requirements including good
thermal stability, biocompatibility, desired optical properties and the ability to be easily
modified to include the necessary probes for both in-vitro and in-vivo applications.

Figure 5. Sensing layer issues.

1.1.2.

Detector Layer

Finally, once the optical properties of the sensing layer are modified by the presence of
the analyte of interest, it is necessary to detect that change and convert it to a useful
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signal; it is the detector layer that performs this function. The detector layer converts
the analyte-altered optical signal (which encodes information about the analyte) to an
electrical signal to be processed further. The optical detectors that perform this function
must be capable of detecting the light and responding to the encoding scheme used.
There are a number of options available for converting light into an electrical signal;
the primary ones are listed in Figure 6. Complementary Metal Oxide Semiconductor
(CMOS) detectors and Charge Coupled Devices (CCDs) are both semiconductor-based
detectors that use photodiodes or phototransistors as the light conversion structure. The
PhotoMultiplier Tube (PMT) is a highly sensitive photon detector that uses a
photoemissive metal that emits electrons when photons hit it, and then multiplies the
number of photons through a cascading avalanche of electrons in a high electric field.
The PMT is a photon detector, meaning that it just converts photons into electrons with
no spatial information preserved (unless many PMTs are put into an array). CCD
devices are imaging devices, meaning they are arrays of photon detectors and the
output includes both spatial and intensity information. Due to their power requirements,
generally PMTs are limited to laboratory use.
CMOS detectors are a class of detectors that are integrated on a silicon integrated
circuit and fabricated using a standard CMOS process. Since this is the same type of
process used to make all the microprocessors and microcontrollers that can be found in
all of our digital gadgets, the cost of making these is very low. CMOS detectors can be
single photodiodes or phototransistors, or they can be arrays of photodiodes or
phototransistors. However, in general, the quality of the imaging using CMOS
detectors is usually poorer than Charge Coupled Devices (CCDs).

Figure 6. Detector types and design issues.

CCDs are similar to CMOS detectors in that they are made using silicon and
silicon processes, but there are additional fabrication steps that are required to achieve
the higher quality images. The main drawbacks to using CCDs are that they are
generally costlier and require more power to operate, the latter of which is important
for portable devices.
We must consider a number of issues in choosing the proper detector for a sensor
system; these are highlighted in Figure 3. Any of these items can take precedence and
dictate the others, requiring some trade-offs. This is the design process. In this chapter,
we focus on CMOS detectors because these sensors are sufficient for applications
where high performance imaging is not necessary. Moreover, we chose CMOS
detector arrays since it is desirable to simultaneously analyze multiple analytes. Finally,
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CMOS detectors can be integrated on the same silicon substrate as other signal
processing circuitry which greatly enhances the system’s capability.
1.1.3

Summary of Generic System

In summary, an optical sensor consists of a stimulator and support system, a sensing
layer and a detector layer. There are numerous choices for each of these layers and the
exact choices depend on the analyte of interest. In order to realize inexpensive, low
power, portable devices, CMOS detector arrays are becoming a feasible alternative to
PMTs and CCD arrays.

2. Optical Sensor Systems: Specific Examples
In recent years, research on optical biological/chemical sensors has focused on the
development of compact, portable, efficient, low cost and low power modules that can
take advantage of the tremendous advances in nanoscience and nanotechnology. The
goal of much of this work is on the development of micro-total-analysis systems
(μTAS). Several issues take importance in the development of such systems. Figure 7
shows an example of an integrated optical xerogel-based chemical sensor system [1114]. It consists of a LED for the light source, a xerogel-based sensing layer and CMOS
photodetectors. One of the basic advantages of such a system is that a relatively lowcost CMOS process can be used for fabrication of the detection and signal processing
electronics. As mentioned earlier, although these CMOS detectors do not have the
same level of performance as a CCD or a PMT, they are sufficiently suitable for many
applications. Moreover, the signal processing circuitry can also be monolithically
integrated with the photodetectors.
Finally, using a CMOS process, RF
communications can be readily integrated into the detector chip, i.e. integrated circuit
die and provide wireless communications to data logging devices such as a PDA or a
computer.

Figure 7. Integrated Chemical and Biological Sensor Platform.
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The system shown here is based on fluorescence quenching. Fluorescence is the
emission of photons from a material as electrons in that material relax from an excited
state to lower energy state. Fluorescence spectroscopy has become an important tool
for the development of optical biological and chemical sensors [1]. The high energy
source needed for excitation of the fluorophor to a higher energy state is accomplished
by illumination using a UV or Blue GaN Based light emitting device in he stimulator
and support layer.
2.1 Example Stimulator and Support Systems
Direct detection of organic elements, chemical or biological agents, can be achieved by
excitation with blue or UV emitters that have sufficiently high energies to be absorbed
directly by the analyte of interest. Figure 8 shows examples of fluorescence for several
biological species (Phenylalanine, Tryptophan, and Tyrosine) excited by a UV laser,
where black line and red line represent absorption and photoluminescence spectra
respectively. Typically, these blue and UV emitters are semiconductor LEDs based on
III-Nitride materials. III-Nitride materials consists of AlN (Eg = 6.2 eV), GaN (Eg =
3.4 eV) and InN (Eg = 0.7 eV) and alloys of these constituent binary semiconductors
(eg. In0.1Ga0.9N). Together these semiconductor materials can be designed to span
energies from 0.7 to 6.2 eV corresponding to wavelengths of 200 nm to 1.77 Pm. More
importantly, there have been demonstrations of light emitting devices using these
materials in the near UV [15], blue [16], and green [17]. Longer wavelength and deep
UV emitters continue to be the focus of much research.

Figure 8. Example of fluorescence for difference bio-chemical agents.
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To demonstrate how one uses these materials to develop a light emitting device
(LED), a brief review of LEDs is necessary. The fundamental element of such LED is a
semiconductor p-i-n structure. Although the exact details of the physics of these
devices is beyond the scope of this chapter, a general description will help to
understand the design of these devices. When a sufficient forward bias voltage (pregion positively biased with respect to the n-region) is applied across the p-i-n diode,
current flows and electrons and holes move across the junction from the n region and p
region, respectively, into the intrinsic region. When the injected electrons and holes
overlap spatially, the electrons in the conduction band recombine with holes in the
valence band and release a photon with energy proportional to the difference in energy
between the electron and hole.
In order to improve the emission efficiency of these devices, quantum well
structures are introduced for efficient trapping of electron and hole pairs. A quantum
well is a multilayered structure where a semiconductor material with a low bandgap
(well) is sandwiched between two layers of semiconductor materials with higher
bandgap (barriers). A typical InGaN/GaN multiple quantum well structure in a blue
InGaN based LED is shown in Figure 9.

Figure 9. Typical structure for an InGaN/GaN multiple quantum well p-i-n light emitting device.

Generally, for a direct band-to-band transition in the quantum wells in the intrinsic
region, the photon energy is equal to the value of the excitonic energy of the electron
hole pair. Thus, the color of emitted photons is characteristic of the semiconductor
material, and consequently, different colors are achieved by making changes in the
semiconductor composition or choosing different materials. For instance, adjusting the
indium composition of InxGa1-xN material allows us to tune the band gap energy from
infrared (InN) to near UV (GaN).
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2.2. Example Sensing Layers
2.2.1.

Fluorescence Spectroscopy

Fluorescence measurements and detection can either be made under steady-state or
time-resolved conditions. Some of the commonly used measurement techniques focus
on changes in optical properties such as fluorescence intensity quenching, phase
fluorometry (lifetime), polarization, surface plasmon resonance (SPR), and evanescent
waves. Here, we will present detector systems based for (a) fluorescence intensity
quenching and (b) phase fluorometry in detail. A few example references of integrated
optical sensor systems based on the various optical measurement techniques are given
in Table 1 and the reader is encourage to review those papers if more details are
desired.
Table 1. Examples of optical sensor systems based on the various measurement techniques

Measurement Techniques

Reference

Intensity Quenching

[18-20]

Phase Fluorometry

[21, 22]

Lifetime

[23-25]

Polarization

[24, 26, 27]

SPR

[28, 29]

Fluorescence intensity quenching is the simplest method that is typically used in
an optical sensor. It is based on the fact that the efficiency of the fluorescence emission
of a fluorescent probe can be modified by the presence of the analyte of interest. These
changes in flouresence intensity can be monitored and provide a quantitative
representation of the concentration of the analyte. However, this technique suffers
from a number of disadvantages. These include (i) the fact that variations in the
fluorescence intensity can be due to variation in the excitation source intensity or
wavelength, (ii) flourophors are prone to photobleaching (reduction of fluorescence)
under continuous excitation and (iii) optical interference from background radiation of
the same wavelength of the monitored emission can result in inaccurate measurements.
Therefore, intensity quenching requires a stable source and flourophor and stringent
rejection of background radiation.
Phase fluorometry, on the other hand, is based on the principle that the excited
state lifetime of the fluorophors vary with analyte concentrations. This technique
provides a rugged, accurate and sensitive platform for the development of optical
sensors as described below.
In order to understand the performance of fluorescence based optical sensors it is
important to understand the Stern-Volmer equation. Under continuous illumination, the
equation provides the relationship of the ratio of the fluorescence intensity without the
quencher present to the fluorescence intensity with the quencher present. Here, the
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quencher is the analyte to be detected. Specifically, the Stern-Volmer equation is given
by:

I0
I

1  k qW 0 [C ] 1  K SV [C ]

(1)

, where, I0 is the unquenched fluorescence, I is the partially-quenched fluorescence, W0
is the fluorophor lifetime with no quencher present and C is the quencher
concentration. KSV is the Stern-Volmer constant and is the product of the true
quenching constant, kq, and the fluorophor lifetime with no quencher present, W0. More
importantly, when the excited state lifetime of a fluorophor is monitored as a function
of quencher concentration a linear relationship should be observed:

W0
1  kqW 0 [C ]
W

(2)

, where W is the measured excited state lifetime for a given concentration [C].
This relationship provides an alternative method to determination of the
concentration of the analyte of interest. Specifically, lifetime or decay time
measurements can be used in fluorescence based sensors to determine the analyte
concentration.
These measurements provide better results than steady-state
measurements. Time-domain lifetime measurements are typically performed by
exciting the sensing element with a short optical pulse which is much shorter than the
average fluorophor lifetime. For a single population of fluorophors, the rate at which
the intensity decays over time can be expressed as:
t

I (t )

I 0e W

(3)

, where, W is the lifetime of the fluorophor. It is a very common feature for the
fluorophors to exhibit multiple lifetimes in a single heterogeneous decay. The lifetimes
of the fluorophors usually vary from a few tenths of a nanosecond to a few
microseconds. The study of individual lifetime can provide useful information about
the molecular shape, distribution of donors and acceptors among other information.
More importantly, it is possible to precisely relate the lifetime to the concentration of
the analyte of interest.
Unfortunately, direct measurement of the fluorophor lifetime requires significant
electronic instrumentation. To overcome this, the variation in the fluorescence lifetime
is measured in the frequency domain [30]. In frequency-domain measurements the
fluorophor is excited using a modulated light source whose frequency is proportional to
the inverse of the average fluorophor lifetime. The fluorescence emission is therefore at
the same frequency of the excitation source but it is phase shifted with respect to the
excitation source. The relation between the phase shift and the lifetime of the
fluorophor can be readily calculated as:
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tan(I ) ZW

(4)

, where I is the phase shift, Ȧ is the frequency of the excitation, and W is the excited
state lifetime of the fluorophor.
2.2.2.

Xerogel Sensing Layers

The term immobilization describes the nature of the binding of fluorophors with the
surface or embedded into the solid support structure. There are several immobilization
techniques that include physical methods, physiochemical methods, electrostatic
binding and covalent binding. Major classifications of the physiochemical methods
include absorption, sol-gel processing and lipophilic membranes.
Sol-gel processing techniques offer the most promising methods for developing
optical biosensors [31, 32]. Sol-gel derived xerogels offer excellent support matrices
for chemical and biological probes, combining versatility in configuration with
attractive optical and chemical characteristics. Sol-gel processing has become an
important method to sequester active agents for sensor development because one can
prepare xerogel hosts under ambient processing conditions with a wide range of surface
areas, mean pore dimensions, pore size distributions, and fractal dimensions. The role
of the xerogel is to sequester various fluorescent probes without altering the physical or
chemical structure of the dopant molecule.
The sol-gel process starts with a solution of metal oxides (usually metal-alkoxy
compounds such as tetraorthoethylsilicate (TEOS) are used) that undergo hydrolysis
and poly-condensation to form a rigid matrix of cross linked metal-oxide network
followed by thermal evaporation to form a matrix with interconnecting pores. The
sensing agents are added during the process of condensation and are encapsulated into
the gel structure formed around them.
2.3. Example Detector Layers
Research into the development of CMOS image sensors has been ongoing for the past
40 years. Only in the past few years has the fabrication technology advanced
sufficiently to solve some of the original problems with these devices, namely fixed
pattern noise (FPN) and signal to noise ratios (SNRs) [33-36]. Fixed-pattern noise
stems from variability among detectors on the same chip [35], such that uniform light
across the array of detectors does not produce a uniform response. SNR is critical for
proper signal detection; the noise in the signal can originate from many sources, both
inside and outside of the sensor. Improvements in the fabrication and scalability of
CMOS photodetectors [37, 38] and the development of active pixel circuits [39] have
improved their overall performance. Recently, experimental systems using CMOS
photodetectors (both individual detectors and arrays of detectors) have been reported
[2, 4, 11, 40, 41]. These optical detection systems diverge from the traditional imaging
system in the sense that they do not function as a camera. Rather, the electrical output
of each photodetector corresponding to sensor activity is processed directly. This
eliminates the need for image processing software and hardware for capturing images.
Custom CMOS chips with photodetectors and signal processing circuitry in close
proximity on the same can enhance performance and enable compact, low-power,
smart, sensing systems.
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Since the basics of photodetectors and phototransistors have been discussed at
length [42-46], we present only a brief summary here. CMOS photodetectors are
simply p-n junctions. We can create detectors using a standard commercial CMOS
process for fabrication, by controlling the size and placement of n- or p- doped regions
in the integrated circuit (IC). The process of designing CMOS photodetectors that are
fabricated in a commercial process, we can control the size (length and width) of the
junction, but not the thickness or depth. While this places some limits on the detector
efficiency, it is generally not a problem. However, this becomes more important in the
design of detectors for wavelength sensitivity where stacked p- doped and n-doped
regions are used to create wavelength sensitive photodetectors.
When light strikes the reverse biased photodetector, photons generate electron-hole
pairs which are swept across the junction and collected. The concentration of electronhole pairs increases, which increases the conductivity (V) of the device, permits an
increase in current, and this can be measured directly, or converted to a voltage.
Conductivity is defined as: The conductivity is a function of the mobilities:

V

e Pn n  P p p

(5)

where e is the electronic charge, n is the electron charge carrier concentration, p is the
hole charge carrier concentration, Pn is the electron mobility, and Pp is the hole
mobility. The amount of absorption that occurs within a semiconductor is a function of
the thickness of the semiconductor layer, z, and the absorption coefficient, D(O), which
is material and wavelength dependent. The change in intensity, I(z), is represented
using the Lambert-Beer law:

I z

I 0 e D

O z

(6)

where I0 is the incident light intensity. The intensity is directly related to the generation
rate of carriers (e-h pair):

G( z)

D O I 0 D O z
e
hQ

(7)

where h is Planck’s constant and Q is the frequency of the incident light. In general,
shorter wavelength light is absorbed closer to the incident surface and longer
wavelength light penetrates deeper.
The simplest structure is the photodiode, shown in Figure. This structure relies on
just a single p-n junction and is easily realized in commercial CMOS processes. Double
junction p-n photodiodes can also be created. Figure(a) shows the schematic of the
cross-section of this type of photodetector, and a physical mask-level CAD layout of
this is shown in Figure 10. Again, the light sensitive areas can be made to be any size,
but the depth is not under the designer’s control when a commercial CMOS process is
used for fabrication.
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Figure 10. Side view of a p-n photodiode type-detector. (b) Top view as designed in a CAD program

The phototransistor is another option for an on-chip photodetector. The
phototransistor produces currents that are up to 1000 times larger than those produced
by photodiodes, which simplifies post-detection electronic processing. However, their
speed is generally slower. There are two types of phototransistors: the vertical pnp
phototransistor and the lateral pnp phototransistor. The vertical pnp phototransistor is
named because the emitter-base-collector structure is vertical; the collector is the
deepest (farthest from the surface).While this detector has a higher gain than the lateral
type, it also has lower sensitivity to shorter wavelength light because of the depth of the
collector-base depletion region. Both types use a layer of polysilicon (the gate material
in standard CMOS). In the vertical structure, the polysilicon layer increases the size of
depletion region, enhancing the photogenerated current. In the lateral structure, the
polysilicon isolates the base and emitter. The polysilicon is connected to the highest
voltage in the circuit.
2.4. Pixel-level processing
The primary benefit of using CMOS-type photodetectors is the ability to include them
on-chip with post-detection processing circuitry to create compact, lower power
systems. The current from the photodetector can be converted to a voltage, amplified,
stored, combined with other signals, or converted to a digital signal. All of these can
occur on the same chip as the detector.
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Figure 11. (a) Side view of a double junction p-n/n-p photodiode type-detector. (b) Top view of the detector
as designed in a CAD program

There are three main sensor configurations: passive photodiode, active photodiode,
and active photogate. A few other configurations exist, but these are the most common.
Each configuration is based on the fundamental concept that as light impinges on a
doped silicon p/n junction region, electrons are generated. These electrons are collected
and used to generate the corresponding electronic signal. The passive photodiode is the
simplest structure. It requires only the photodiode and a pass gate to control the
dumping of electrons onto the data bus [33]. Thus, it can be used to achieve very high
fill factors (percentage of space devoted to the detector). However, this device is most
sensitive to noise since the SNR is very low, and it is limited in its read-out speed.
The active pixel sensor (APS) concept was developed to improve the performance
of the passive photodiode. The active photodiode and active photogate sensors fall into
this category. The active photodiode uses the same detector structure, a photodiode, but
includes a simple amplifier in the pixel itself. This results in a lower fill factor, but a
higher signal quality. A newer implementation of the active photodiode sensor uses a
unity gain amplifier to amplify the signal from the photodiode rather than a simple
source-follower which is commonly used. This method results in much lower FPN, but
also retains an acceptable fill factor by sharing transistors on each column of pixels
[47]. This approach is being used in commercially available devices.
The most complex sensor is the active photogate. It requires the most space
devoted to signal processing at the pixel, but has the potential for producing signals that
are the highest quality, and these compare favorably with the output from CCDs [39].
The active photogate allows for the charge to be transferred with precise control,
similar to a CCD. The addition of a gate covering the light receptor region reduces the
quantum efficiency, but improves the signal quality (SNR). Also, this configuration
lends itself to reducing FPN by adding more circuitry for each column of detectors.
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Visual processing chips have been developed that use MOS-compatible detectors
on-chip with processing circuitry surrounding them [48] [49-53]. In many cases, these
complex systems mimic simple biological visual functions, such as edge detection or
motion enhancement, based on an analog VLSI paradigm. Since the size of each pixel
is minimized, the chips contain large two-dimensional arrays of processing cells. The
processing is done completely in parallel, while the readout can be done serially, or in
parallel (using an optical output). The voltage levels used in these systems are small,
which reduces the signal to noise ratio (SNR).
2.5. CMOS Photonic Based Sensors
There have been a number of optical array sensors using silicon detectors. One example
is the DNA Biochip which uses a CCD array for the detection of fluorescence from the
DNA micro-array [3, 4]. The Bioluminescent Bioreporter Integrated Circuit (BBIC) [2,
40] uses a single 1.5mm2 CMOS photodetector to measure fluorescence from a growth
of reporter cells, P. flurorescens 5RL. The detector integrates the signal with time as
the cells grow and multiply, over a period of roughly three hours.

Figure 12. Integrated chemical sensors with CMOS optical detectors.

CMOS detectors have been compared with the “laboratory standard” devices
such as PMTs and cooled CCD cameras. One study indicated that CMOS detectors can
be sufficient for applications that do not need the sensitivity of a cooled CCD, and
require low power consumption and simple read-out. CMOS detectors also have been
combined with fluorescent probes sequestered in a porous glass called a xerogel [12].
The benefits of xerogels are that their pore dimensions are controllable, they have good
thermal and photo-stability, and they can be used for many spectroscopic tools [31, 32,
54]. This sensor system is demonstrated to detect oxygen concentration using a
luminescent
probe
tris(4,7-diphenyl-1,10-phenanthroline)ruthenium(II)dication
([Ru(dpp)3]2+) that is contained in a xerogel. The doped xerogel is a thin film applied to
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the surface of an LED; the [Ru(dpp)3]2+ molecules are excited by the LED and this
fluorescence is detected by a CMOS photodetector. The photodetector converts the
light intensity to an electrical signal that is amplified and sent off-chip. The CMOS
photodetector array and prototype system is shown in Figure 12. The prototype IC
shown in Figure (a) includes two types of photodetectors, vertical p-n-p
phototransistors and photogates, both configured as part of an active pixel sensor. The
output from each pixel can be read directly.

Figure 13. Colorimetric sensor using integrated CMOS color detectors

2.5.1. CMOS Based Color Sensors
Another system has combined color (wavelength selective) CMOS photodetectors with
a porous polymeric photonic bandgap sensor made from a polymer material [55, 56].
This is a grating structure whose grating spacing depends on the environment around it.
The system is demonstrated using acetone; this solvent changes the Bragg reflection
notch when the voids inside the grating structure fill with solvent vapor. Thus, the peak
wavelength of the reflected light changes as the acetone evaporates, and this shift is
detected using the color-sensitive CMOS detector [57].

3. Conclusions
In summary, in this chapter we provided a general overview of the components of an
optical sensor system. Specific implementations of the various components of this
system have been presented and representative references to detailed descriptions of a
number of sensor systems has been provided. The field of optical sensors for
biological and chemical sensors continues to grow and remains focused on the
development of low power, portable devices.
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Abstract. The article reviews the basics and some of the applications of the threedimensional finite-difference time-domain (FDTD) technique for simulation and
modelling of light scattering by biological cells in an absorptive extra-cellular
medium. The emphasis is on the details of the single particle light scattering
version of FDTD approach including a comprehensive consideration of the far
field transformation algorithm and the Uni-axial Perfectly Matched Layer (UPML)
absorbing boundary conditions. As a demonstration, we consider two simulation
scenarios. First, we consider the effect of absorption of the extra-cellular medium
on the light scattering patterns from biological cells. The single cell scattering
properties including scattering phase functions, extinction and absorption
efficiencies are derived based on the volume integration of the internal fields. The
simulation results show that absorption in the extra-cellular medium modify the
light scattering patterns and need to be carefully taken into account. Second, we
present some initial results on the application of the FDTD technique to study the
nature of the optical clearing effect - the increased light transmission through
biological cells due to the matching of the refractive indices of some of their
components to that of the extra-cellular medium. We show that the FDTD
approach has a significant potential for studying the control of biological tissue
optical properties by external administration of chemical agents. The implications
of the FDTD approach for biomedical diagnostics research is also discussed.

Introduction
The application of optical methods in basic biomedical research and clinical
therapeutics is emerging as one of the new technological paradigms. The convergence
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of biology, medicine and photonics is due, on one hand, to the recent significant
advancement of photonics and biotechnologies worldwide and, on another hand, to the
various health, environment and defence related challenges faced by human society at
the beginning of 21st century. One of the benefits of the recent heavy investment in
photonics research and development was the resulting higher maturity and
sophistication of in-house and commercially available advanced photonics design
simulation software. The tendency toward miniaturization and higher complexity of
today’s advanced photonics devices, modules and systems together with the ever
growing computational capacity of modern computer systems have contributed to the
maturity and sophistication of optical software simulation tools enabling them to model
device features comparable to and smaller than the wavelength of light. This has
determined the enhanced applicability of advanced photonics simulation tools in
biomedical research.
The development of non-invasive optical methods for biomedical diagnostics
requires a fundamental understanding of how light scatters from normal and
pathological structures within tissue. For example, optical coherence tomography
(OCT), confocal microscopy, light scattering spectroscopy and optical reflectance
microscopy, are directly related to the measurement of light scattering parameters [16]. The nature of these promising techniques makes them very suitable for the
screening and diagnosis of epithelial precancerous tissues in various human body
organs. It is very important to understand from what micro-biological structures light
scatters, how sensitive are light scattering parameters to the dynamic pathological
changes of these structures as well as, if possible, to quantitatively relate these changes
to corresponding variations of the measured light scattering parameters. Unfortunately,
the biological origins of the differences in the light scattering patterns from normal and
pathological (i.e. pre-cancerous) cells and tissues are not fully understood. The major
difficulty comes from the fact that most of the optical light scattering based biomedical
diagnostics techniques, which are currently available or being under extensive
laboratory research worldwide, have a resolution comparable to the dimensions of the
cellular and sub-cellular light scattering structures.
For example, OCT has a larger field of view than confocal microscopy but does
not provide a resolution on a sub-cellular level. Although there are news about
ultrahigh resolution OCT capabilities (1 to 5 μm resolution) based on the application of
ultra-short pulsed lasers, it will take time before such systems become easily available
[6]. This makes the interpretation of images generated by typical OCT systems difficult
and in some cases questionable. The lack of sub-cellular resolution of current OCT
systems necessitates an understanding of how sub-cellular morphology changes due to
pathology relate to the properties of the measured scattered light signal.
Confocal microscopy provides sub-cellular resolution and allows for diagnostics of
nuclear and sub-nuclear level cell morphological features. However, there are problems
requiring a careful and not trivial interpretation of the images. In its typical single
photon form, confocal fluorescence microscopy involves an optically linear excitation
of tissue where the excitation of fluorescence occurs along the exciting cone of the
focused light beam, thus increasing the chances of photo-bleaching of a large area and
making the interpretation of the image difficult. A more refined analysis of the images
influenced by photo-bleaching as well as the effect of sub-nuclear pathological features
on light signal intensity requires a better insight into the sub-cellular light scattering
and reflection mechanisms.
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In many biomedical and photonics micro- and nano-structure research studies
optical software simulation and modeling tools are the only means to get a deeper
understanding or any understanding at all of the underlying scientific issues. In
particular, the numerical modeling of light scattering from biological cells is usually
approached from a single particle electromagnetic wave scattering perspective. The
nature of this scattering perspective is defined by two major factors. First, this is the
fact that the wavelength of light is comparable to the size of the scattering sub-cellular
structures. Second, this is the fact that biological cells have irregular shapes and
arbitrarily distributed refractive index which makes it impossible to use analytical
approaches. Both factors necessitate the use of numerical simulation and modeling
approaches derived from rigorous electromagnetic theory. Most of these approaches
have been recently summarized [7] and include: the method of separation of variables,
the finite element method, the method of lines, the point matching method, the method
of moments, the discrete dipole approximation method the null-field (extended
boundary condition) method, the T-matrix electromagnetic scattering approach, the
surface Green’s function electromagnetic scattering approach and the FDTD method.
The FDTD simulation and modeling of light scattering from single and multiple,
normal and pathological biological cells and sub-cellular structures has been attracting
the attention of researchers since 1996 [8-20]. It is worth noting that, in the case of
biological cells, the FDTD method was first applied as a better alternative of Mie
theory which is an analytical approach and in its initial form [21] can be only used to
model cells considered as ideal spheres with a constant refractive index. Although in its
most recent versions [22], Mie theory has been successfully applied for the modeling of
light scattering by coated spheres immersed in an absorptive medium, it handles only
ideally spherical shapes and is usually used for the verification of FDTD simulations.
In this article, we present a very general finite-difference time domain (FDTD)
technique that is able to calculate the single scattering properties of biological cell with
an arbitrary distribution of the refractive index and arbitrary shapes in an absorptive
medium. The FDTD technique is a numerical solution to Maxwell’s equations. It is
applied on a finite in space and time numerical equivalent of the physical reality under
investigation which, in our case, is the biological cell immersed in a host material. The
finite dimensions of the computational domain require the application of appropriate
absorbing boundary conditions (ABC). The ABCs are used to truncate the
computational domain and absorb any simulated wave reaching its boundaries as if it
were to potentially propagate to infinity according to the particular physical properties
of the host medium. Here we describe and use, to the best of our knowledge, the most
advanced version of ABCs which are presently used by the scientific and engineering
community – the so called Uniaxial Perfectly Matched Layer (UPML) ABC. It was
first introduced by Sacks et al. [23] as a physically present layer of diagonally
anisotropic material located at the edges of the computational domain. The UPML
material properties can be chosen in such a way that the interface between the
absorbing material and the host medium is reflection-less for all frequencies,
polarizations, and angles of incidence. This approach does not involve a split-field
modification of Maxwell’s equations [24] and is suitable for the truncation of both free
space and lossy or lossless dielectric medium space. The volume integration formulae
which calculate the single scattering properties with the field inside the cell are also
derived for lossy extra-cellular media.
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1. FDTD formulation
1.1. The Basic FDTD Scheme
In this study, we apply the finite-difference time domain (FDTD) technique [25-33] to
calculate the single scattering properties of spherical and non-spherical biological cells
embedded in an absorptive extra-cellular medium. The explicit finite-difference
approximation of Maxwell’s equations can be derived following Sun et al. [31-33] In a
source free dielectric medium Maxwell’s equations have the form:

∇ × E = −μ 0

∂H
,
∂t

(1a)

∇ × H = ε 0ε

∂E
,
∂t

(1b)

where E and H are the electric and magnetic fields, respectively, μ0 is the vacuum
permeability and ε0ε is the permittivity of the medium. Assuming a harmonic
( ∝ exp(−iωt ) ) time dependence of the electric and magnetic fields and a complex
value of the relative permittivity ε = εr + iεi transforms equation (1b) in the following
way:

∂E
∂E
⇔ ∇ × H = ωε 0ε i E + ε 0ε r
⇔
∂t
∂t
,
∂ (exp(τt )E) exp(τt )
=
∇×H
ε 0ε r
∂t

∇ × H = ε 0ε

(2)

where τ=ωεi/εr and ω is the angular frequency of the light. The continuous coordinates
(x, y, z, t) are replaced by discrete spatial and temporal points: xi = iΔs , y j = jΔs ,

zk = kΔs , tn = nΔt , where i = 0, 1, 2, …, I; j = 0, 1, 2, …, J; k = 0, 1, 2, …, K; n = 0,
1, 2, …, N. Δs and Δt denote the cubic cell size and time increment, respectively.
Using central difference approximations for the temporal derivatives over the time
interval [nΔt, (n+1)Δt] gives




Δt
E n +1 = exp(−τΔt ) E n + exp(−τΔt / 2)
∇ × H n +1 / 2 ,
ε 0ε r

(3)

where the electric and the magnetic fields are calculated at alternating half-time steps.
The discretization of Eq. (1a) over the time interval [(n-1/2)Δt, (n+1/2)Δt] (one half
time step earlier than the electric field) ensures second-order accuracy of the numerical
scheme. In a Cartesian grid system the numerical equations for the x components of the
electric and magnetic fields take the form
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H xn+1/ 2 (i, j + 1/ 2, k + 1/ 2) = H xn−1/ 2 (i, j + 1/ 2, k + 1/ 2) +

Δt
μ0 Δs

(4a)

× [E yn (i, j + 1/ 2, k + 1) − E yn (i, j + 1/ 2, k ) + Ezn (i, j, k + 1/ 2) − Ezn (i, j + 1, k + 1/ 2)],

E xn +1 ( i + 1 / 2 , j , k ) = exp[ −
exp[ −
× [H

ε i (i + 1 / 2 , j , k )
ω Δ t ] E xn ( i + 1 / 2 , j , k ) +
ε r (i + 1 / 2 , j , k )

ε i (i + 1 / 2 , j , k )
Δt
ω Δt / 2]
ε r (i + 1 / 2, j , k )
ε 0 ε r (i + 1 / 2 , j , k ) Δ s

n +1 / 2
y

(i + 1 / 2 , j , k − 1 / 2 ) − H

n +1 / 2
y

(4b)

(i + 1 / 2 , j , k + 1 / 2 )

+ H zn +1 / 2 ( i + 1 / 2 , j + 1 / 2 , k ) − H zn +1 / 2 ( i + 1 / 2 , j − 1 / 2 , k )],
, where E x , E y , E z and H x , H y , H z denote the electric and magnetic field
components, respectively. The numerical stability of the FDTD scheme is ensured

(

)

−1 / 2

,
through the Courant-Friedrichs-Levy condition [34]: cΔt ≤ 1 / Δx 2 + 1 / Δy 2 + 1 / Δz 2
where c is the light speed in the host medium and Δx, Δy, Δz are the spatial steps in the
x, y and z direction, respectively. In our case Δx = Δy = Δz = Δs. In this study, we
use Δt = Δs / 2c . The positions of the magnetic and electric field components in a
FDTD cubic cell are shown in Figure 1.

1.2. Incident Wave Source formulation
We use the so-called total-field/scattered-field formulation [35-38] to excite the
magnetic and electric fields to simulate a linearly polarized plane wave propagating in
a finite region of a homogeneous absorptive dielectric medium. In this formulation, a
closed inner surface is considered in the computational domain. Based on the
equivalence theorem [36], the existence of wave-excitation in the spatial domain
enclosed by the inner surface can be replaced by the equivalent electric and magnetic
currents on the inner surface. If there is a scatterer inside the closed surface, the interior
fields will be the total fields (incident plus scattered) and the exterior fields are just the
scattered fields. The geometrical configuration of the rectangular closed interface
between the total- and scattered-field zones is shown in Figure 2.
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Figure 1. Positions of the electric- and the magnetic-field components in an elementary cubic cell of the
FDTD lattice.

Figure 2. Configuration of the one-dimensional auxiliary FDTD grid and the closed rectangular interface of
the total field and scattered field.
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On the closed surface the electric ad magnetic field incident sources are added as
follows:

Δt
(E inc × n) ,
μ 0 Δs

(5a)

Δt
(n × H inc ) ,
ε 0εΔs

(5b)

H⇐H−

E⇐E−

, where E inc and H inc are the incident fields and n is the inward normal vector of
the closed surface. For example, in an absorptive host medium the x components of the
magnetic and electric fields on the rectangular faces of the closed interface are as
follows [38].
At the face (i = ia ,..., ib ; j = j a − 1 / 2; k = k a + 1 / 2,..., k b − 1 / 2)

H xn+1 / 2 (i, j a − 1 / 2, k ) = {H xn+1 / 2 (i, j a − 1 / 2, k )}(1a ) +

Δt
E zn,inc (i, j a , k ) .
μ 0 Δs

(6a)

At the face (i = ia ,..., ib ; j = jb + 1 / 2; k = k a + 1 / 2,..., k b − 1 / 2)

H xn+1 / 2 (i, jb + 1 / 2, k ) = {H xn+1 / 2 (i, jb + 1 / 2, k )}(1a ) −

Δt
E zn,inc (i, jb , k ) .
μ 0 Δs

(6b)

At the face (i = ia ,..., ib ; j = j a + 1 / 2,..., jb − 1 / 2; k = k a − 1 / 2)

H xn+1 / 2 (i, j, k a − 1 / 2) = {H xn+1 / 2 (i, j, k a − 1 / 2)}(1a ) −

Δt
E yn,inc (i, j, k a ) .
μ 0 Δs

(6c)

At the face (i = ia ,..., ib ; j = j a + 1 / 2,..., jb − 1 / 2; k = k b + 1 / 2)

H xn +1 / 2 (i, j, kb + 1/ 2) = {H xn +1 / 2 (i, j, kb + 1/ 2)}(1a ) +

Δt n
E y ,inc (i, j, kb ) .
μ0Δs

(6d)

At the face (i = i a + 1 / 2,..., ib − 1 / 2; j = j a ; k = k a ,..., k b )

E xn+1 (i, j a , k ) = {E xn+1 (i, j a , k )}(1b )
− exp[−

ε i (i, j a , k )
Δt
H zn,+inc1 / 2 (i, j a − 1 / 2, k ).
ωΔt / 2]
ε r (i, j a , k )
ε 0ε r (i, j a , k )Δs

At the face (i = i a + 1 / 2,..., ib − 1 / 2; j = jb ; k = k a ,..., k b )

(7a)
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E xn+1 (i, jb , k ) = {E xn+1 (i, jb , k )}(1b )
ε i (i, jb , k )
Δt
H zn,+inc1 / 2 (i, jb + 1 / 2, k ).
ωΔt / 2]
ε r (i, jb , k )
ε 0ε r (i, jb , k )Δs
At the face (i = i a + 1 / 2,..., ib − 1 / 2; j = j a ,..., jb ; k = k a )
+ exp[−

(7b)

E xn+1 (i, j, k a ) = {E xn+1 (i, j, k a )}(1b )
+ exp[−

ε i (i, j, k a )
Δt
1/ 2
ωΔt / 2]
H yn,+inc
(i, j, k a − 1 / 2).
ε r (i, j , k a )
ε 0ε r (i, j, k a )Δs

(7c)

At the face (i = i a + 1 / 2,..., ib − 1 / 2; j = j a ,..., jb ; k = k b )

E xn+1 (i, j, k b ) = {E xn+1 (i, j, k b )}(1b)
− exp[−

ε i (i, j, k b )
Δt
1/ 2
ωΔt / 2]
H yn,+inc
(i, j, k b + 1 / 2).
ε r (i, j, k b )
ε 0ε r (i, j, k b )Δs

(7d)

Note that in Eqs. (6) and (7), {H xn +1 / 2 (i, j, k )}(1a ) and {E xn +1 (i, j , k )}(1b ) denote the
magnetic and electric fields directly from Eqs. (4a) and (4b), respectively. The incident
1/ 2
1/ 2
, H zn,+inc
in Eqs. (6) and (7) are calculated by means of
fields E yn,inc , E zn,inc and H yn,+inc
the linear interpolation of the fields produced by an auxiliary one-dimensional FDTD
scheme. This scheme pre-simulates the propagation of an incident plane wave on the
one-dimensional grid starting at m = 0 (the origin of the 3D grid) and stretching in the
incident direction to a maximum position m = m max , as shown in Figure 2. The
incident wave vector   is oriented with a zenith angle θ and an azimuth angle φ .
mmax is chosen to be half of the total simulation time steps for the incident wave
propagation in an absorptive dielectric medium. Since we cannot use a transmitting
boundary condition (TBC) in the absorptive medium for the truncation of the onedimensional spatial domain, the selected mmax value is necessary so that no numerical
reflection occurs at the forward end of the one-dimensional domain before the 3D
FDTD simulation ends. A Gaussian-pulse hard wave source38 is positioned at the onedimensional grid point m = 2 in the form
n
( m = 2 ) = exp[ − (
E inc

t
− 5)2 ] .
30 Δ t

(8)

By using the hard wave source rather than a soft one at m = 2, the field at the grid
points m = 0 and 1 will not affect the field at the grid points m ≥ 2 , therefore no
boundary condition need to be considered at this end of the auxiliary one-dimensional
grid.
In an absorptive dielectric medium, assuming a plane wave is incident from the
coordinate origin to the closed interface between the total- and scattered-fields as
shown in Fig. 2, the one-dimensional FDTD equations are
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n+1 / 2
n−1 / 2
H inc
(m + 1 / 2) = H inc
(m + 1 / 2) +

Δt
n
n
× [Einc
(m) − Einc
(m + 1)],
v p (θ = 0, φ = 0)
]
μ 0 Δs[
v p (θ , φ )
(9a)

ε (m )
n +1
n
ω Δ t ] E inc
(m )
E inc
( m ) = exp[ − i
ε r (m )
+ exp[ −

× [H

n +1 / 2
inc

ε i (m )
ω Δt / 2]
ε r (m )
(m − 1 / 2) − H

ε 0ε r ( m ) Δ s[
n +1 / 2
inc

Δt
v p (θ = 0 , φ = 0 )
v p (θ , φ )

(9b)

]

( m + 1 / 2 )],

, where ε i (m) and ε r (m) denote the imaginary and real relative permittivity of the
host medium at position m, respectively. The equalization factor [

v p (θ = 0, φ = 0)
v p (θ , φ )

]≤1

is the ratio of numerical phase velocities in the 3D FDTD grid. Using the same spatial
and temporal increments in the one-dimensional source and the 3D FDTD simulations,
the wave in the source grid would propagate slower than the wave in the 3D grid. This
is because the wave in the source grid behaves as if it were on axis in the 3D grid.
Therefore, if the incident wave is not in the direction of the axis of the 3D grid, it is
necessary to use an equalization factor to slightly “speed up” the wave in the onedimensional source grid to equalize the numerical phase velocities of the incident wave
in the 3D and one-dimensional source grids [38]. The equalization factor
v p (θ = 0, φ = 0)
] can be calculated by applying Newton’s method to solve the
[
v p (θ , φ )
numerical dispersion relation in the 3D FDTD algorithm [38].

1.3. Uni-axial Perfectly Matched Layer Absorbing Boundary Condition

The FDTD numerical scheme presented here uses the uni-axial PML (UPML)
developed by Sacks et al. [23] to truncate the absorptive host medium in the FDTD
calculation. The UPML is a physical model based on an anisotropic, perfectly matched
medium. For a single interface, the anisotropic medium is uni-axial and is composed of
both electric permittivity and magnetic permeability tensors.
To match a UPML along a planar boundary to a lossy isotropic half-space
characterized by permittivity ε and conductivity σ , the time-harmonic Maxwell’s
equations can be written in forms [39,40]

∇ × H( x, y, z ) = (iωε 0 ε + σ )sE( x, y, z ) ,

(10a)
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∇ × E( x, y, z) = −iωμ0 sH(x, y, z) .

(10b)

s is a diagonal tensor defined by
⎡s x−1 0
⎢
s = ⎢ 0 sx
⎢0 0
⎣

0 ⎤ ⎡s y
⎥⎢
0 ⎥⎢ 0
s x ⎥⎦ ⎢⎣ 0

, where s x = κ x +

0 0 ⎤ ⎡s z
⎥
s y−1 0 ⎥ ⎢⎢ 0
0 s y ⎥⎦ ⎢⎣ 0

0
sz
0

⎤ ⎡s y s z s x
⎥=⎢ 0
⎥ ⎢
s z−1 ⎥⎦ ⎢⎣ 0

−1

0
0

0
0 ⎤
⎥
−1
sx sz s y
0 ⎥
0
s x s y s z−1 ⎥⎦

(11)

σy
σx
σz
, sy = κ y +
, and s z = κ z +
.
iωε 0
iωε 0
iωε 0

zmax

Scattering object

xmax

zmin
ymin

ymax

xmin

Figure 3. FDTD computational domain truncated by the UPML. xmin, xmax, ymin, ymax, zmin and zmax are the
positions in the FDTD grid determining the exact location of the UPMLs.

(κ , σ ) (κ , σ )

y
y
x
x ,
, and (κ z , σ z )
It is important to note that the UPML parameters
ε
σ
and conductivity
, and are assigned
are independent on the medium permittivity

to the FDTD grid in the UPML (see Fig. 3) as follows: (1) at x min and

x max

boundaries,

σy =σz = 0

and

κ y =κz =1

y
; at y min and max boundaries,

σ x = σ z = 0 and κ x = κ z = 1 ; at z min and z max boundaries, σ y = σ x = 0 and
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κ y =κx =1

55

x
y
; (2) at x min , max and y min , max overlapping dihedral corners, σ z = 0

y
z
σ =0
and κ z = 1 ; at y min , max and z min , max overlapping dihedral corners, x
and

κ x = 1 ; at z min , z max and x min , x max overlapping dihedral corners , σ y = 0 and
κ y =1

; (3) at all overlapping trihedral corners, the complete general tensor in Eq. (11)
is used. To reduce the numerical reflection from the UPML, several profiles have been
suggested for grading (κ x , σ x ) , (κ y , σ y ) and (κ z , σ z ) when they do not adopt the
aforesaid specific values. In this practice, a polynomial grading of the UPML material
parameters is used, e.g. we can simply specify the (κ x , σ x ) as [39,40]

κ x ( x) = 1 + ( x / d ) m (κ x , max − 1) ,

(12a)

σ x ( x) = ( x / d ) m σ x , max ,

(12b)

, where x is the depth in the UPML and d is the UPML thickness in this direction. The
parameter m is a real number40 between 2 and 4. κ x , max and σ x , max denote the maximum
κ x and σ x at the outmost layer of the UPML. For example, considering a x-directed

plane wave impinging at angle θ upon a PEC-backed UPML with the polynomial
grading material properties, the reflection factor can be derived as 40

R (θ ) = exp[ −

2 cos θ
ε 0c

∫

d

0

σ ( x ) dx ] = exp[ −

2σ x , max d cos θ
ε 0 c ( m + 1)

].

(13)

Therefore, with a reflection factor R(0) for a normal incidence, σ x , max can be defined as

σ x , max = −

(m + 1) ln[ R(0)] .
2ε 0cd

Typically, the values of R(0) are in the range of 10

(14)

−12

to 10

−5

and κ x , max is a real

number from between 1 to 30. However, numerical results are not quite sensitive to the
two parameters if the UPML thickness is large enough.
The UPML equations modify the FDTD numerical scheme presented by Eqs. (4a)
and (4b). The modified UPML FDTD numerical scheme can be applied in the entire
computational domain by considering the UPMLs as materials in a way no different
than any other material in the FDTD grid. However this is not in computationally
efficient. The usual approach is to apply the modified scheme only in the boundary
layers to reduce the memory and CPU time requirement. In the non-UPML region, the
common FDTD formulations (Eq. (4)) are used.
The derivation of the modified UPML FDTD numerical scheme is not trivial at all.
To explicitly obtain the updating equations for the magnetic field in the UPML, an
auxiliary vector field variable B is introduced as follows [40]
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B x ( x, y , z ) = μ 0 (

sz
) H x ( x, y , z ) ,
sx

(15a)

B y ( x, y , z ) = μ 0 (

sx
) H y ( x, y , z ) ,
sy

(15b)

B z ( x, y , z ) = μ 0 (

sy
sz

) H z ( x, y , z ) .

(15c)

Then Eq. (10b) can be expressed as

⎡ ∂E y ( x, y, z ) ∂E z ( x, y, z ) ⎤
−
⎥
⎢
∂y
∂z
⎡s y
⎥
⎢
⎢ ∂E z ( x, y, z ) − ∂E x ( x, y, z ) ⎥ = iω ⎢ 0
⎢
⎥
⎢
∂x
∂z
⎢⎣ 0
⎢ ∂E ( x, y, z ) ∂E y ( x, y, z ) ⎥
⎥
⎢ x
−
∂y
∂x
⎥⎦
⎢⎣

0
sz
0

0 ⎤ ⎡ B x ( x, y , z ) ⎤
0 ⎥⎥ ⎢⎢ B y ( x, y, z )⎥⎥ .
s x ⎥⎦ ⎢⎣ B z ( x, y, z ) ⎥⎦

(16)

On the other hand, inserting the definitions of s x , s y and s z into Eq. (15) and
rewriting it leads to

(iωκ x +

(iωκ y +

(iωκ z +

Now

σx
σ
) B x ( x, y, z ) = (iωκ z + z ) μ 0 H x ( x, y, z ) ,
ε0
ε0
σy

(17a)

σx
) μ 0 H y ( x, y , z ) ,
ε0

(17b)

σy
σz
) B z ( x, y, z ) = (iωκ y +
) μ 0 H z ( x, y , z ) .
ε0
ε0

(17c)

ε0

) B y ( x, y , z ) = (iωκ x +

applying

the

inverse

Fourier

transform

by

using

the

identity

iω f (ω ) → ∂f (t ) / ∂t to Eqs. (16) and (17) gives the equivalent time-domain
differential equations, respectively
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⎡ ∂E y ( x, y, z , t ) ∂E z ( x, y, z , t ) ⎤
−
⎥
⎢
∂y
∂z
⎡κ y
⎢
⎥
⎢ ∂E z ( x, y, z , t ) − ∂E x ( x, y, z , t ) ⎥ = ∂ ⎢ 0
⎢
⎥ ∂t ⎢
∂x
∂z
⎢⎣ 0
⎢ ∂E ( x, y, z , t ) ∂E y ( x, y, z , t ) ⎥
⎢ x
⎥
−
∂y
∂x
⎢⎣
⎥⎦
0 ⎤ ⎡ B x ( x, y , z , t ) ⎤
⎡σ y 0
1 ⎢
+ ⎢ 0 σ z 0 ⎥⎥ ⎢⎢ B y ( x, y, z , t )⎥⎥,
ε0
⎢⎣ 0
0 σ x ⎥⎦ ⎢⎣ B z ( x, y, z , t ) ⎥⎦
κx

0
κz
0

0 ⎤ ⎡ B x ( x, y , z , t ) ⎤
0 ⎥⎥ ⎢⎢ B y ( x, y, z , t )⎥⎥
κ x ⎥⎦ ⎢⎣ B z ( x, y, z, t ) ⎥⎦
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(18)

∂Bx ( x, y, z, t ) σ x
∂H x ( x, y, z, t )
σ
Bx ( x, y, z, t ) = μκ z
+
+ μ z H x ( x, y, z, t ) , (19a)
∂t
ε0
∂t
ε0

∂B y ( x, y, z, t )

σy

∂H y ( x, y, z, t )

σx
H y ( x, y, z, t ) , (19b)
∂t
ε0
∂t
ε0
σy
∂B ( x, y, z, t ) σ z
∂H z ( x, y, z, t )
κz z
+
+μ
Bz ( x, y, z, t ) = μκ y
H z ( x, y, z, t ) , (19c)
∂t
∂t
ε0
ε0
κy

+

B y ( x, y, z, t ) = μκ x

+μ

After discretizing Eqs. (18) and (19) on the Yee mesh points [40], we can get the
explicit FDTD formulations for the magnetic field components in the UPML:

⎛ 2ε 0κ y − σ y Δt ⎞ n−1 / 2
⎟B
Bxn+1 / 2 (i, j + 1 / 2, k + 1 / 2) = ⎜
(i, j + 1 / 2, k + 1 / 2)
⎜ 2ε κ + σ Δt ⎟ x
y
y
0
⎠
⎝
⎛ 2ε 0 Δt / Δs ⎞
(20)
⎟
+⎜
⎜ 2ε κ + σ Δt ⎟
y
⎠
⎝ 0 y
n
× [ E y (i, j + 1 / 2, k + 1) − E yn (i, j + 1 / 2, k ) + E zn (i, j, k + 1 / 2) − E zn (i, j + 1, k + 1 / 2)],

⎛ 2ε κ − σ z Δt ⎞ n−1/ 2
⎟⎟H x (i, j + 1/ 2, k + 1/ 2)
H xn+1/ 2 (i, j + 1/ 2, k + 1/ 2) = ⎜⎜ 0 z
⎝ 2ε 0κ z + σ z Δt ⎠
⎛
⎞
1/ μ
(21)
⎟⎟ ×
+ ⎜⎜
+
Δ
2
ε
κ
σ
t
z
⎝ 0 z
⎠
[(2ε 0κ x + σ x Δt )Bxn+1/ 2 (i, j + 1/ 2, k + 1/ 2) − (2ε 0κ x − σ x Δt )Bxn−1/ 2 (i, j + 1/ 2, k + 1/ 2)].
Similarly, for electric field in the UPML, two auxiliary field variables P and Q
are introduced as follows [40]
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Px ( x, y, z ) = (

s y sz

Py ( x, y, z ) = (

Pz ( x, y, z ) = (

) E x ( x, y , z ) ,

(22a)

sx sz
) E y ( x, y , z ) ,
sy

(22b)

sx

sx s y
sz

) E z ( x, y , z ) ,

(22c)

Q x ( x, y , z ) = (

1
) Px ( x, y, z ) ,
sy

(23a)

Q y ( x, y , z ) = (

1
) Py ( x, y, z ) ,
sz

(23b)

Q z ( x, y , z ) = (

1
) Pz ( x, y, z ) .
sx

(23c)

Inserting Eq. (22) into Eq. (10a), simply following the steps in deriving Eq. (20),
we can have the updating equations for the P components, e.g.

⎛ 2ε ε − σΔt ⎞ n
⎛ 2Δt / Δs ⎞
⎟⎟ Px (i + 1 / 2, j , k ) + ⎜⎜
⎟⎟
Pxn +1 (i + 1 / 2, j , k ) = ⎜⎜ 0
⎝ 2ε 0ε + σΔt ⎠
⎝ 2ε 0 ε + σΔt ⎠
× [ H yn +1 / 2 (i + 1 / 2, j , k − 1 / 2) − H yn +1 / 2 (i + 1 / 2, j , k + 1 / 2)

(24)

+ H zn +1 / 2 (i + 1 / 2, j + 1 / 2, k ) − H zn +1 / 2 (i + 1 / 2, j − 1 / 2, k )].
From Eq. (23), in an identical way to the derivation of equation (21), we can derive
the updating equations for Q components, e.g.

⎛
⎛ 2ε 0κ y − σ y Δt ⎞ n
⎞
2ε 0
⎟Q (i + 1 / 2, j , k ) + ⎜
⎟
Q xn +1 (i + 1 / 2, j , k ) = ⎜
⎜ 2ε κ + σ Δt ⎟ x
⎜ 2ε κ + σ Δt ⎟
y
y
⎝ 0 y
⎝ 0 y
⎠
⎠
n +1
n
× [ Px (i + 1 / 2, j , k ) − Px (i + 1 / 2, j , k )].

(25)

Inserting Eq. (22) into Eq. (23) and also following the procedure in deriving
equation (21), we can derive the electric field components in the UPML, e.g.

S. Tanev et al. / The Finite-Difference Time-Domain Method in the Biosciences

⎛ 2ε κ − σ z Δt ⎞ n
⎛
⎞
1
⎟⎟ E x (i + 1 / 2, j , k ) + ⎜⎜
⎟⎟
E xn +1 (i + 1 / 2, j , k ) = ⎜⎜ 0 z
⎝ 2ε 0κ z + σ z Δt ⎠
⎝ 2ε 0κ z + σ z Δt ⎠
× [(2ε 0κ x + σ x Δt )Q xn +1 (i + 1 / 2, j , k ) − (2ε 0κ x − σ x Δt )Q xn (i + 1 / 2, j , k )].
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(26)

1.4. Formulation of the Single Cell Scattering Properties
For light scattering by particles in free space, the far-field approximation for the
electromagnetic field is usually used to calculate the particle scattering and extinction
cross sections [29]. The far-field approach has also been used [41-44] to study
scattering and absorption by spherical particles in an absorptive host medium.
However, when the host medium is absorptive, the scattering and extinction rates based
on the far-field approximation depend on the distance from the particle and do not
represent the actual scattering and extinction of the particle. Recently, the singlescattering properties of a sphere in an absorptive medium have been derived using the
electromagnetic fields on the surface of the particle based on Mie theory [45-47]. Here
we derive the absorption and extinction rates for an arbitrarily-shaped particle in an
absorptive medium using the electric field inside the particle. The absorption and
extinction rates calculated in this way depend on the size, shape and optical properties
of the particle and the surrounding medium, but they do not depend on the distance
from the particle. The singe particle scattering approach is completely applicable to the
study of the light scattering properties from single biological cells.

1.4.1. Amplitude Scattering Matrix
For electromagnetic waves with time dependence exp(−iω t ) propagating in a chargefree dielectric medium, we can have Maxwell’s equations in the frequency domain as

∇⋅D = 0,
∇⋅H = 0,
∇ × E = iωμ 0 H ,
∇ × H = −iωD ,

(27a)
(27b)
(27c)
(27d)

Here we define the material properties of the host medium as the background
permittivity and permeability. So the electric displacement vector is defined as

D = ε 0 ε h E + P = ε 0 εE ,

(28)

where P is the polarization vector. Therefore, Eqs. (27a) and (27d) can be rewritten as

1
∇⋅P,
ε 0ε h
∇ × H = −iω (ε 0ε h E + P ) .

∇⋅E = −

(29a)
(29b)

Using Eqs. (27c), (29a) and (29b) in evaluating ∇ × (∇ × E) yields a sourcedependent form of the electromagnetic wave equation
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(∇ 2 + k h2 )E = −

1
[k h2 P + ∇(∇ ⋅ P)] ,
ε 0ε h

(30)

, where k h = ω μ 0 ε 0 ε h is the complex wave number in the host medium. Using the
unit dyad II = xx + yy + zz (where x, y and z are unit vectors in x, y and z direction,
respectively), we can rewrite the polarization vector P as II ⋅ P , therefore Eq. (30) can
be rewritten as

(∇ 2 + k h2 )E = −

1
(k h2 II + ∇∇ ) ⋅ P .
ε 0ε h

(31)

Note that based on the definition in Eq. (28), we have P = ε 0 (ε − ε h )E , which means
P is nonzero only within the region inside the particle. The general solution for Eq.
(31) is given by a volume integral equation in the form [45]

E( R ) = E 0 ( R ) + ∫∫∫ G( R , ξ )(k 2h II + ∇ ξ ∇ ξ ) ⋅ ( P/(ε 0ε h ))d 3ξ ,
v

(32)

, where E 0 ( R ) in mathematics can be any solution of (∇ 2 + k h2 )E = 0 , while in
physics the only nontrivial solution is the incident field in the host medium. The
domain of the integration, v, is the region inside the particle, and G (R , ξ ) is the 3-D
green function in the host medium

G(R, ξ ) =

exp(ik h | R − ξ |) .
4π | R − ξ |

(33)

The scattering field in the far-field region can then be derived from Eq. (32), i.e. [29]

E s ( R ) |k h R →∞ =
=

k 2h exp(ik h R)
4πR

∫∫∫ [
v

.
ε( ξ )
− 1]{E (ξ ) − r[r ⋅ E (ξ )]}exp( − ik h r ⋅ ξ )d 3ξ
εh

(34)

The incident field is decomposed in two components along the unit vectors e α and eβ
both laying in the X-Y plane and defined as being parallel and perpendicular to the
scattering plane, respectively:
E0 = eαE0,α + eβE0, β.

(35)

E0,α and E0,β are related to the x-polarized and y-polarized incident fields used in the
FDTD simulation with

⎛ E 0,α ⎞ ⎡β ⋅ x − β ⋅ y ⎤⎛ E 0, y ⎞
⎜
⎟
⎜
⎟.
⎜ E ⎟ = ⎢β ⋅ y β ⋅ x ⎥⎜ E ⎟
0,
β
0,
x
⎦⎝
⎠
⎝
⎠ ⎣

(36)

To calculate the amplitude scattering matrix elements, the incident and the scattered
fields are decomposed into the components parallel and perpendicular to the scattering
plane as shown in Figure 4.
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Figure 4. Incident and scattering wave configuration. The incident wave is propagating in the Z direction.
The unit vectors corresponding to the three coordinate axes are: x, y, z. The scattering direction is defined by
the vector R with a unit vector r = |R|/R. The Z coordinate axe and the vector R define the scattering plane.
The unit vector α is in the scattering plane and is perpendicular to R and r. The unit vector β is perpendicular
to the scattering plane and β × α = r . The unit vectors eα and eβ are in the X-Y plane and are, respectively,
parallel and perpendicular to the scattering plane.

The scattered field is decomposed in two components along the unit vectors α and β.

E s (R ) = αE s,α (R ) + βE s,β (R ) .

(37)

It is important to note that the incident and scattered fields are specified relative to
different sets of basis vectors. The relationship between the incident and scattered
fields is conveniently written in the following matrix form

⎛ E s,α (R ) ⎞ exp(ik h R) ⎡S 2
⎜
⎟
⎜ E (R ) ⎟ = − ik R ⎢S
⎣ 4
h
⎝ s,β
⎠

S3 ⎤⎛ E 0,α ⎞
⎜
⎟,
S1 ⎥⎦⎜⎝ E 0,β ⎟⎠

(38a)

, where are the elements s1, s2, s3 and s4 of the amplitude scattering matrix and, in
general, depend on the scattering angle θ and the azimuthal angle Φ. Rewriting Eq. (34)
in a matrix form yields

⎛ E s, α ( R ) ⎞ k 2h exp(ik h R)
⎟
⎜
⎜ E (R ) ⎟ =
4πR
⎠
⎝ s,β

ε(ξ )

∫∫∫ [ ε
v

h

⎛ α ⋅ E (ξ ) ⎞
⎟⎟exp( −ik h r ⋅ ξ )d 3 ξ .
− 1]⎜⎜
⋅
β
E
(
ξ
)
⎝
⎠

(38b)
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From Eqs. (36-38), we can derive the amplitude scattering matrix as follows:

⎡S 2
⎢S
⎣ 4

S3 ⎤ ⎡Fα, y
=⎢
S1 ⎥⎦ ⎣ Fβ, y

Fα, x ⎤ ⎡ β ⋅ x β ⋅ y ⎤
.
Fβ, x ⎥⎦ ⎢⎣− β ⋅ y β ⋅ x ⎥⎦

(39)

The quantities Fα , x , Fβ , x and Fα , y , Fβ , y are calculated for x- and y-polarized
incident light, respectively, as follows. 29, 45
For x-polarized incidence:

⎛ Fα, x
⎜
⎜F
⎝ β, x

⎞ ik 3h
⎟=
⎟
4π
⎠

∫∫∫ [1 −
v

ε( ξ ) ⎛ α ⋅ E ( ξ ) ⎞
⎟⎟ exp( − ik h r ⋅ ξ )d 3 ξ ,
]⎜⎜
ε h ⎝ β ⋅ E (ξ ) ⎠

(40a)

For y-polarized incidence:

⎛ Fα, y
⎜
⎜F
⎝ β, y

⎞ ik 3h
⎟=
⎟
4π
⎠

∫∫∫ [1 −
v

ε( ξ ) ⎛ α ⋅ E ( ξ ) ⎞
⎟ exp( − ik h r ⋅ ξ )d 3 ξ .
]⎜
ε h ⎜⎝ β ⋅ E ( ξ ) ⎟⎠

(40b)

In Eq. (40), k h = ω μ 0 ε 0 ε h and ε h is the complex relative permittivity of the host
medium. When ε h = 1, Eq. (40) will degenerate to a formulation for light scattering by
particles in free space [29, 45].
Eq. (38) is now fully defined and can be rewritten in a vectorial form:
Es = S E0,

(41)

, where, in general, Sk = Sk(θ,Φ), k = 1,2,3,4. In actual experiments the measured
optical signal is proportional to quadratic field combinations [48]. Therefore, to
describe the monochromatic transverse wave one introduces four Stokes parameters
which in the case of the scattered wave take the form [44]

I s = E s ,α E s*,α + E s , β E s*, β ,
Qs = E s ,α E s*,α − E s , β E s*, β ,

U s = E s ,α E s*, β + E s , β E s*,α ,
Vs = E s ,α E s*, β − E s , β E s*,α ,

(42)
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The relation between the incident and the scattered Stokes parameters is given
by the Mueller scattering matrix (or simply the scattering matrix) defined as follows

⎛ Is ⎞
⎜ ⎟
1
⎜ Qs ⎟
⎜U ⎟ = k 2 R 2
h
⎜ s⎟
⎜V ⎟
⎝ s ⎠

⎛ P11
⎜
⎜ P21
⎜P
⎜ 31
⎜P
⎝ 41

P12
P22

P13
P23

P32
P42

P33
P43

P14 ⎞⎛ I i ⎞
⎟⎜ ⎟
P24 ⎟⎜ Qi ⎟ ,
P34 ⎟⎜U i ⎟
⎟⎜ ⎟
P44 ⎟⎠⎜⎝Vi ⎟⎠

(43)

, where

(

)

(

)

(

)

(

)

1
1
2
2
2
2
2
2
2
2
S1 + S 2 + S 3 + S 4 , P12 = S 2 − S1 + S 4 − S 3 ,
2
2
P13 = Re( S 2 S 3* + S1 S 4* ) , P14 = Im(S 2 S 3* − S1 S 4* ) ,
1
1
2
2
2
2
2
2
2
2
P21 = S 2 − S1 − S 4 + S 3 , P22 = S 2 + S1 − S 4 − S 3 ,
2
2
P11 =

P23 = Re( S 2 S 3* − S1 S 4* ) , P24 = Im(S 2 S 3* + S1 S 4* ) ,
P31 = Re( S 2 S 4* + S1 S 3* ) , P32 = Re( S 2 S 4* − S1 S 3* ) ,
P33 = Re( S1 S 2* + S 3 S 4* ) , P34 = Im(S 2 S1* + S 4 S 3* ) ,
P41 = Im(S 2 S 4* + S1 S 3* ) , P42 = Im(S 4 S 2* − S1 S 3* ) ,
P43 = Im(S1 S 2* − S 3 S 4* ) , P44 = Re( S1 S 2* − S 3 S 4* ) .
The P matrix elements contain the full information about the scattering event. In
non absorptive media the elements of the Mueller matrix (Eq. 43) can be used to define
the scattering cross-section and anisotropy. The scattering cross-section σ s is defined
as the geometrical cross-section of a scattering object that would produce an amount of
light scattering equal to the total observed scattered power in all directions. It can be
calculated by the integration of the scattered intensity over all directions. It can be
expressed by the elements of the scattering matrix P and the Stokes parameters (I0, Q0,
U0, V0) of the incident light as follows [48]

σs =

1
k I

∫ [I

2
h 0 4π

P + Q0 P12 + U 0 P13 + V0 P14 ]dΩ .

0 11

(44)

In the case of un-polarized light and spherically symmetrical scatter, the relationship
(44) is reduced to the usual integral of the indicatrix with respect to the scattering angle

σs =

π

2π
P11 (ϑ ) sin(ϑ )dϑ .
k h2 ∫0

(45)

The anisotropy parameter g is defined as follows [48]
π

2π
g =< cos(ϑ ) >= 2 ∫ cos(ϑ ) P11 (ϑ ) sin(ϑ )dϑ .
kh σ s 0

(46)
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A positive (negative) value of g corresponds to forward (backward) dominated
scattering. The isotropic scattering case corresponds to g=0.
In an absorptive medium, the elements of the Mueller scattering matrix (Eq. 43)
depend on the radial distance from the particle and can not be directly related to the
scattering cross-section as given above (Eq. 44). In this case the different elements of
the matrix are used individually in the analysis of scattering phenomena. In practice,
their values are normalized by the total scattered rate around the particle at the radiation
zone, which can be derived from the integral of P 11 for all scattering angles.
1.4.2. Absorption, Scattering and Extinction Efficiencies
The flow of energy and the direction of the electromagnetic wave propagation are
represented by the Poynting vector:

s = E × H* ,

(47)

, where an asterisk denotes the complex conjugate. To derive the absorption and
extinction rates of a particle embedded in an absorptive medium, we can rewrite Eq.
(27d) as

∇ × H = −iωε 0 (ε r + iε i )E .

(48)

Combining Eqs. (27c) and (48) leads to

∇ ⋅ s = ∇ ⋅ (E × H * ) = H * ⋅ (∇ × E) − E ⋅ (∇ × H * )

(49)

= iω ( μ 0 H ⋅ H * − ε 0 ε r E ⋅ E * ) − ωε 0ε i E ⋅ E * .

For the convenience of the following presentation, we define the real and
imaginary relative permittivity for the particle as ε tr and ε ti , and those for the host
medium as ε hr and ε hi , respectively. The rate of energy absorbed by the particle is

w

a

= −

1
Re[
2

∫∫ n ⋅ s ( ξ ) d
s

2

ξ]

1
Re[ ∫∫∫ ∇ ⋅s ( ξ ) d 3 ξ ]
v
2
ω
ε ti ( ξ ) E ( ξ ) ⋅ E * ( ξ ) d 3 ξ ,
= ε0
2 ∫∫∫ v
= −

(50)

, where n denotes the outward-pointing unit vector normal to the particle surface. The
surface and volume integrals are performed for the particle. When electromagnetic
waves are incident on a particle, the electric and magnetic field vectors E and H can be
taken as sums of the incident and scattered fields. Therefore the scattered field vectors
can be written as

E s = E − Ei ,
H s = H − Hi ,

(51a)
(51b)
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, where Ei and Hi denote the incident electric and magnetic field vector, respectively.
Therefore the rate of energy scattered by the particle can be taken as

ws =

1
1
*
Re[ ∫∫ n ⋅ ( E s × H *s ) d 2 ξ ] = Re{ ∫∫ n ⋅ [( E − E i ) × ( H * − H i )] d 2 ξ }
s
s
2
2

(52)
Because both absorption and scattering remove energy from the incident waves, the
extinction rate of the energy can be defined as
we = ws + wa =

1
1
*
Re{ ∫∫ n ⋅ [( E − E i ) × ( H * − H i )]d 2 ξ} − Re[ ∫∫ n ⋅ ( E × H * )d 2 ξ]
s
s
2
2
(53)
1
*
*
*
2
= Re[ ∫∫ n ⋅ ( E i × H i − E i × H − E × H i )d ξ]
s
2
1
*
= Re[ ∫∫∫ ∇ ⋅ ( E i × H i − E i × H * − E × H *i )d 3 ξ] .
v
2

=

Using Eqs. (49) and (53), similar to the derivation of Eq. (50), we can obtain

we = wa + ws = ε0
ω
2
ω
− ε0
2
− ε0

∫∫∫ [ε
v

∫∫∫ ε
v

tr

ω
2

∫∫∫ [ε
v

ti

( ξ ) + ε hi ( ξ )]Re[ E i ( ξ ) ⋅ E * ( ξ )]d 3 ξ
(54)

( ξ ) − ε hr ( ξ )]Im[ E i ( ξ ) ⋅ E * ( ξ )]d 3 ξ
*

hi

( ξ )[ E i ( ξ ) ⋅ E i ( ξ )]d 3 ξ .

Assuming the rate of energy incident on a particle of arbitrary shape is f, then the
absorption, scattering and extinction efficiencies are Q a = w a /f , Q s = (w e − w a )/f

~ = Q /Q .
and Qe = we /f , respectively. The single scattering albedo is consequently ω
s
e
In an absorptive medium, the rate of energy incident on the particle depends on the
position and intensity of the wave source, the optical properties of the host medium,
and the particle size parameter and shape. For spherical particles, following Mundy et
al. [41], if the intensity of the incident light at the center of the computational domain
is I 0 when no particle is positioned in the absorptive medium, the rate of energy
incident on a spherical scatterer centered at the center of the 3D computational domain
is

f =
,

2π a 2
I 0 [1 + (η − 1) e η ] ,
2
η

where

a

is

the

radius

(55)
of

the

spherical

particle,

η = 4πanhi / λ0

1 nhr
( ) | E 0 | 2 , λ0 is the incident wavelength in free space, nhr and nhi are
2 cμ
the real and imaginary refractive index of the host medium, respectively, and | E 0 |

and I 0 =

denotes the amplitude of the incident electric field at the center of the 3D
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computational domain. For non-spherical particles, the rate of energy incident on the
particle may only be calculated numerically.

2. Validation of the FDTD Simulations
To examine the light scattering and absorption by single biological cells, we use a
previously developed C++ computer program [33] which is based on the theory given
above. The Mie code developed by Fu and Sun [22,46] is used to provide the exact
results for the validation of the FDTD simulations.
Figure 5 shows the results for the phase function of a spherical biological cell
containing only cytoplasm and nucleus both embedded in a non-absorptive extracellular medium. The phase function represents the light scattering intensity as a
function of the scattering angle in a given plane passing through the center of the cell.
It is defined by the angular dependence of the P11 element of the Mueller scattering
matrix normalized by the total scattered rate - the integral of P 11 in all possible
directions around the cell. The cell membrane is not taken into account. The nucleus
has a size parameter 2πRc / λ0 = 7.2498, where Rc is the radius of the nucleus and λ0
is the incident wavelength in free space. The refractive index of the nucleus is 1.4, of
the cytoplasm 1.37 and of the extra-cellular material 1.35. The size parameter of the
whole cell is 19.3328.
The FDTD cell size is Δs = λ0 / 30 and the UPML parameters are κ max = 1 and

R(0)] = 10-8 (see Eqs. 12 and 13). The number of mesh points in all three directions is
the same: 209. The number of simulation time steps was 10700. The FDTD simulation
results shown in Figure 5 are compared with the exact results. The typical relative error
of the FDTD simulation results is 5%.

Figure 5. Normalized light scattering intensity (P11 element of the Mueller scattering matrix) distribution
with scattering angle – comparison of FDTD simulation and exact analytical (Mie theory) results. There is a
very good agreement between exact and numerical results with a relative error of approximately 5%.
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Some absolute values of cell parameters can be derived as follows. If λ 0 = 0.9 m , the
cell size Δs = λ0 / 30 = 0.03 m , the nucleus’ radius Rc = 7.2498λ0 / 2 = 1.0385μm
and the cytoplasm radius Rc = 19.3328λ0 / 2 = 2.7692μm .
Table 1

Mie theory
FDTD
|(FDTD-Mie)/Mie|

Qe
0.359057
0.358963
0.026 %

Qs
0.359057
0.358963
0.026 %

Qa
0.0
0.0
-

g
0.993889
0.993914
0.0025 %

The extinction efficiency Qe, absorption efficiency Qa and anisotropy factor g for
the case in Figure 4 are listed in Table 1. Other P matrix elements are shown in
Figure 6. To complete the validation of the UPML FDTD scheme we need to compare
the numerical and exact results for the light scattering patterns from biological cells
embedded in an absorptive extra-cellular medium. Accounting for this material effect
requires a special attention since not all types of boundary conditions can handle
absorptive materials touching the boundary of the simulation window. The main
advantage of the UPML boundary conditions considered here is that they can handle
that. This was already demonstrated by Tanev et al. [19,20] To study the effect of the
absorption of the extra-cellular medium we assume that the refractive index of the
extra-cellular medium has a real and an imaginary part: n +iκ. Figure 6 demonstrates
the very good agreement (~5% relative error) between the FDTD simulated and
analytically obtained by means of Mie theory normalized light scattering patterns in the
case where the extra-cellular medium has a refractive index 1.35+i0.05.

Figure 6. Angular distribution of the normalized P21, P33, P43 and P44 scattering matrix elements calculated by
the FDTD method. Cell parameters are the same as for Figure 5. There is a very good agreement between
exact (Mie theory) and numerical results with a relative error of the FDTD results of approximately 5%.
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Figure 7. Normalized light scattering intensity distribution with scattering angle in the case of absorptive
extra-cellular medium. Cell parameters are the same as for Fig. 5, except a non-zero imaginary part of the
refractive index of the extra-cellular medium k = 0.05.

The extinction efficiency (Qe), absorption efficiency (Qa) and anisotropy factor (g) for
a cell embedded in an absorptive medium (the same as in Figure 7) are listed in
Table 2.
Table 2

Mie theory
FDTD
|(FDTD-Mie)/Mie|

Qe

Qs

Qa

g

0.672909
0.676872
0.589 %

0.672909
0.676872
0.589 %

0.0
0.0
-

0.992408
0.992440
0.0032 %

3. Simulation results
3.1. Effect of Extra-Cellular Medium Absorption on the Light Scattering Patterns
In this section we study the effect of absorption in the extra-cellular medium on the
light scattering patterns from biological cells. We consider two different cell
geometries: the one considered in the previous section and another one with a shape of
a spheroid (both cytoplasm and nucleus) which can be described by the surface
function

x2 y2 z 2
+
+
= 1,
a2 b2 c2
, where a, b, and c are the half axes of the spheroid with a = 2b = 2c.

(56)
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Figure 8. Coordinate system and geometry of a cell with the shape of a spheroid with half axes a, b, and c,
where a = 2b = 2c. The light is incident in the positive x-direction, along the long axis a.

As shown in Figure 8, in the case of the spheroid shape cell, the light is incident
along the long axis of the spheroid. The size parameters of the cytoplasm are defined
by 2πRa / λ0 = 40 and 2πRb ,c / λ0 = 20 , where Ra = a/2 and Rb,c = b/2 = c/2. The size
parameters of the nucleus are defined by 2πra / λ0 = 20 and 2πrb ,c / λ 0 = 10 , where ra
and rb are the large and small radii, respectively, of the nucleus. The extra-cellular
medium has a refractive index 1.35 and 1.34+0.05i. The refractive index of the
cytoplasm is 1.37 and of the nucleus 1.40. The FDTD cell size is Δs = λ 0 / 20 . The
number of mesh point are Nx = 147, Ny = 147 and Nz = 275. The number of
simulation time steps are 14000.
We can see on Figures 9 and 10 that the absorption by the extra-cellular medium
affects significantly the phase function of the both spherical and non-spherical
biological cell, similar to what was found in Tanev et al. [19,20]

Figure 9. Normalized light scattering intensity distribution with scattering angle for two different cases:
absorptive and non-absorptive extra-cellular medium. Cell parameters are the same as for Figure 5. The
values of the imaginary part of the refractive index of the extra-cellular medium are indicated in the insight.
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Figure 10. Normalized light scattering intensity distribution with scattering angle for two different cases:
absorptive and non-absorptive extra-cellular medium. Cell parameters are the same as for the spheroid shape
cell illustrated in Fig. 8. The values of the imaginary part of the refractive index of the extra-cellular medium
are indicated in the insight.

Higher absorption in the extra-cellular medium relatively increases the scattering
intensity for larger values of the scattering angle. This fact has to be taken into account
when studying the light scattering by biological tissue scatterers in general. It shows
that the analysis of light scattering from isolated biological cells should necessarily
account for the absorption effect of the surrounding medium. Accounting for an
effective absorption in the extra-cellular medium could be also considered as an
appropriate way to account for the averaged effect of microscopically localized light
scatterers situated in the proximity of the cell.

3.2. FDTD Analysis of Optical Immersion Techniques
The turbidity of biological tissues can be effectively controlled by means of the socalled optical immersion method. It is based on the concept of matching of the
refractive indices of the scatterers and the host material. In 1950-70 the optical
immersion technique was successfully applied to cell and micro-organism phase
microscopy studies [49-51] and can be considered now as a newly-reborn approach in
tissue optics research [52-56]. The scattering cross-section σs and scattering anisotropy
factor g of a cell (Eqs. 44-46) are dependent on the refractive index mismatch between
cellular tissue components such as the cell membrane, cytoplasm, nucleus, organelles,
melanin granules, and the extra-cellular fluid. The marked reduction of scattering by
optical immersion of bulk tissue by means of intra-tissue administration of the
appropriate chemical agent has been successfully demonstrated (see refs. in [56]).
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The optical clearing effect - the increased light transmission through
microbiological objects due to the matching of the refractive indices of some of their
components to that of the extra-cellular medium - can be most easily demonstrated by
analyzing phase microscope images of bacterial cells containing only a cytoplasm and a
membrane.51 If a biological object is homogenous, matching of its refractive index
value with that of the host medium will make it optically invisible. In the case of a
bacteria containing only a cytoplasm and a membrane matching of the refractive index
of the cytoplasm with that of the extra-cellular fluid will make disappear the image of
the cytoplasm and sharply enhance the brightness of the optical image of the
membrane. In a case where the refractive index of the extra-cellular fluid is externally
controlled by the administration of an appropriate chemical agent, the disappearing of
the cytoplasm and the sharp enhancement of the membrane brightness can be used as
an efficient of measuring of the refractive index of the cytoplasm. Figure 11 illustrates
the optical clearing effect.
The application of the optical clearing effect for the measurement of the refractive
index of cell components is just one of the possible applications. A more detailed
analysis of its various types of applications is given by Tuchin [56]. We will focus on
the application of the FDTD approach as a promising tool for a more in depth study of
the optical clearing effect and its possible applications. Here we present initial 3D
FDTD simulation results of light transmission through a biological cell containing only
cytoplasm and membrane. To the best of our knowledge, this is the first study
presenting the effect of the cell membrane in phase microscopic images.

Figure 11. Effect of the extra-cellular fluid to cytoplasm refractive index matching on the microscope image
of dysentery bacteria cells. There is a sharp enhancement of the membrane brightness. (Ref. 51, p. 70)

The diameter of the cell is 1.44 μm and the thickness of the membrane is 0.06
μm. The FDTD cell size is 0.02 μm. The refractive index of the cytoplasm is 1.36, of
the membrane – 1.47. The excitation wavelength is 0.6328 μm. Figure 12 shows the
phase of the forward scattered light through the cell for two specific cases: extracellular fluid refractive index values 1.33 (no refractive index matching) and 1.36
(refractive index matching). The intensity of phase microscope images is directly
proportional to the phase accumulated by the light beam after its propagation through
the cell.
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No ref. index matching

Ref. index matching

Figure 12. Phase of the Ez light component in the near field of a biological cell containing only cytoplasm
and membrane. It is clearly shown that refractive index matching (graphs in the right) significantly enhances
the phase contrast of the cell membrane. Cell radius – 0.72 μm, membrane thickness – 0.06 μm, cytoplasm
ref. index – 1.36, membrane ref. index – 1.47. Asymmetry is due to the z-polarization of the incident light.

Figure 13. No refractive index matching case – left, refractive index matching case – right. Intensity of the
Ez light component in a plane crossing the cell center and along the direction of propagation - y. Cell
parameters are the same as in Fig. 12.
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Figure 14. No refractive index matching case. Intensity of the Ez light component. Cell parameters are the
same as in Fig. 11 except the cell does not contain a membrane.

Figure 13 shows the lateral distribution of the intensity of the E z light component
from the FDTD simulation described above without (ncytoplasm = 1.36, nmembrane = 1.47,
nextra-cell = 1.33) and with (ncytoplasm = 1.36, nmembrane = 1.47, nextra-cell = 1.36) refractive
index matching, respectively. The light component is shown in the x-y plane going
through the center of the cell and along the direction of propagation (+y). Figure 14
illustrates the scenario where there is no refractive matching and the cell membrane is
not taken into account (ncytoplasm = 1.36, nmembrane = 1.36, nextra-cell = 1.33). Although
having only a demonstrational value, these graphs provide some more insight in both,
the nature of the light scattering process and the FDTD scheme implementation in a
total field/scattered field formulation geometry which was illustrated earlier in Figure
2. The squares in the middle of the graphs shown in figures 13 and 14 represent a cross
section of the total field region (see Figure 2). The rest of the graphs are occupied by
the scattered field region. Its worth noting the snapshots of the E z field shown in Figure
12 are taken in the scattered field region at a position with y-coordinate value equal to
0.9 (physically located behind the cell which corresponds to the upper side of the
graphs shown in Figures 12-13).
Figure 15 shows simulation results illustrating the role of the cell membrane in
phase microscope images. It presents two different scenarios - no refractive matching
with (ncytoplasm = 1.36, nmembrane = 1.47, nextra-cell = 1.33) and without (ncytoplasm = 1.36,
nmembrane = 1.36, nextra-cell = 1.33) cell membrane. To the best of our knowledge, this is
the first study illustrating the role of the cell membrane in phase microscope image
simulations. There is a visible difference in the phase of distribution of the scattered
light field component due the presence of the cell membrane. This fact indicates that
accounting for the cell membrane is critical in biological cell light scattering simulation
studies.
The simulations providing the results shown in Figures 12-15 were performed by
the FDTD solutions software which commercially available by Lumerical Solutions
Inc., Vancouver, BC, Canada.
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No refractive index matching:
cell with membrane

No refractive index matching:
cell without membrane

Figure 15. Phase of the Ez light component in the near field of a biological cell with and without cell
membrane. Accounting for the cell membrane has a significant impact on the phase image. Cell radius – 0.72
μm, membrane thickness – 0.06 μm, cytoplasm ref. index – 1.36, membrane ref. index – 1.47.
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4. Summary and Conclusions
We have presented a detailed overview of a modern version (UPML 3D FDTD) of the
FDTD technique and its potential applications for studying the light scattering and
absorption by biological cells and the optical properties of biological tissue in general.
Our main intention was to provide a valuable reference to the numerically oriented
members of the biomedical research community. More specifically, a numerical
scheme to simulate the propagation of a plane wave in a finite region of a
homogeneous dielectric medium is formulated. The numerical implementation of the
so-called UPML absorbing boundary conditions is described in great detail.
One of the main advantages of the FDTD scheme presented here is its ability to
handle absorptive materials at the edges of the computational window – a feature
allowing one to study the effect of absorption of the extra-cellular fluid on the light
scattering patterns from biological cells. We have shown that the analysis of light
scattering from isolated biological cells should necessarily account for the absorption
of the surrounding medium. The scattering phase functions, extinction and absorption
rates are derived by using a volume integration of the electric field inside the cell. A
Mie solution for the light scattering and absorption by spherical particles in absorptive
media was used to examine the accuracy of the FDTD results. It is found that the errors
in the extinction and absorption efficiencies from the UPML FDTD are smaller than
1%. The errors in the scattering phase functions are typically smaller than 5%. The
errors in the asymmetry factors are smaller than 0.1%.
The UPML 3D FDTD technique presented here was also applied to analyze the
nature of the optical clearing effect - the increased light transmission through biological
cells due to the matching of the refractive indices of some of their components to that
of the extra-cellular medium. The preliminary results shown here demonstrate the
FDTD approach potential for studying the control of biological tissue optical properties
by external administration of chemical agents. This is an area of tissue optics which is
of significant current interest. We believe that that the preliminary results presented
here could initiate a series of interesting research studies on the tissue optical properties
control based on the FDTD approach.
Another promising area of application of the FDTD approach that was not
considered here is nonlinear optics cellular and sub-cellular imaging. Our belief is that,
again, the FDTD approach is an unique and powerful tool that is able to provide a
deeper understanding of the nature of the nonlinear optical processes in biological
tissues on a sub-cellular level as well as of their potential role for biomedical imaging
in general.
In all the application examples presented here we did not discuss any methods and
techniques for the measurements of light scattering parameters from cells, organelles
and sub-cellular structures in general. This would be very useful in terms of defining
the overall biomedical research and clinical context in which FDTD simulations could
play a role, however, it was not part of our objectives. For a familiarization with some
of the current progress in this field, the interested reader could refer to a recent
publication by Boustany and Thakor [59] (and the references therein) as well as to
some of the references included here [16-18].
Although very optimistic about the future of the FDTD numerical technique in
biomedical research, we should point out that requirements of computer memory and
CPU time significantly limit its applications for larger cells and multiple cell clusters.
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This statement, however, is not as pessimistic message as it looks like. What it means is
that the future of the FDTD technique is in its parallel implementations. There is
already a significant progress worldwide, both commercially and in academic centers,
in providing FDTD high performance computing tools and capabilities. Just as an
example we would mention WestGrid [58] - a $48 million project providing high
performance computing, networking, and collaboration tools to research institutions
across Canada.
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Abstract. This chapter aims to review the recent results on the optical clearing of
the naturally turbid biological tissues and blood using the optical immersion
technique. Basic principles of the technique, its advantages, limitations, and future
are discussed. The refractive index matching concept for enhancement of in-depth
light penetration into tissues and blood is discussed on the basis of in vitro and in
vivo studies of optical clearing using optical spectroscopy, polarization and
coherence-domain techniques.

Introduction
The refractive index mismatch of components of a highly scattering medium has a
strong influence on its optical transmittance, reflectance, as well as on polarization and
coherence of the scattered light [1-7]. The turbidity of a dispersive system can be
effectively controlled using optical immersion method based on the concept of
matching of refractive indices of scatterers and ground material. Such technique was
successfully applied in 1950-70 to cell and microorganism phase microscopy studies
[8-10] and can be considered now as a new approach for tissue optics [11-29]. Another
possibility to control optical properties of a disperse system is to change its packing
parameter and/or scatterer sizing [6, 7].
In vivo tissue optical properties control is important for many biomedical
applications [1-3, 6, 29-36]. The selective translucence of the upper tissue layers is a
key technique for the structural and functional imaging. In general, the scattering
coefficient Ps and scattering anisotropy factor g of a tissue is dependent on refractive
index mismatch between cellular tissue components: cell membrane, cytoplasma, cell
nucleus, cell organelles, melanin granules, and the extracellular fluid [4, 6-10]. The
marked reduction of scattering by optical immersion of bulk tissue by means of intratissue administration of the appropriate chemical agent was demonstrated [5-7, 11-12,
15, 18-29, 35, 37-80]. The decrease in scattering also leads to the detection of more
emission photons from tissue depth at laser induced fluorescence or
chemiluminescence [79-83]. In addition, the fluorescence cross-section may be
controlled and differentiated for fluorophores with different localization [81].
Osmotic and diffusive processes, which occur in tissue or blood treated by
chemical agents, are important for the efficiency, fastness and reversibility of optical
clearing. For blood the index mismatch between erythrocyte cytoplasm and blood
plasma is essential, however, erythrocyte volume and shape defined by blood plasma
osmolarity and aggregation capability are also important [84, 85]. Recently the
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feasibility of index matching as a method for overcoming the limited penetration
through blood to obtain vessel wall images has been demonstrated [86-94].
Eye scleral and corneal stroma, skin dermis, cerebral membrane, muscle, vessel
wall noncellular matrix, female breast fibrous component, cartilage, tendon, and other
connective tissues are mostly composed from orientated or quasi-orientated collagen
fibers, therefore, have to show polarization properties [5-7, 11-15, 18-20, 36, 39-44, 61,
95-100]. Nevertheless, in the normal state collageneous tissues have rather strong
scattering preventing precise estimation of their polarization characteristics and causing
light beams attenuation and break down. These phenomena lead to serious limitations
in optical diagnostics, laser therapy or surgery in ophthalmology, otolaryngology,
dermatology, and orthopedics. Reduction of light scattering due to impregnation of
these tissues by immersion agents allows one to examine their polarization properties
with a high accuracy [5-7, 11, 12, 15, 18-20, 36, 39-44, 99], including the secondharmonic-generation signal [61, 100].
Physiological and metabolic changes in cells and tissues are also responsible for
altered optical (scattering) properties of tissues. Detection of such alterations may be
used as a measure of physiological or metabolic processes, for example, for monitoring
of free glucose in tissues and blood [101-109], and bounded glucose (glycated
haemoglobin concentration) in blood [110-113]. In the human body fluid homeostasis,
that is maintained by a well controlled balance of hydrostatic and osmotic pressure, can
be disturbed by the certain disorders induced by inflammation, lymphedema, burn and
etc., that leads to a well detected change in tissue scattering properties in the visible and
NIR [114].
This chapter is an overview of the recent results on studies of the optical clearing
in tissues and blood using the immersion technique. Basic principles of the technique,
its advantages, limitations, and future are discussed.
1. Theoretical Background
1.1. Refractive Index of Tissue and Blood
Soft tissue is composed of closely packed groups of cells entrapped in a network of
fibres through which interstitial fluid percolates. In a microscopic scale the tissue
components have no pronounced boundaries. They appear to merge into a continuous
structure with spatial variations in the refractive index. The tissue components that
contribute most to the local refractive-index variations are the connective tissue fibres
(either collagen-forming or elastin-forming, or reticulin-forming), which form part of
noncellular tissue matrix around and among cells, and cell membrane, cytoplasmic
organelles (mitochondria, lysosomes, and peroxisomes), cell nuclei, and melanin
granules [4, 6-10, 13, 14, 78]. The average background index is defined by the law of
Gladstone and Dale as the weighted average of refractive indices of the cytoplasm and
the interstitial fluid, ncp and nis [4, 6, 7, 78]

n0

f cp ncp  (1  f cp )nis

(1)

, where fcp is the volume fraction of the fluid in the tissue contained inside the cells, ncp
= 1.367 and nis = 1.355. Since in a soft tissue the intracellular compartment contains
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approximately 60% of the total fluid, it follows from Eq. (1) that n0
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1.362 . The

refractive index of a scattering particle can be defined as the sum of the background
index and the mean index variation,

n0  ¢ 'n²

ns

(2)

, where

¢ 'n²

f f (n f  nis )  f nc (nnc  ncp )  f or (nor  ncp )

(3)

and the subscripts f, is, nc, cp, and or refer to the fibres, interstitial fluid, nuclei,
cytoplasm, and organelles, which are the major contributors to index variations. The
terms in parentheses in this expression are the differences between the refractive
indices of the three types of tissue component and their respective backgrounds; the
multiplying factors are the volume fractions of the components in the solid portion of
the tissue. The refractive index of the connective-tissue fibres is about 1.47, which
corresponds to about 55% hydration of collagen, its main component. The nucleus and
the cytoplasmic organelles in mammalian cells, that contain similar concentrations of
proteins and nucleic acids, such as mitochondria and the ribosomes, have refractive
indices that lie within a relative narrow range (1.38 – 1.41) [78]. Accounting this and
supposing that nnc # nor the mean index variation can be expressed in terms of the
fibrous-tissue fraction ff only:

¢ 'n²

f f (n f  nis )  (1  f f )(nnc  ncp )

(4)

Collagen and elastin fibres comprise approximately 70% of the fat-free dry weight
of the dermis, 45% of the heart, and 2–3% of the non-muscular internal organs [4].
Therefore, depending on tissue type, ff = 0.02 – 0.7, that corresponds to ¢'n² = 0.035 –
0.09.
The mean refractive index n of tissue or blood is defined by the refractive indices
of its scattering centers material ns and ground matter n0 [see Eq. (1)]

n

f s ns  (1  f s )n0

(5)

, where fs is the volume fraction of the scatterers.
The refractive index of erythrocyte cytoplasm, defined by the cell bounded
haemoglobin solution, can be found from the following equation [8, 84]:

nec

nw  E  c Hb

(6)

, where nw is the water refractive index, cHb is the haemoglobin concentration in g/100
ml, and E = 0.001942 at a wavelength of 589 nm. Since the scattering coefficient of
blood does not significantly depend on the wavelength in the range 580-800 nm [84],
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this value of E can be used for estimation of the refractive index of erythrocytes in the
NIR.
The m = ns/n0 ratio determines the reduced scattering coefficient. For example, in a
simple monodispersed model of scattering dielectric spheres (Mie theory) [115]

P sc

3.28Sa 2 U s (2Sa / O ) 0.37 (m  1) 2.09

, where a is the sphere radius and

Us

(7)

is the volume density of the spheres. Eq. (7) is

valid for non-interacting Mie scatterers; for anisotropy scattering factor,

g ! 0.9 ;

5  2Sa / O  50 ; 1  m  1.1 .
It follows from Eq. (7) that even a 5% change in the refractive index of the ground
matter (n0 = 1.35 ĺ1.42), when that of the scattering centres is ns = 1.47, will cause a
7-fold decrease of P sc . In the limit of equal refractive indices for non-absorbing
particles, m = 1 and

P sc o 0 .

About 10-fold reduction of

P sc

is expected when the refractive index of the blood

plasma is changed from 1.340 to 1.388 and the refractive index of erythrocyte
cytoplasm is kept constant, nec=1.412 (for haemoglobin concentration in cytoplasm of
400 g/l) [84]. From the other hand, due to rather high refractive index of haemoglobin
or other protein solutions they can serve as appropriate biocompatible immersion
agents for blood and tissue clearing in the NIR [92], where proteins absorption bands
are not very strong.
1.2. Optical Transmittance and Reflectance
Light scattering and absorption of particles composing tissue can be calculated using
Mie theory [116]. The relevant parameters are the size (radius a) and shape of the
particles; their complex refractive index

n s (O 0 )

n s' (O 0 )  in s'' (O 0 )

(8)

, where the refractive index of the dielectric host (ground material) is n0(O0) and the
relative refractive index of the scatterers and the ground material, m = ns/n0; O0 is the
wavelength in vacuum. The imaginary part of the complex refractive index of
scatterers’ material is responsible for light losses due to absorption. Mie theory yields
the absorption and scattering efficiencies and the phase function from which the
absorption and scattering coefficients P s UV sca and P a UV abs , and the scattering
anisotropy factor g are calculated; U is the scatterers (particles) density,

V sca

and

V abs

are the scattering and absorption cross-sections, respectively. The expressions for the
scattering and the absorption cross-sections can be taken form [116, 117].
Mie theory predicts that scattering introduced by spherical micrometer-sized
particles is strongest if particle radius and wavelength are of the same order of
magnitude. Mie theory is strictly only applicable to particles of particular regular
shapes but results are still useful if the shape is irregular. The oscillatory structure of
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the scattering coefficient and anisotropy factor as a function of particle size, which is
observed with spherical particles, is averaged out for irregular ones. The transport
scattering coefficient Pcs increases strongly with the ratio of the real part of scatterer
index and the background medium index, m [see Eq. (7)]. In turn, the scattering
anisotropy factor is maximal when this ratio approaches to 1 [6, 117]. For fully
matched refractive indices of scatterers and background material, the scattering
coefficient goes to zero, and only absorption defines the light beam extinction. As it
follows from Mie theory, absorbing particles suspend in an index-matched medium
causes strongly forward-directed resonance scattering, therefore light absorption by a
system of such particles is smaller than expected from their bulk absorption coefficient
[117].
It is possible to achieve a marked impairment of scattering by matching the
refractive indices of scattering centres and ground matter by means of intra-tissue
administration of the appropriate chemical agents. The transmission of collimated light
by a thin tissue layer of thickness d with the matched boundaries is defined as

TC

I / I0

exp( P t  d )

(9)

, where I0 and I are the intensities of the incident and detected light, respectively; Pt =
Pa + Ps is the attenuation coefficient, Pa and Ps are the absorption and scattering
coefficients, respectively.
For thicker tissue layers the collimated light transmittance can be described by an
exponential law, similar to Eq. (9), accounting for the multiple scattering, when the
effective path of migration of a photon before it will be absorbed should be larger than
thickness of a tissue [118]:

TC (O )
, where

x1 exp[ P a (O ) L(O ) x2 ]

L(O ) reflects the wavelength dependence of

(10)

P a (O )

and

P sc (O ) ;

x1

takes into account multiply scattered but not absorbed photons, which do not arrive at
the detector, and the measurement geometry; x2 compensates for measurement error
of the thickness d. For a slab of thickness d the diffusion equation can be used to
calculate a mean path length L of the photons [118]

( P c d  1) exp( 2 P / P c )  ( P c d  1)
d
s
s
 s
,
2P P c
exp( 2 P / P c )  1
a s
d
s

P

L

Pd

d

[3P a ( P sc  P a )]1 / 2

(11)

(12)

For the immersed tissue (decreased scattering coefficient) the semi empirical Eq.
(10) can be used for fitting of the in vivo measured spectra and estimations of the
concentrations of the absorbers [water (H2O), fat (f), deoxyhemoglobin (Hb), and
oxyhemoglobin (HbO)] more precisely then for non-immersed tissue:
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Pa

c H 2OV H 2O  c f V f  c HbV Hb  c HbOV HbO

(13)

, where Vi is the cross-section of the absorption of i-th component. This is also the basis
for enhancement of tissue physiological images contrast.
For many tissues in vivo measurements are possible only in the geometry of the
backscattering. The corresponding relation can be written on the basis of diffusion
approximation. For the semi-infinite medium and the source and detector probes,
separated by a distance rsd, normal and optically matched to the sample surface, the
reflecting flux is given by [119]

R

ª
z0 A « P d
2S « r 2  z 2
«¬ sd 0

, where z 0

º
» exp[  P ( r 2  z 2 )1 / 2 ],

d
sd 0
2 3/ 2 »
2
(r  z 0 )
»
¼
sd
1

(14)

K / P sc is the extrapolation length; K is the dimensionless constant with

magnitude that depends on the anisotropy parameter of the scatterers and the reflection
coefficient at the surface; A is the area of detector.
From Eq. (14) it follows that for a fixed source-detector separation rsd, intensity of
the backscattered light goes down at scattering damping due to immersion, thus a more
deep in-depth tissue profiling can be provided by increase of rsd. More pronounced
contrasting of spectral signatures of tissue chromophores (absorbers) is also possible at
optimal value of rsd that corresponds to a certain current value of the controlled
scattering coefficient, thus a more precise determination of concentration of the
chromophore is expected.
1.3. Frequency-Domain Measurements
The dynamical response of optical properties (modulation depth and phase shift of
intensity modulation of the backscattered light) of a tissue in respect to interval of a
chemical agent (solution, gel or oil) administration can be measured using a photon
density wave (frequency-domain) technique [23]. When intensity of the light source is
modulated at a frequency Z, a photon density wave is induced in a scattering medium
[2, 3, 6, 30]
A(r)=Adc+Aacexp[i(Zt  T)]

(15)

, where Adc, Aac and (Zt  T) are the dc and ac components of the amplitude of the
photon-density wave and its phase, respectively.
Photon-diffusion theory provides independent determination of the absorption and
reduced scattering coefficients from the measurements at a single modulation
frequency. The expressions for the measured quantities as the phase delay T and ac
amplitude Aac have been presented elsewhere [2, 3, 6, 30]. These expressions depend on
the, source-detector separation rsd, reduced scattering coefficient P‘s, and absorption
coefficients Pa .
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1.4. Optical Coherence Tomography (OCT)
The most prospective applications of the optical immersion technique are expected in
optical coherence tomography (OCT) [6, 30, 31, 36], because rather easily the depth of
OCT images, which is normally limited to 1-2 mm for turbid tissues and blood, and
their contrast can be essentially improved [26, 36, 50, 54, 56, 59, 60, 63, 64, 67, 72-77,
86-90, 94]. For OCT measurements the intensity of reflected light as a function of
depth z and transverse scanning of the sample is obtained as the magnitude of the
digitised interference fringes. The result is the determination of optical backscattering
or reflectance, R ( z , x) , versus axial ranging distance, or depth, z , and transverse axis
x . The reflectance depends on optical properties of tissue or blood, i.e. the absorption
(P a )
and
scattering
( P s ) coefficients,
or
total
attenuation
coefficient ( P t

P a  P s ) . The relationship between R(z) and P t

is, however, very

complicated due to the high and anisotropic scattering of tissue and blood, but for
optical depths less than 4, reflected power will be approximately proportional to
 2 P t z in exponential scale according to the single scattering model [60], and P t can
be obtained theoretically from the reflectance measurements at two different depths, z1
and z 2 :

Pt

§ R ( z1 ) ·
1
¸
ln¨¨
2( 'z ) © R ( z 2 ) ¸¹

, where 'z

(16)

z1  z 2 .

A few dozens of repeated scan signals from the sample is usually averaged to
estimate total attenuation ( P t ) of the sample. Optical clearing (enhancement of
transmittance) 'T by agents is calculated according to

'T

Ra  R
100%
R

(17)

, where Ra is the reflectance from the back surface of the sample with an agent, and R
is that with a control sample.
1.5. Tissue Model and Matter Diffusion
Any connective (fibrous) tissue can be effectively impregnated by a liquid agent. As an
example of fibrous tissue human sclera can be analyzed. A model of the human sclera
in a local region can be represented as a slab with a thickness d that is filled up by thin
and long dielectric cylinders (collagen fibres) with average diameter ~100 nm and
refractive index nc = 1.474 [6, 7, 14, 40, 41]. The cylinders are located in planes that
are in parallel to the slab surface, but within each plane their orientations are random.
The space between collagen fibres is filled up by homogeneous ground substance with
the refractive index n0 = 1.345. A considerable refractive indices mismatch between
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collagen fibres and ground substance turns the system to be turbid, i.e., causes the
multiple scattering and poor transmittance of propagating light. The refractive index of
the background is a controlled parameter and may be changed in the range from 1.345
to 1.474, what transits system from multiple to low-step and even single scattering
mode. For nc = n0 = 1.474 the medium becomes totally homogeneous and optically
transparent if absorption of scatterers is small.
Owing to the fibrous structure of the sclera, the dynamics of fluid diffusion within
the tissue could be approximated by free diffusion with the approximate solution of
diffusion equation [19, 21, 120].

wC f ( x, t )
wt

Df

w 2 C f ( x, t )

(18)

wx 2

, where Cf(x, t) is the fluid concentration, Df is the coefficient of diffusion, and x is the
spatial coordinate. This equation is applicable in the cases when the rate of the process
is not limited by membranes, such as the diffusion of substances in the extrafibrillar
space or when a substance in solution has a high rate of permeation through
membranes. For a plane slab with a thickness d, which is placed at the moment t = 0 in
a solution with the initial concentration of the agent Ca0 ( t = 0; 0 d x d d; Ca(x, 0) = 0;
Ca(0, t)=Ca(d, t) = Ca0), Eq. (18) has the following approximate solution describing the
volume-averaged concentration of an agent Ca(t) [19, 21, 120]

Ca ( t )

W

1 d
ª
§ t
Ca ( x, t )dx # Ca 0 «1  exp¨ 
³
2 0
© W
¬

d2
,
S 2 Da

·º
¸ »,
¹¼

(19)

(20)

Da is the diffusion coefficient of an agent. Equations (19) and (20) allow one to
find the time variations of the total amount of a chemical agent in the tissue sample if
the diffusion coefficient Da for agent molecules in tissue is known. On the other hand,
measurements of Ca(t) makes it possible to estimate the Da value of implanted
molecules in the interstitial fluid of the tissue. For low molecular weight compounds,
the values of their diffusion coefficients in their own media are about 105cm2 s1; for
water, Da = 2.5105cm2 s1 and Da = 0.5105cm2 s1 for saccharose [120].
Equations (19) and (20) were received for diffusion through a homogeneous slab.
Due to its fibrous structure a tissue can be presented as a porous material that leads to
modification of the chemical agent diffusion coefficient

Da

Dai
,
p

(21)

Here, Dai is the chemical agent diffusion coefficient within the interstitial fluid and
p is the porosity coefficient defined as:

p

V  VC
,
V

(22)

, where V is the volume of the tissue sample, and VC is the volume of collagen fibres.
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To describe the bigger molecules diffusion, the theory of hindered diffusion
through a permeable membrane should be used [19, 21, 120].
A water balance in living tissues is one of the important features of tissue
condition. At tissue interaction with external or internal molecules diffusion (proteins,
sugars, alcohols, polymers, etc.) tissue water should be involved in molecular
displacement processes [19, 21]. Water may be transported through a membrane (a
certain tissue layer) by an increased concentration of dissolved substance in one of two
parts of the system. This happens for membranes more permeable for water than for
dissolved material and is called osmosis [120]. In general, biological membranes are
permeable for both water and dissolved substances, but the degree of permeability for
them can be quite different. This is the most complicated case to describe, but the
situation becomes simpler when water and dissolved substance permeate by the same
paths inside a membrane (such as interfibrillar spaces (pores) in fibrous tissues, which
are filled by the interstitial fluid containing water). In that case, fluxes of water and
dissolved substance interact and each flux is dependent on the degree of interaction.
Such interaction between the stationary fluxes can be well described within the
framework of irreversible thermodynamics [120].
Assuming that in a system there is only one type of dissolved molecule (i.e., two
fluxes move through a membrane: the water flux JW and a dissolved matter JS, which
are proportional to the gradients of the chemical potential of water and dissolved
matter), we can find the volumetric flux defined as [120]

J V J WVW  J SVS ,
, where VW and VS are the partial mole volumes, in a form

JV

L p ( 'p  VRT'CS )

(23)

(24)

The flux of dissolved matter can be expressed as [120]

JS

ZRT'C S  C S (1  V ) J V .

(25)

Here, in Eqs. (24) and (25), Lp is the phenomenological coefficient indicating that
the volumetric flux can be induced by rising hydrostatic pressure 'p; V is the reflection
coefficient; Z = (LD  LpV2) ɋS , where LD is the phenomenological coefficient

characterizing the interchange flux induced by osmotic pressure RT'CS; and ɋS is the
average concentration of dissolved matter in two interacting solutions. For the ideal
partly permeable membrane, V = 1. For membranes that are permeable for molecules of
dissolved matter, 0V 1. Eqs. (24) and (25) are valid for solutions with a low
concentration. It should be noted that the volumetric flux for a partly permeable
membrane described by Eq. (24) has the same mechanism of creation for both
hydrostatic and osmotic pressure. So for pores (fibrous) materials (such as sclera,
derma, muscle, dura mater), it is expected that osmotic pressure induces the flux of
water due to increasing hydrostatic pressure, but not through independent diffusion of
water molecules caused by their concentration gradient, because this entails
considerably more resistance.
At tissue impregnation the time-dependent volume fraction of the agent within the
tissue sample fa(t) is proportional to its concentration Ca(t) defined by Eq. (19), thus
using the law of Gladstone and Dale [see Eq. (1)]
n0(t) = n0e(t)f0(t) + nafa(t),
(26)
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, where f0(t) + fa(t) = 1, f0(t) is the volume fraction of interfibrillar media, t is the time
interval of agent application, n0e(t) the refractive index of the endogenous interfibriller
fluid, na is the refractive index of the agent. For application of non-osmotic or lowosmotic agents, n0e(t) # n0e(t=0).
As a first approximation it is also reasonable to assume that the radii of the
scatterers (fibrils) and their density cannot be significantly changed by chemicals (no
tissue swelling or shrinkage take place), the absolute changes of n0 is not very high, and
variations in Ps are caused only by the change in the refractive index of the interstitial
(interfibrillar) space in respect to refractive index of the scatterers. Then, accounting
for that a majority of tissues has m | 1, the ratio of the scattering coefficients at
particular wavelength as a function of refractive index ratio can be written in the
following form [19, 21]:

P s (t ) § m(t )  1 ·
¸
#¨
P s (0) ¨© m(0)  1 ¸¹

2

§ ns
·
1 ¸
¨
¨ n0 (t )
¸
¨ ns
¸
 1¸
¨
© n0 (0) ¹

2

.

(27)

The time-dependent measurements of the collimated transmittance TC of a tissue
layer [Eqs. (9) and (10)] or back reflectance of living tissue R [Eq. (14)] at immersion
agent application allows for estimation of diffusion rate of this agent in a tissue using a
rather simple algorithm [19, 21]. Due to square dependence, the sensitivity to indices
matching is very high, for instance, for m(0) = 1.1 and m(t) = 1.01, Ps(t) # 0.01Ps(0).
It should be noted that a more rigorous approach to calculate the scattering
coefficient must be based on consideration of light scattering by a densely packed
systems of thin dielectric cylinders or spherical particles with a particular size
distribution [4, 6, 7]. Usually immersion agents do not have strong absorption bands
within the wavelength range of interest, thus absorption coefficient often may be
considered as a constant value.
1.6. Tissue Swelling and Shrinkage
When applying the chemical agent a change of the environmental pH is very important
because swelling or shrinkage of tissue is expected. The swelling or shrinkage of a
fibrous tissue is caused not only by the increasing (decreasing) of collagen (elastin)
fibril size but also by the increasing (decreasing) of the sample volume due to rising
(diminution) of the mean distance between fibrils [95, 96, 121]. It is well known that
the change of the environmental pH into more acid or more alkaline side from colloid
isoelectric point increases the swelling degree. It is explained by appearing of positive
or negative charge of colloid particles and, therefore, increasing of hydration degree. In
general, the initial pH condition of the tissue under study and the acid or alkaline nature
of the impregnated solution may lead to different dependencies of tissue thickness or
volume on chemical agent concentration (or impregnation time) due to dependence of
the agent’s permeability on pH [122]. Such behaviour of a tissue sample should be
taken into account when optical measurements are used for estimation of tissue
properties. For example, scleral samples swelling or shrinkage were watched for
different initial conditions of tissue samples preparation and used solutions [19, 21, 24].
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The swelling of sclera and cornea is a function not only of pH, but also of ionic
strength of the bathing medium [96]. Both tissues swelled least near pH 4 (the
isoelectric point), higher hydrations are achieved at low ionic strengths, and bovine
sclera swelled about one-third as much as bovine cornea under the most conditions.
The intermolecular spacing (IMS) in both tissues decreased as the ionic strength is
increased. For scleral tissue at hydration H # 2.5 [H=(Wwet  Wdry)/ Wdry, where Wwet
and Wdry are wet and dry weight of the sample] and pH 7.0, IMS changed from 1.71 to
1.61 nm at 33-fold increase of ionic strength. The IMS has virtually no change on
hydration, when H ! 1, H = 3.2 is physiological hydration; the corresponding mean
values are 1.75 r 0.04 nm for the cornea and 1.65 r 0.02 nm for the sclera at pH 7.4.
For dehydrated tissues (H = 0), the mean spacing is 1.25 r 0.02 nm for the cornea and
1.27 r 0.01 nm for the sclera.
The packing of fibrils, defined as the squared interfibrillar spacing [(IFS)2], is
another important parameter, which determines control of tissue light scattering [96].
For bovine cornea at physiological pH 7.4, (IFS)2 decreases linearly from
approximately 9.2u103 nm2 for a highly hydrated tissue (H = 9.7) to approximately
2.1u103 nm2 at 10-fold less hydration, and is equal to 4.2u103 nm2 at physiological
hydration H = 3.2. Both fibril diameters (mean value 39.0 r 1.1 nm) and the Dperiodicity (mean value 64.50 r 0.35 nm) of corneal collagen are essentially
independent of hydration and pH when hydration is above unity. This means that the
fibrils preferentially absorb the initial water and then remain at a relatively constant
diameter. The remaining unchanged of the D-periodicity with hydration indicates no
significant changes in the dimensions along the axis of the fibrils during swelling.
It also should be noted, that swelling process is quite different for living and post
mortem tissue, for example, cornea in norm keeps normal weight and thickness during
whole life, but undertakes swelling after death or injury of epithelium or endothelium
[121].
2. Experimental Results and Discussion
2.1. Spectral Measurements
2.1.1. Experimental Arrangement
For in vitro and in vivo studies of optical immersion (optical clearing) of tissues, fibreoptic grating-array spectrometers such as LESA-5, 6 (BioSpec, Russia) and PC1000
(Ocean Optics Inc., USA) are suitable due to fast spectra collection in a course of
immersion agent action [24, 46, 47, 52, 53, 55, 57, 58, 68-71]. Typically the spectral
range of interest is from 400 to 1000 nm. The spectrometer fibre probe is consisted of
seven optical fibres. One fibre transmits light to the object, and six fibres collect the
reflected radiation. The mean distance between the irradiating and receiving fibres is
about 200Pm for PC1000 and LESA-6, and about 2 mm for LESA-5. The
spectrometers are calibrated using white slab of BaSO4 with a smooth surface.
Total transmittance, diffuse reflectance and collimated transmittance are measured
in the 200-2200 nm wavelength range using commercially available Varian Cary 5E,
500 or 2415 spectrophotometers with an internal integrating sphere [19, 21, 26, 75, 76].
To reconstruct the absorption and reduced scattering coefficients of a tissue from such
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measurements the inverse adding-doubling (IAD) method [123] or inverse Monte Carlo
(IMC) were applied [24].
2.1.2. In Vitro Measurements
2.1.2.1. Sclera: Monte Carlo Modelling and In Vitro Measurements.
Normally human eye sclera is a turbid medium nontransparent in the visible range [14].
The origin of scleral spectra formation can be understood on the basis of light
scattering by a system of polydispersive irregular arranged collagen cylinders
immersed in the ground substance with a lower refractive index [19, 21, 41] and strong
water absorption bands [13, 14, 25, 48]. This tissue with typical thickness 0.6-0.8 mm
shows multiple scattering and looks like a white medium. The transition from a
multiple to a low-step/single scattering can be provided by drying of a tissue sample
[13, 14] or its impregnation by an immersion liquid [19, 21-25, 27, 28, 38-42, 45-49].
The Monte Carlo simulation of the sclera transmission and reflection spectra was
carried out taking into account the ordering of thin dielectric cylinders (scatterers)
described by the experimental radial distribution function [27, 41]. The collimated
transmittance Tc and the diffuse reflectance Rd calculated spectra accounted for a real
geometry of the integrating sphere used in experiments.

80

a

35

6

40

5

20

4
3
2
1

0
400

c

500

600

O , nm

700

800

Rd, %

60
Tc, %

b

25

1
2
3

20

4

30

15

5

10
5

6

0
400

500

600

O , nm

700

800

d

Figure 1. Theoretical (Monte Carlo modelling) and experimental (integrating sphere) (a, c) collimated
transmittance Tc and (b, d) diffuse reflectance Rd visible spectra of the human sclera. MC: 1 mm-thickness,
120 nm-mean fibril diameter, 285 nm-mean separation between fibrils, fibril refractive index, nc = 1.47, and
interfibrillar refractive index is under control: 1) n0 = 1.35, 2) 1.37, 3) 1.39, 4) 1.41, 5) 1.43, and 6) 1.45.
Experiment: The sclera was carefully purified from ciliary body and retina, washed, and cut into pieces of
area 10u10 mm. (c) Collimated transmittance, sample thickness, 0.6 mm; (b) diffusion reflection, sample
thickness, 0.7 mm. Samples were measured for different time intervals of administration of Trazograph-60
(x-ray contrast agent – a derivative of 2,4,6-triiodobenzene acid with molecular weight of about 500,
n=1.437) in a bath. Spectra 1 were measured 1 min after the samples were immersed in solution, and spectra
from 1 to 8 in 2-min intervals [21, 41].
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A comparison of calculated and experimental spectra (Fig. 1) shows that refractive
index matching can be considered as the main mechanism responsible for tissueenhanced translucence [19, 21, 27, 41]. It is easily seen that the untreated sclera is
poorly transparent for visible and NIR light. Trazograph-60 administration makes this
tissue highly transparent: up to 65% for collimated transmittance at 750-800 nm for the
sample kept in solution for 15 min. In addition, its spectral reflectivity decreased from
~ 35% to ~ 13% in this wavelength range.
The Monte Carlo simulation technique allows one to describe the transition of
tissue scattering mode from complete diffusion to a coherent (ballistic photons
dominates) caused by refractive index matching. Such transition is well illustrated by
the histograms in Figure 2, where the numbers of back- and forward-scattered photons
collected by integrating spheres were calculated [27, 41]. These histograms show that
in the NIR for sclera with unmatched refractive indices, there is a broad distribution of
the number of scattering events with the mean value of 25-30 collisions that forwardtraveling photon undergo, no ballistic photons are seen. For fairly matched refractive
indices, there are ballistic photons that come into being. In particular, for moderately
matched refractive indices (n0 = 1.39), the unscattered and low-step scattered photons
dominate in both directions - forward and back, with the mean number of collisions for
the forward traveling photons of 3-4 and a rather big ballistic component. For strongly
matched indices the ballistic component dominates and both scattering components in
forward and backward directions are small. A strong ballistic component formed at
tissue clearing gives perspectives to coherent-domain diagnostic methods to be wider
used in biomedicine.
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Figure 2. Monte Carlo modeling. Distributions of the number Nph of forward (F) and
backscattered (B) photons (O = 800 nm) undertaken a definite number of collisions Ns before
escaping the human scleral slab of 1 mm-thickness (two integrating sphere geometry) for (a)
unmatched (n0 = 1.35); (b) moderately matched (n0 = 1.39); and (c) strongly matched refractive
indices of collagen fibrils (nc = 1.47) and interfibrillar material (n0 = 1.45) [41].
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Figure 3. The CCD images of the far-zone speckle patterns induced by a focused He:Ne laser beam (633 nm)
travelling through a human scleral sample for early (a) and later (b) stages of the optical clearing at
Trazograph-60 administration in a bath [5].

For the optically cleared sclera, the collimated light makes the main contribution to
transmittance [22, 25, 41, 42, 48]. It follows from the CCD image of a laser beam (633
nm) transmitted through the sclera at different levels of optical clearing (see Fig. 3),
that showing the process of formation of ballistic group of photons (see the centre of
the pattern) at reduction of scattering multiplicity [22]. These images also qualitatively
support the calculated statistics of photon interactions at tissue clearing (Fig. 2).
It should be noted that the human sclera can be considered as a living scattering
etalon in the visible range, like a white glass (see diffuse reflectance spectra in Fig. 1).
For example, due to simpler structure, stable and controllable parameters of sclera in
comparison with skin, light scattering technologies of glucose monitoring designed for
skin measurements [101-109] may be more effective at application to sclera. In this
connection, it is interesting to analyze a change in the sclera colour during its
clarification [41, 44]. The quantitative estimation of this change from transmission and
reflection spectra in Fig. 1 was done by calculating the chromaticity coordinates for the
MKO 1964 colour system. From the calculated colour triangles follows that the native
sclera has a reddish tint in the transmitted light; however, this does not appreciably
change the visual perception because of a very low transmission coefficient. During
sclera clarification, its colour becomes whiter. In the diffuse reflectance, the native
sclera is white, as is visually observed. Upon clarification, the sclera colour in the
reflected light slightly shifts from white to bluish.
2.1.2.2. Optical Clearing Efficiency and Diffusion Coefficient Estimates.
The efficiency of tissue clearing depends on the concentration and temperature of the
solutions used. For bovine sclera at room temperature (18.5qC), the maximum
collimated transmittance at 700 nm Tcmax = 73% (glucose, 45%), 76% (Trazograph-60),
99% (Trazograph-76 and PEGs (6,000 and 20,000), 80%), which were achieved at 1530 min [37]. At physiological temperature this time interval is considerably shortened.
For example, for a PEG 20,000 solution (80%) the time interval for maximal tissue
clearing changed from 27 min at 18.5 qC to 12 min at 38qC.
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It should be noted that for the osmolytes, fluid transport within tissue is more
complicated because there are at least two interacting fluxes, so the model for
describing these processes should be more comprehensive and should include
additional measurement parameters, such as the refractive index of the chemical agent,
tissue weight and/or thickness, and osmotic pressure in a process of tissue clearing.
Such monitoring of the refractive index of a Trazograph-60 in the bath during a process
of scleral clearing gave from 1.4370 (t = 0) to 1.4025 (40 min). Measurements of tissue
samples weight before and after administration of the agents gave the decrease of 5.5%
for Trazograph-60, 15.5% for 40%-glucose, and 28% for PEG (6000). Both
experiments with refractive index and weighting shows differences in osmotic
properties of the used agents and their tissue dehydration abilities, which are in the
range: low (Trazograph-60), midlevel (40%-glucose), and high [PEG (6000)]. It
follows from the experiment that in optical clearing of the sclera by Trazograth-60
dominates process of the replacement of the interfibrillar fluid (mostly water) by
Trazograph-60 which has refractive index higher than water. Rather big reduction of
refractive index in the bath with the sample means that water effectively escapes tissue
and small lost of the sample weight saying that water is replaced by Trazograph-60.
Thus, it may be assumed that in the system there are two approximately equal fluxes
move through a tissue layer: the water flux JW directed out of a layer and a dissolved
matter JS into a layer, which are proportional to the gradients of the chemical potential
of water and dissolved matter [see Eq. (23)] [120]. For glucose and especially for PEG
dehydration plays an important role due to inequality of two fluxes: the water flux JW
out of a tissue layer is stronger than a dissolved matter JS flux into a layer. Thus,
structural changes of collagen fibrils and interfibrillar spacing caused by tissue
dehydration [96] should be accounted for in the tissue clearing model based on tissue
dehydration.
For untreated sclera, the value of osmotic pressure is equal to 0.74 MPa, and it
increases after administration of Trazograpth-60 for 30 min – up to 5.02 MPa [21, 38].
On one hand the osmotic pressure causes the flows generation and their intensities [see
Eqs. (24) and (25)], but on the other hand rather strong osmotic pressure may destroy
tissue structure. A direct histological study showed that there are no serious irreversible
changes in the cellular and fibrous structure of the human sclera for a rather long period
of osmolyte administration (about 30 min for Trazograph-60) [38]. The reversible and
repeatable changes of tissue optical (i.e., structural) properties, when the initial
osmolyte bath is replaced by a physiological solution and then the osmolyte is
administrated again, were demonstrated in a few studies [39, 48].
The theoretical and experimental results show that administration of osmolytes to
the sclera affects the refractive index matching of the collagen fibrils and interfibrillar
fluid, leading to dramatic changes (a reduction) in the scattering properties of the
sclera. For different osmolytes, refractive index matching can be implemented in
different ways: (1) water can leave the interfibrillar space and exit the sample
(dehydration); (2) the administered fluid can enter the tissue and fill up the interfibrillar
space, and water can partly leave the interfibrillar space and partly exit the sample. The
first mechanism is characteristic only for ideal osmolytes, the second, for nonideal
ones. For fibrous tissue similar to sclera, all tested chemical agents can be considered
as non-ideal osmolytes, because molecule sizes of these agents were much less than the
mean cross-section of interfibrillar space, which is about 185 nm, when diameter of the
biggest molecule of PEG (20,000) should be less than 5 nm. Indeed, structure of
interfibrillar matrix and molecular structural properties may also have its influence on
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diffusion, thus the diffusivity of foreign molecules and corresponding strength of water
flux is different for different agents used. A more strength water flux in the sclera was
induced by PEGs, a midlevel by 40%-glucose, and a small by Trazograph-60 [21].
To study more precisely time-dependent transmittance and reflectance of a tissue a
fibre optic photodiode array or CCD spectrometer providing a fast collection of spectra
should be used. This is especially important for diffusion coefficient determination in
in vitro studies and in in vivo monitoring of tissue clarification. Using a photodiode
array spectrometer and a fibre optic probe shown in Fig. 4 in vitro measurements for
human sclera were done at tissue impregnation by various solutions, such as glucose,
Trazograph, Verografin, and propylene glycol, which do not have strong absorbing
bands within the spectral range of interest, 400 - 800 nm [45-47, 124, 125].

Figure 4. Experimental set-up for in vitro and in vivo measurements of the collimated light
transmittance and the reflectance spectra: 1 – optical fibre; 2 – aluminium jacket; 3 – neutral filters; 4 –
tissue sample; 5 – immersion solution; 6 – 0.5 mm pinhole; 7 – cuvette.

To understand the mechanisms of scleral tissue optical clearing the collimated
transmittance spectra and change of the scleral sample weight were measured
concurrently with the administration of glucose solution. Figure 5 illustrates the
dynamics of spectral transmittance change at 40%-glucose administration. The
characteristic time response of sclera optical clearing is about 5 min. The typical
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temporal dependence for tissue sample thickness reconstructed from experimental data
for the collimated transmittance using Monte Carlo method is shown in Fig. 6. For the
particular relation of pH values of the tissue sample and immersion solution this
dependence correlates with the sample weight measurements [21, 37, 124, 125].
Sometimes tissue swelling may have a leading role. The following model of action of
osmotically active liquid on a fibrous tissue seems to be adequate. At the first stage,
approximately 5 minutes after a sample is placed in glucose solution, the substantial
optical clearing was accompanied by the sample thickness decrease. Thus, we may
suppose that optical clearing occurs due to two main mechanisms: (1) refractive index
matching between collagen fibres and penetrated glucose, and (2) glucose osmotic
action that dehydrate tissue resulting in up to 25% decrease of thickness (Fig. 6). On
the late stage of glucose administration, optical clearing process saturates, due to
equilibration of fluids (glucose, water, proteins, salts, etc.) concentrations in the system
and somewhat thickness increase. The further tissue swelling does not influence
seriously tissue transmittance, it slightly goes down, but still is very high. Such nonmonotonic behaviour of tissue thickness – first shrinkage and late swelling, can be
explained using results of Ref. [96], where it was experimentally shown that for bovine
sclera hydration (swelling) may change from H = 2.48 for pH 7, close to physiological,
to H = 7.15 for pH 3. In our case, at the first stage tissue pH is close to physiological
one because only a small amount of glucose with pH 3.5 is penetrated into the sclera
and dehydration of tissue dominates due to osmotic action of glucose, but on the late
stages of glucose administration the pH of the tissue is going down due to a large
amount of glucose penetrated in tissue and thus swelling takes place.

Figure 5. The time-dependent collimated transmittance of the human sclera
sample measured at 420 nm (squares); 589 nm (circles); 630 nm (up triangles); and 700
nm (down triangles) in a course off administration of 40%-glucose in a bath [124].

The experimental data for the collimated transmittance (Fig. 5) can be used to estimate
the glucose diffusion coefficient in sclera. The detailed model of glucose transport in
fibrous tissue is described in Refs [47, 69, 124]. Equations (9), (19), (20), (26), and
(27) are the basis for this model, which can be used for reconstruction of the diffusion
constant. The estimated average value of the diffusion coefficient of 40%-glucose
transport in the scleral sample is equal to DG = (3.45r0.46)u106 cm2 s1 at temperature
200C. The obtained value for diffusion coefficient of glucose in the human sclera well
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corresponds to values of diffusion coefficient for small molecules diffusing in water,
especially for low-concentrated glucose in water solution (DG = 5.2u106cm2s1 at
temperature 15°C [126]), or water diffusion in intact human lens (DW #3.0u106cm2s1
[127]). Such correspondence supports the model of a free and bidirectional diffusion of
glucose into a tissue and water out of a tissue [21].

Figure 6. The Monte Carlo simulation of the time-dependent thickness of the human
scleral sample at administration of 40%-glucose as the best fit to the experimental data for
the collimated transmittance.

2.1.2.3. Dura mater.
Optical clearing of the human dura mater is important for cerebral optical diagnostics,
phototherapy and laser surgery. The dura mater is a typical fibrous tissue and
demonstrates the same behaviour of optical clearing as eye sclera, cornea, or skin
dermis and muscle, but has its own diffusion coefficient, characteristic time and degree
of clearing, defined by its structure. The first results on in vitro experimental study of
the human and rabbit dura mater optical clearing under action of mannitol, glucose and
glycerol solutions at various concentrations are presented in Refs. [68-71, 125].
Figure 7 illustrates the dynamic changes in the rabbit dura mater turbidity
after application of glycerol [70]. A resolution target was placed under a sample. After
the treatment of glycerol for 1min, the target, which was not visible under the native
dura mater [Fig. 7(a)], was seen through the specimen [Fig. 7(b)]. Optical property
measurement results [Fig. 7(c)] confirmed the visually observed reduction in scattering.
Figure 7(c) shows the increase in transmittance within the wavelength range of 400750 nm as a function of time the sample was soaked in glycerol. The hemoglobin
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Figure 7. Visual changes in the in vitro turbid rabbit dura mater and the measured optical
changes before and after epidural application of glycerol. (a) Native dura mater placed over the
resolution target, bar=1mm. (b) One-minute application of glycerol, bar=1mm. (c) Transmittance
spectra for native dura mater measured at application of glycerol for 1, 2, and 10 min [70].

absorption became so much more prominent after application of glycerol [Fig. 7(c)].
This indicates that the quality of images received by techniques based on the detection
of hemoglobin absorption spectra can be significantly improved at reduction of
scattering of the tissue upper layers.

Figure 8. (a) The temporal spectral dependencies of collimated transmittance measured
for the human dura mater sample in a course of administration of 40%-glucose solution
in a bath [68, 69].
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Figure 8 presents the collimated transmittance spectra and temporal dependencies of
the spectral components for the human dura mater samples impregnated by glucose
solution. It is well seen that glucose is also very effective agent for dura mater clearing.
Using such measurements for glucose and mannitol and algorithm described in Refs.
[24, 68, 69], the diffusion coefficients for 40%-glucose and mannitol solution (156
mg/ml) were found: DG = (5.43 r 0.88)u106cm2s1 and DM = (1.67 r 0.21)u106cm2s1
[69].
2.1.2.4. Skin.
Skin has a principle limitation which makes optical clearing method less efficient and
more complicated in application and describing. The origin of this limitation is a
cellular-fibrous biological structure of skin, which has a protective function preventing
penetration of pollutions and micro organisms inside the body. The upper cellular layer
is epidermis which consists of stratum corneum (mostly dead cells) and four layers of
living cells. Stratum corneum (SC) due to its cellular structure and strong lipid bridges
between cells is a dense medium with a pour penetration for foreign molecules [122].
Dermis is the next thicker layer of the skin, which is mostly fibrous tissue well supplied
by blood, thus can be easily impregnated by exogenous or endogenous liquids
(immersion agents). Subcutaneous tissue contains a big portion of fat cellular layer,
which is much less penetrative for diffusing molecules than dermis. Such specific
structure of skin defines the methodology of its effective optical clearing, which is
related to the immersion of refractive indices of scatterers (keratinocytes components in
epidermis, collagen and elastic fibers in dermis) and ground matter [6, 23, 26-29, 30,
35, 49, 50-67]. Experimental studies of optical clearing of skin using water, glycerol,
glycerol-water solutions, glucose, propylene glycol, oleic acid, DMSO, sunscreen
creams, cosmetic lotions, gels and pharmaceutical products were carried out in Refs.
[6, 23, 26-29, 30, 35, 49, 50-67, 128-131].
The efficiency, such as 4-13-folds increase in transmittance for the different
immersion agents (glycerol-water solutions, DMSO, and ultrasound gel) action on the
human skin stripped samples (30-40 Pm in thickness), was achieved [132]. Because of
the small thickness of the sample with a few layers of the dried keratinocytes and
sample’s inhomogeneous boundary containing parts of destroyed cells through which
an agent diffusing, the rate and efficiency of immersion were very high. Less than 1 s
was needed to achieve saturation in optical transmittance of the sample which can be
increased more than one order of the magnitude.
An in vitro study of rat dorsal skin impregnated by anhydrous glycerol, when the
agent was applied to the dermal side of the skin sample, showed a power wavelength
dependence of the reduced scattering coefficient in the wavelength range from 500 to
1200 nm, described by Psc aOh, with reduced scattering coefficient at 500 nm Psc| 50
cm1 and h=1.12 for normal skin, and with subsequently decrease in Psc(500 nm) and h
with increased time in glycerol (mostly due to dehydration effect), Psc| 30 cm1 and
h=1.09 for 5 min, Psc| 20 cm1 and h=0.85 for 10 min, Psc| 12 cm1 and h=0.52 for 20
min, and Psc| 23 cm1 and h=0.9 for the rehydrated sample kept in physiological
phosphate buffered saline solution for 20 min [26]. A 60% decrease in hydration was
estimated on the basis of changes in the water absorption peaks and a 21.5%
corresponding decrease in thickness was found going from the native tissue to the
tissue treated with glycerol for 20 min. The rehydration process caused the thickness
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and turbidity of the sample to go back towards the initial states, but during the course
of rehydration lasted 20 min the turbidity (Psc) did not reach the initial state.
Accounting for relatively short period of time (a20 min) for optical clearing of skin
samples of about 1 mm in thickness in this experiment and high viscosity of glycerol,
its action as a hyperosmotic agent should mostly drew interstitial water out of the tissue
and, at a slower rate, should replaced the water and salts of the ground substance. The
twenty minutes of rehydration are also not enough for water to re-enter all of the cells
and collagen fibers in the tissue, thus the scattering coefficient and spectral power
parameter h for rehydrated tissue are somewhat less than their initial values.
More prolonged administration of glucose (up to 6 hours) and glycerol (up to 45
min) into the fresh rat skin samples at room temperature in the course of tissue
collimated transmittance measurements was also done [49, 55, 133, 134]. These studies
were performed to clarify the mechanisms of the skin optical clearing and to optimize
the technique. To avoid tissue damage and to provide less viscosity of the chemical
agent a glycerol-water solution (71% vol/vol) and 40%-glucose, both are available in a
drug store, were used as immersion agents. Skin samples were of 0.57-0.90 mm in
thickness and 1u1 cm2 in area, some of them contained whole skin including epidermis,
dermis and hypodermic fatty layer, and for others fatty layer was removed. Hairs were
removed by tweezers and the immersion agent was applied for both sides of the sample
in a bath. Figure 9 illustrates the typical optical clearing dynamics for the spectral
collimated transmittance. It is well seen that the untreated rat skin is poorly transparent
for the visible light. Both glucose and glycerol administration makes this tissue highly
transparent; the 15-fold increase of the collimated transmittance for glucose [Fig. 9(a)]
and 10-fold increase for glycerol [Fig. 9(c)] at 700 nm for the samples with fatty layer
kept in solution for 45 min are seen. The efficiency is substantially greater with
removed fatty layer [Fig. 9(b)], about 50-fold transmittance increase is seen for glucose
solution at the same wavelength during the same time interval, further increase of
transmittance and its saturation is happened for more prolonged time intervals.
It is evident that penetration rate of the agent into the skin is much slower than that
for the sclera or dura mater, which takes only 8-10 min to be saturated by Trazograph
or glucose solutions. In comparison with the sclera and dura mater no saturation of the
clearing process was seen up to 6 hours if fatty layer is not removed. This phenomenon
can be connected with the low permeability of the epidermal and fat tissue cellular
layers for any molecules, which is slowly down both fluxes – the water flux from the
tissue and immersion agent flux from the outside into the tissue. Saturation of the
optical transmittance can be expected when the equilibrium state in the immersion
agent/water diffusion process will be achieved, i.e. when concentrations of water and
immersion agent inside and outside tissue will be approximately equal. For skin with
epidermis and fatty layer such saturation was not reached even for 6 hours of glucose
administration, but with removed fatty layer in 1 hour saturation was achieved.
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Figure 9. The time-dependent collimated transmittance of the rat skin samples (1 hour after
autopsy, hairs were removed using tweezers) measured at different wavelengths in a course of
administration of immersion solution in a bath. (a) Sample thickness 0.73 mm, with hypodermic fatty
layer, immersion agent - 40%-glucose; (b) sample thickness 0.57 mm, with removed hypodermic fatty
layer, immersion agent - 40%-glucose; (c) sample thickness 0.9 mm, with hypodermic fatty layer,
immersion agent glycerol-water solution (71%, vol/vol) [133].

Using the early discussed algorithm described by Eqs. (9), (19), (20), (26), and
(27) and experimental data, the diffusion coefficient of water in the skin at glycerol
action can be estimated. Such estimation is valid for the agents with a strong osmotic
strength, because the water flux dominates in the system. The mean value of the
diffusion coefficient at 20qC averaged for the six skin samples is equal to
(5.1r2.3)u107 cm2s1, which is about two orders less than the diffusion coefficient of
water in water, DW # 105cm2s1 [135] or one order less than water diffusion in intact
human lens, DW # 3.0u106cm2s1[127].
Using near infrared spectroscopy (800-2200 nm), mass and water loss
measurements, and transdermal skin resistance measurements, such enhancers of skin
permeability as dimethyl sulfoxide (DMSO) and oleic acid (OA), a mono-unsaturated
fatty acid, were compared at propylene glycol (PG) application onto epidermal surface
of the samples of fresh porcine skin with a thickness 1.52r0.18 mm [128]. It was
shown that, when compared with DMSO as an enhancer, OA has a similar synergetic
optical clearing effect. Accounting for clinical safety reasons, OA could be an optimal
choice as an enhancer for optical clearing of skin, because it is recognized as safe, free
of side effects agent, and DMSO has some potential toxicity. After application of OA
solution (0.1 M of OA and PG-40) the total transmittance measured on the wavelength
1278 nm of the skin sample increased by 41% and 58%, respectively for 30 and 60 min
treatment, while diffuse reflectance decreased by 39% and 47%, respectively.
Diffuse reflectance spectra were transformed into apparent absorbance (A =
log1/Rd). The difference in apparent absorbance between two wavelengths 1936 nm
and 1100 nm was adopted to monitor the change in water content [60, 74-76, 128, 136].
Important, that OA solution provided the greatest water loss in comparison with the
other tested solutions, 37% and 46% after 30 and 60 min treatment, respectively. As for
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DMSO-50, water loss was of 15% and 20%; PG-80 – 20% and 29%; and PG80+DMSO-50 – 34% and 44%, after 30 and 60 min treatment, respectively. But the
mass loss at OA solution application was the minimal among the tested solutions, after
30 min PG-80 provided 10.9% of mass loss, PG-80+DMSO-50 – 6.4%, and OA(0.1
M)+PG-40 – 6.3%. More mass loss was obtained after 60 min of these agents
application, PG-80 – 14.2%, PG-80+DMSO-50 – 9.9%, and OA (0.1 M)+PG-40 –
8.3%. The comparison of water and mass loss data give a nice confirmation of the basic
conception of the optical clearing that refractive index matching is achieved by two
main diffusing processes: water flux from tissue (dehydration) and agent flux into
tissue (replacement of interstitial water by the agent).
A method of accelerating penetration of the index-matching compounds by
enhancing skin permeability through creating a lattice of micro-zones (islets) of limited
thermal damage in the stratum corneum was recently proposed [137]. A combination of
a flash lamp system (EsteLux, Palomar Medical Technologies, Inc.) and a specially
designed appliqué with a pattern of absorbing centers (center size ~75 μm, lattice pitch
~450 μm) has been used to create the lattice of islets of damage (LID). Several indexmatching agents, including glucose and glycerol, have been tested. Complete optical
clearance of a full-thickness pig skin in vitro has been demonstrated with 40% glucose
solution after creating a LID with three optical pulses (fluence 36 J/cm2, 20 ms pulse
duration).
2.1.2.5. Gastric Tissue.
Transmittance and diffuse reflectance measurements were recently performed over a
range from 800 to 2200 nm for frozen-thawed and fresh native porcine stomach cardiac
and pyloric mucosa sections of 1.2-1.6 mm in thickness [60, 74-76, 136]. Immersion
solutions (glycerol/DMSO/water) of different concentrations were topically applied
onto epithelium surface of the sample and then spectra were acquired at time intervals
of 5, 10, 20 and 30 min, respectively. The difference in apparent absorbance (extracted
from the diffuse reflectance) between two wavelengths 1936 nm and 1100 nm was used
to estimate water content [60, 74-76, 128, 136]. Over the whole wavelength range
investigated, the transmittance was increased with time, and diffuse reflectance was
decreased over the range of 800–1370 nm. The greatest increase in transmittance was
at 1278 nm and the greatest decrease in reflectance was at 1066 nm.
It is found that there is a strong correlation between optical clearing and water
desorption [74-76, 128, 136]. At 30 min after the treatment 80%-glycerol caused 15%
water loss, whereas 50% glycerol and 50% DMSO caused 9% and 7% water loss,
respectively. The patterns of optical clearing are similar to those of water desorption.
The water loss was maximal (~19%) and optical transmittance at 1278 nm was also
maximal (~30%) for mixture of 50% of glycerol and 30% of DMSO (synergetic effect).
Reduction of scattering and water absorption allows one to get more pronounced
signatures of absorbing bands of tissue components. In particular, this was
demonstrated for apparent absorbance spectra (1400-2200 nm) measured at 50%DMSO application. The major features of these spectra are the bands near 1450 nm and
1936 nm, corresponding to the first overtone of OH stretch in water and the
combination mode of OH stretch and HOH bend in water, respectively. DMSO
application significantly changes the absorbance spectrum of the tissue. The new peaks
of 1730 nm and 1675 nm appeared at 5 min after DMSO administration, i.e., with the
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water loss (scattering and water absorption reduction) and may correspond to
resolvable CH groups in lipids and proteins.
2.1.3. In Vivo Measurements
2.1.3.1. Scleral Tissue
In vivo measurements were done for a rabbit eye using experimental setup presented in
Fig. 4. Measured spectra and dynamic response on selected wavelengths are shown in
Fig. 10 [29]. The surface temperature of the rabbit eye was ~38qC, drops of 40%glucose was used as a chemical agent. A significant decrease of the reflectance during
the first 5 min of glucose administration is seen. The spectral dips at 420, 530, and 570
nm are caused by blood perfusion. Evidently, more fast decay at 420 nm reflects blood
perfusion dynamics due to eye conjuctiva and sclera inflammation caused by light
irradiation and osmotic action of glucose. Because blood has less influence from 630 to
700 nm, measured dynamic responses can be used for estimation of diffusion
coefficient for glucose in sclera.
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Figure 10. The in vivo measured optical reflectance of the rabbit eye sclera at administration (drops) of
40% -glucose solution. (a) The spectra measured at different time intervals: 1 – 1 min, 2 – 4 min, 3 –
21 min, 4 – 25 min, and 5 – 30 min after drop of the solution into the eye. (b) The time-dependent
reflectance of the rabbit eye sclera measured at 420, 630 and 700 nm [29].

From the experimental data presented in Fig. 10 one can see that for in vivo
measurements reflectance decreases up to 2-folds, such value of decrease is
comparable with in vitro studies for Trazograph-60 immersion [Figure 1(c)]. The
living sclera seems to be more effectively controlled by immersion due to blood
perfusion and metabolic activity of leaving tissue, which cause more effective
impregnation of tissue at physiological temperature in spite of that the agent was
applied only to the exterior surface of the sclera. In general, the rate of agent diffusion
in a tissue increases from the minimal rate for the fixed tissue samples, when additional
bonds between the protein molecules hindering the agent transport are formed, to the
midlevel for the fresh tissue samples, and the highest for in vivo immersion.
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2.1.3.2. Dura mater.
In vivo studies on glucose and glycerol action on rabbit dura mater at the open cranium
and epidural agent application are described in [70]. These measurements were done in
the range 400-750 nm and confirm the concept of effective optical clearing of fibrous
tissue. The vasculature under the dura mater became visible after the treatment by
glycerol [70]. The reflectance decreased as a function of time glycerol action, which
proved the visually observation. The dura mater nearly recovered to native condition
after 1 min.
2.1.3.3. Skin.
In vivo topical application of glycerol, glucose, Trazograph, propylene glycol, cosmetic
lotions and gels also made human skin more translucent, within a time period from a
few minutes to a few hours [23, 27, 28, 50, 52, 122, 133, 134]. Water loss or increase
by means of moisturizing substances, seriously influences skin optical properties [129131]. NIR reflectance spectroscopy is used as a method to directly determine changes
in free, bulk, and protein-bound water and to assess scattering effects in skin, for the
evaluation of skin care products [129]. The following spectral bands associated with
water: free water – 1879 nm, bulk water – 1890 nm, and protein-bound water – 1909
and 1927 nm. The effect of increases in ambient humidity is associated with increased
levels of free water in the skin, while moisturizers containing hydroxyethyl cellulose,
propylene glycol, dipropylene glycol, and glycerol contribute to a decrease in the light
scattering [129]. The water observed in such experiments is primarily in the stratum
corneum (SC) since only a small part of the reflected light comes from the epidermis or
below.
Noninvasive measurement of the SC hydration can be performed using Attenuated
Total Reflectance Fourier Transform Infra Red (ATR FTIR) spectroscopy [130, 138].
Three absorption bands are relevant for determining water content in the SC: 3300 cm-1
(3030 nm) – O-H and N-H vibrations; 1645 cm-1 (6079 nm), amide I band; and 1545
cm-1 (6472 nm), amide II band. The amide I band intensity is pronounced in the
presence of water due to the strong absorption of water at 1645 cm-1 and the changes in
the carbonyl absorption under the influence of water, while the amide II band intensity
is due to protein alone. The intensity ratio of the amide I /amide II bands, also called
moisture factor, is assumed to be a relative measure of the SC hydration [130]. Various
SC moisturizers based on glycerol, propylene glycol, sodium lactate, natural
moisturizing vegetal, liposomes, butylene glycol, polyglycerylmethacrylate, and urea
were used for an in vivo SC hydration study [130]. Depending on the composition and
concentration, the maximal SC hydration could be reached in 0.5-2 hours after
application of the substance on the skin surface. For some substances, considerable
moisturizing effect was detectable up to eight hours following application.
To enhance clearing agent permeation through SC a number of specific
procedures, such as heating, electrophoresis, and sonophoresis, are usually applied [51,
122, 139]. To increase efficiency of the topical application of the clearing agents,
gelatin gels containing clearing agents (verografin, glycerol, or glucose) were designed
[51]. The diffusion rate of the agents within the gel layer can be rather high, and this
along with comparatively large volume of the gel provided the constant concentration
of clearing agent, equal to agent content in the gel, at the skin surface. For intact skin of
a volunteer the best dynamics, i.e. the rate and the degree of clearing (17%), was
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observed in the case of verografin-gel; after 40 min of observation clearing still
proceeds with marked rate, while for glycerol-gel after 27 min the curve flattens out; no
clearing was observed in 40 min of glucose-gel application. As a barrier function of the
skin is associated mainly with SC, the measurement was carried out on the skin after
30-50 Pm-epidermal glue stripping [51]. Application of glucose-gel to the skin without
upper epidermis gave rapid 10% drop of reflected light intensity. Glycerol-gel gave
better results; over the time of observation the decrease of reflected signal ranged up to
~20%, that was twice what was attained for intact skin. The electophoretic applicator
and gel with twice content of gelatin were also applied to human skin optical clearing
[51]. When the active electrode was connected as anode, the reduction of optical signal
by ~20% was attained. This value is comparable to the results with stripping, but the
time of attainment of minimum signal is nearly halved. When the active electrode was
connected as a cathode, an increase of back reflectance was observed over the whole
duration of measurement. The effect was attributed to the development of erythema.
It may be concluded that for the topical application of glycerol-gel and glucose-gel
the employment of epidermal stripping and electrophoresis technique does lead to the
enhancement of the dynamics of in vivo optical clearing of human skin. The best
characteristics were obtained with electrophoretic administration of glycerol from
anode. In the case of glucose, stripping and electrophoresis from cathode give close to
each other results, but the application of glucose should be terminated after 10-12 min
for the risk of deterioration of clearing by erythema development.
The administration of glucose or glycerol by intradermal injection into rat or
hamster skin causes the decrease of reflectance and the corresponding increase of tissue
transmittance [49, 53, 55, 58, 133, 134]. This effect was observed at the all
wavelengths during 15-18 min after glucose injection [53, 58]. The most changes of
tissue reflectance were found at the wavelengths from 580 to 750 nm, where scattering
dominates. At the 16th min the reflectance of the skin was minimal (maximal
transmittance), it decreased of about 3.5 folds at 700 nm, than tissue went slowly back
to its normal state – at the 76th min reduction of reflectance of only 2 folds was
watched. It was shown that glycerol injection causes more prolonged effect of tissue
optical clearing, but reflectance decreased a little bit smaller than for glucose injection.
This can be explained by a higher viscosity of glycerol and by its indirect action
through tissue dehydration.
Small blood microvessels can be clearly identified visually by the naked eye in in
vivo study of the subdermal side of a native hamster dorsal skin flap window
preparation at glucose dropping [94] and hamster [26] or rat [58] skin, when a virtual
transparent window (VTW) in skin was created by intradermal injection of glycerol
[26, 58] or 40%-glucose [58]. The VTW in diameter of ~ 4 mm in the skin was created
with the living time of ~ 30 min for 40%-glucose and more than 60 min for 75%glycerol. The swelling white ring (edema) is appeared around the VTW after agent
injection. The images of skin after intradermal injection of glucose, glycerol and water
were recorded by digital video camera. The diameters of swelling area (DS) and VTW
(DT), and their ratio (DS/DT) were measured [53]. For glucose, the VTW and swelling
area diameters were not changed during first 15 min after injection. Since 20th min the
significant reduction of the VTW was observed. For glycerol injection, diameter of the
VTW was approximately the same, but swelling ring was bigger, and both
transmittance and swelling were seen for longer time (>60 min) than at glucose
injection. The injection of distillate water causes only the appearance of swell in the
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site of the injection. The diameter of swelling area is decreased gradually and swell
disappears to the 30th min after injection.
Figure 11 shows the reflectance spectra and the corresponding time-dependent
reflectance for a few spectral components measured for a human healthy volunteer at
intradermal 40%-glucose solution [52]. The reflectance spectra show a scattering
background determined by the diffusion reflection of the skin layers with the wellpronounced bands caused by blood optical absorption. Within one hour after glucose
injection, the skin reflection coefficient decreases in average by a factor of 3.8 and then
exhibits a slow increase, which indicates that glucose is eliminated from the
observation area and the skin reflectance tends to restore itself to the initial level. Based
on this results and the proposed skin clearing model, we may suggest that the main
contribution to clearing in the first stage (first hour) is due to the refractive index
matching between collagen fibrils of the dermis (n=1.46) and the interstitial space
(initially n=1.36) to which glucose (n=1.39) diffuses. Estimated from the experimental
data [Fig.11 (b)] diffusion coefficient of glucose in dermis is DG=(2.56r0.13)106
cm2/s; this value is 3.6 folds less than for glucose diffusion in water at 370ɋ,
DG|9.2106 cm2/s, and reflects the character of dermis permeability for glucose.
For applications is important that skin preserves transparency (low reflectance) for
a few hours after injection, which is defined by glucose diffusion along the skin
surface, because upper and lower layers of the skin – epidermis and fat – have much
lower permeability than dermis. For optical clearing effect to be still seen, glucose
should diffuse at least at the distance l=1.25-1.75 mm for the fibre probe used in
experiments (Fig. 4), i.e., the diffusing (optical clearing) time W | l2/DG| 1.7-3.3 hrs
(well corresponds to experimental data) [Fig. 11 (b)].

a

b

Figure 11. D The reflectance spectra and (b) the time-dependent reflectance at three
wavelengths (420, 500, and 700 nm) of the human skin measured at hyperdermal injection of
0.1 ml of 40%-glucose into internal side of the forearm of the male volunteer for different time
intervals; (1) intact skin, (2) at 23 min and (3) at 60 min after injection [52].

As is seen from Fig. 11 (a) on dermis clearing (reduction of scattering) the contrast of
haemoglobin absorption bands is significantly higher than for control, but for
prolonged immersion (curve 3) contrast is again not very high. This is very important
for contrasting of tissue abnormalities (tumours) associated with haemoglobin or other
absorber concentration (for instance, Indocyanine Green dye). Therefore, there is an
optimal immersion time interval (for human skin at glucose injection is of 60 min),
which allows one to see skin absorbers and localise them more precisely at reduced
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scattering. Indeed, for prolonged immersion contrast goes down due to less light
interactions with absorption at low-step scattering.
In vivo experiments have been conducted using a recently proposed and tested in vitro
method of accelerating penetration of the index-matching compounds by enhancing
skin permeability through creating a lattice of micro-zones (islets) of limited thermal
damage in the stratum corneum [137]. Digital photography and diffuse reflectance
measurements were used to quantify the degree of optical clearing. Several agents,
including glucose and glycerol, have been tested. Very high optical clearance of a fullthickness human skin in the visible has been demonstrated.
2.2. Frequency-domain measurements
2.2.1. Experimental Arrangement
The dynamical response of optical properties of tissues treated by a chemical agent can
be measured using a photon density wave (frequency-domain) technique [7, 23, 27,
57]. The intensity and phase of photon-density waves generated by the NIR optical
source (786 nm) at a frequency of 140 MHz were measured at several source-detector
separations. For the small (1-3 mm) source-detection separation measurements
allowing for thin tissue layer examination, a special multichannel fibre optic probe was
designed. It was used together with the Dicon multichannel fibre optic switcher.
Dynamical response of optical properties (modulation depth and phase shift of intensity
modulation [see Eq. (15)] of the backscattered light) was measured for some tissues
upon time interval of a chemical agent administration.
2.2.2. Sclera
Data shown in Fig. 12 are the temporal changes of ac amplitude during Trazograph-60
administration for three different source-detector separations and two different
techniques of immersion solution administration – by injection and by drops [23]. The
clearing of scleral tissue was observed during first 3 min of Trazograph-60
administration by injection. For small source-detector separations - about 1-2 mm - and
a relatively large one - 3.5 mm - the temporal dependencies are quite different. For the
first 3 min after injection of the chemical agent the positive time scale corresponds to a
decrease of scattering due to tissue immersion. For the small source-detector
separation, intensity of reflected light decreases along with scattering decrease; and for
rather large separations, when lateral photon diffusion effects are important, intensity at
first goes up with decreased scattering, but if scattering continues to decrease, intensity
will lessen. That is why a local maximum on a curve for a separation of 3.5 mm was
observed. At the third minute after chemical agent injection, due to its diffusion into
neighbour tissue regions, amplitudes for all separations have a tendency to go to initial
values. Another technique of chemical agent administration by drops shows the same
tendencies for small and large separations as for injection, but essential changes of the
amplitudes happen momentarily after chemical agent drops are applied, and then
amplitudes slowly change in opposite directions. Such behaviour depends on the
specific features of a chemical agent application, which are (1) superficial
impregnation (underlines the importance of surface immersion effect); (2) continuous
renovation of the chemical agent on the tissue surface (many drops during the
measurement interval).
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Figure 12. Frequency-domain measurements at = 786 nm and modulation frequency of 140
MHz for several source-detector separations (1.14, 2.08, and 3.5 mm). The time-dependent changes
in amplitude of optical signal from the enucleated human eyeball measured in situ after (a)
Trazograph-60 injection and (b) Trazograph-60 drops in the vicinity of detector fibre tip [23].

2.2.3. Skin

normalized amplitude

The relative amplitude temporal dependencies for glycerol topical application onto
human skin in vivo are shown in Fig. 13 [23]. The observed amplitude changes are
small, reflecting minor permeation of epidermal cell layers to any chemical agent.
Nevertheless, these measurements show enough sensitivity of the frequency-domain
method to the small changes of the scattering coefficient of the skin.
For large (2.5 cm) source-detector separation and topical application of cosmetic
gel with refractive index n=1.403 (Pond’s) only about 6 % reduction of the scattering
coefficient averaged over the large measuring volume was observed [23]. This means
that the scattering coefficient of the upper (superficial) layers of the skin changed more
effectively.
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Figure 13. Frequency-domain back-reflectance measurements ( = 786 nm and
modulation frequency of 140 MHz) for several source-detector separations (1.14, 2.08, and
3.5 mm) for in vivo study of a human arm under 20 min glycerol administration [23].
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2.3. Polarization Measurements
Dynamics of polarization structure of the tissue image at immersion can be easily
observed using an optical scheme with a “white” light source and a tissue sample
placed between two in parallel or crossed polarizers [5, 132]. In such experiments a
tissue layer “works” as a phase plate (or number of phase plates [140]), which linear
birefringence is spatially- and temporally-dependent. As scattering goes down with
time due to refractive index matching, the birefringence of fibrillar structure of the
sclera, for example, affects the transmittance of the optical system. At a strong
refractive index matching of collagen fibrils and extrafibrillar space, not only
scattering, but also birefringence of form will be damped, because both phenomenon
based on the refractive index mismatch – scattering due to irregular refractive index
variations, and birefringence due to regular ones. At a midlevel of refractive index
matching [44], when n0 = 1.39, measured birefringence of a scleral sample, 'noe #103.
At reduction of scattering the degree of linearly polarized light propagating in
sclera is improving [5, 7, 39, 40, 43, 44, 46]. This is clearly seen from experimental
graphs in Fig.14 [46]. At tissue immersion the number of scattering events decreases
and residual polarization degree of transmitted linearly polarized light increases. As a
result, the dynamics of tissue average transmittance and polarization degree are similar.
It follows from Fig. 14 that tissue optical clearing leads to increase of the
depolarization length [141]. The polarization imaging is a useful tool for detection of
subsurface lesions, but it is effective only at depths smaller than the depolarization
length [97]. Optical clearing may give a possibility to substantially increase the depth
of polarization imaging.

Figure 14. The time-dependent polarization degree, (I__IA)/(I__IA), of collimated
transmittance measured at different wavelengths for the rabbit eye sclera at
administration of 40%-glucose [46].
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2.4. OCT Imaging
2.4.1. Experimental Arrangement
The typical optical coherence tomography (OCT) fibre-optic system employs a
broadband light source (a superluminescence diode), delivering light at the central
wavelength of 820 nm or 1300 nm with a bandwidth of 25-50 nm. Such OCT provides
10-20 Pm of axial and transverse resolution in free space with the signal to noise ratio
up to 100 dB [31, 36].
2.4.2. Skin Imaging
Multiple scattering is a detrimental factor that limits OCT imaging performances:
imaging resolution, depth and localization. To improve the imaging capabilities, the
multiple scattering of tissue must be reduced. The immersion technique at application
of biocompatible agents is expected to be a prospective technique for OCT, because
very easily the depth of OCT images and their contrast can be essentially improved at
immersion [6, 26, 36, 50, 54, 56, 59-61, 63, 64, 72, 73, 75, 77, 142, 143].
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Figure 15. Dynamic OCT images (O = 820 nm) at (a) 0, (b) 3, (c) 10, (d) 15, (e) 20 and
(f) 40 min after a topical application of 80%-glycerol solution onto the rat skin. Images
performed immediately after the rat was sacrificed. All the units are in mm and the
vertical axis represents the imaging depth [54].
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OCT imaging combined with agent immersion is a useful technology for skin
disease diagnosis and monitoring. To illustrate the dynamics of skin optical clearing
after the application of glycerol, a set of OCT images (820 nm) of the rat skin sample at
regular time intervals over a period of 40 min was recorded (Fig. 15) [54]. Both the
index-matching effect, leading to the enhanced depth capability, and the localized
dehydration effect, leading to the improvement of imaging contrast, are clearly evident.
Analogue results were received for fresh porcine and chicken skin at imaging on 1300
nm by 50%- and 80%-glycerol solutions [143]. The OCT image of human skin with
psoriatic erythrodermia acquired in 60 min after application of glycerol differs from the
initial image in greater penetration depth and better contrast [142]. These image
improvements facilitate identifying of important morphological phenomenon of
acanthosis.The possibility of in vivo diagnostics of malignant melanoma and control of
the scattering properties of skin at glycerol topical application was demonstrated on the
basis of OCT imaging of human skin both in vitro and in vivo [50]. According to the
estimates, the scattering coefficient for the SC with glycerol is reduced by a factor of
two. For epidermis and upper dermis, the coefficient of scattering decreases by 20%.
For deeper dermis layers, the coefficient of scattering lowers only by 5%.
The effect on enhancement of both the imaging depth and contrast was found in in
vivo studies of human skin optical clearing at topical application of the 50%-propylene
glycol solution [59]. The OCT images captured from the skin site of the volunteer at
hyperdermal injection of 40%-glucose allowed one to estimate the total attenuation
coefficient [see Eq. (8)] [59]. The attenuation behaviour with the time course well
correlates with the spectral measurements shown in Fig. 12 and also reflects the index
matching induced by the glucose injection.
Although glycerol and glucose are effective optical clearing agents when injected
into the dermis [26, 58, 59], they do not penetrate so well into intact skin. In recent
OCT experiments with human skin in vivo at topical application during 90-120 min of
the combined lipophilic polypropylene glycol-based polymers (PPG) and hydrophilic
polyethylene glycol (PEG)-based polymers, both with indices of refraction that closely
match that of dermal collagen (1.47), it was shown that polymer mixture can penetrate
intact skin and improve OCT images to see dermal vasculature and hair follicles more
clearly [64].
2.4.3. Gastrointestinal Tissue Imaging
In vitro studies of optical clearing of gastrointestinal tissues, such as stomach,
oesophagus and colonic mucosa, were recently performed using OCT imaging
technique [59, 72, 75, 77]. More cleared images with the excellent differentiation of
epithelium, isthmus, lamina propia, and muscular tissue is achieved at the agent action
[59, 72].
Figure 16 illustrates the M-mode OCT images obtained from the repeated Ascans of the porcine stomach with the application of glycerol [77]. From the image, it is
clearly seen that the penetration depth increases gradually with the increase of time
duration. There is a slope of the surface of the tissue. The downward trend of the tissue
surface is attributed to the tissue dehydration induced by the chemical agent. It should
be pointed out that the above experiments were performed on the in vitro biological
tissues. The dynamic optical clearing effect induced by the chemical agent would differ
from that of in vivo case. Because of the cell self-regulation and blood circulation, the
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living tissues would have a less dehydration after the application of hyperosmotic
chemical agent.

Figure 16. The time course of repeated OCT A-scans of the porcine stomach tissue with application of
glycerol. The horizontal and vertical axes represent the time (min) and the imaging depth (mm),
respectively. The registration of the OCT signal starts at about 0.5 min after application [77].

2.5. Fluorescence
2.5.1. Transmittance Measurements
Recently the improvement of the detected fluorescence signal travelling through skin in
in vitro and in vivo experiments at topical application of osmotically active optical
clearing agents, such as anhydrous glycerol (13 M, index n=1.47) and pure DMSO (14
M, index n=1.47), and a highly concentrated glucose (7 M, index n=1.46), were
demonstrated [79]. Fluorescence measurements were performed for the hamster dorsal
skin with clearing agent applied to the subdermal side of the skin and rhodamine
fluorescent film placed against the same skin side. Fluorescence was induced by a dye
laser pulse at 542 nm delivered to the skin epidermal side by a fibre bundle and was
detected by a collection fibre bundle from the epidermal surface at the wavelengths
longer than 565 nm. The skin flap window preparation in an area void of blood vessels
was used for in vivo studies. Approximately equal enhancement of transmitted
fluorescence was achieved for in vitro and in vivo measurements. In average up to
100% approximately linear increase in fluorescence intensity is seen to 20 min of
glucose and glycerol application, and up to 250 % for DMSO. A significantly bigger
increase in the case of DMSO is associated with its twice greater osmolarity than for
glycerol and glucose of used concentrations.
A significant enhancement of both the sensitivity (~ 5-folds) and the spatial
resolution (~ 3-fold) for low-level light-emitting probes (a broadband violet-blue
chemiluminescence with a centre wavelength of 425 nm) was demonstrated in in vitro
experiments with a 3-mm-thick fresh porcine skin sample at topical application of 50%
glycerol during 30 min [80]. A higher efficiency of luminescent light transportation
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through the skin at immersion in that case is connected with a higher initial scattering
and absorption of skin at the shorter wavelengths. Refractive index matching
effectively damps light scattering and thus absorption of light also goes done, due to
less number of photons circulating within a tissue
In a recent theoretical study [83] was shown that by refractive index matching at
the skin interface and a fibre-optical fluorescence probe one can improve the contrast
and spatial resolution of the shallow sampling volume.
2.5.2. In Vivo Measurements for Human Skin
Both model experiments described above demonstrated well the changes of tissue layer
transmittance at optical immersion for light from a fluorescent source placed behind a
tissue layer. However, more often fluorophores are distributed within a tissue layer or
even a multi-layered tissue structure may contain a number of different fluorophores. In
that case the behaviour of fluorescence signal at tissue immersion is not so evident,
because the cross-section for fluorescence emission depends on the amount of the
absorbed light by chromophore centres. Such cross-section decreases as multiple
scattering decreases. Thus, at tissue optical clearing instead of enhancement of a
fluorescence signal one can see its damping. Evidently that depends on the depth,
where fluorophore is, and what layer of a tissue is optically cleared.
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Figure 17. In vivo dynamics of human skin autofluorescence intensity (Ȝexc = 337 nm) after
intradermal injection of 0.1 ml of Trazograph-76. Intensity values at different emission wavelengths
are normalized by correspondent initial values [81].

2.6 Second Harmonic Generation

Optical clearing seems to be a promising technique for improvement of detected
signals in multi-photon microscopy and nonlinear spectroscopy and imaging of tissues
[6, 61, 100]. From the other hand these techniques might be useful in understanding of
molecular mechanisms of tissue optical clearing at immersion and dehydration [61,
100].
Collagen as a main component of many connective tissues has an appreciable
nonlinear susceptibility for second harmonic generation (SHG). The helix of collagen
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secondary structure is non-centrosymmetric, satisfying a condition for SHG, which
self-assembles into higher order structures. Collagen has been shown to have a
dominant uniaxial second-order nonlinear susceptibility component aligned along the
fiber axis [144]. In such multi-component tissues as skin SHG light is generated mostly
within dermis, not in cellular layers like epidermis or subcutaneous fat. SHG
techniques has a number advantages connected with the incident wavelength dividing
and selectivity to tissue structure, which allow one to reject easily surface reflection
and multiple scattering of the incident light in the epidermis layer without any gating
technique. In addition, SHG polarimetry is an effective tool to probe collagen
orientation in the tissues [100].
Evidently, due to optical clearing less scattering in the epidermis for the incident
long wavelength light (800 nm) and especially for the backward SHG short wavelength
light (400 nm) may improve SHG images of dermis collagen structures.
At 100%-glycerol application to rodent skin dermis and tendon samples, as well as
to engineered tissue model (raft), a high efficiency of tissue optical clearing was
achieved in the wavelength range from 400 to 700 nm, but SHG signal was
significantly degraded in the course of glycerol application and it was returned back
after tissue rehydration by application of saline [61]. The loss of SHG signal in Ref.
[61] is associated with the collagen fibers reversible dissociation and corresponding
loosing of fibril organization at glycerol action. Such explanation is somewhat
contradictory, because less organization of collagen fibers will lead to less
transmittance [7]. Because the significant effect of optical clearing at glycerol
application is tissue dehydration, explanation following from data of Ref. [100] seems
to be more realistic. Using reflection type SHG polarimetry, it was shown in Ref [100]
that SHG polarimetry signal (SHG radar graphs) for chicken skin dermis was almost
unchanged and the SHG intensity was decreased to about a fourth at tissue dehydration.
Authors have hypothesized that the decrease of the SHG intensity results in change of a
linear optical properties, i.e. scattering efficiency, rather than that of efficiency of SHG
radiation in the tissues.
2.7. Blood Optical Clearing
2.7.1. OCT Measurements
Refractive index mismatch between erythrocyte cytoplasm and blood plasma causes
strong scattering of blood that, for example, prevents to get high quality images of
intravascular structures through a whole blood. The refractive index of erythrocyte
cytoplasm is mostly defined by hemoglobin concentration (blood hematocrit) [84].
Some role in refractive index mismatch may have hemoglobin oxygenation [145] and
glycation [111-113]. The scattering properties of blood are also dependent on
erythrocytes volume and shape, which are defined by blood plasma osmolarity [30, 84,
146], and aggregation or disaggregation ability [30, 85-90, 146-148].
Recently the feasibility of index matching as a method to overcome the limited
penetration through blood for getting of OCT tissue images has been demonstrated for
circulating, steady-state, or sedimenting blood [86-90]. Glucose, low- and highmolecular dextrans, X-ray contrast, glycerol and some other biocompatible agents were
used to increase the refractive index of blood plasma closer to that of the erythrocyte
cytoplasm to improve penetration depth of OCT images. The OCT and other
noninvasive imaging techniques, based on backreflectance, polarization-sensitive,
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fluorescence, multiphoton, and Raman spectroscopies, which already have witnessed
widespread and exciting application in biomedical diagnostics [2, 3, 5-7, 30-36], may
have additional advantages in the early diagnostics of vascular disease through
optically clarified blood.
The 1300 nm OCT system was used for taking images of the reflector through
circulated blood in vitro [88]. A 69±12% and 45±4% increase in 'T [Eq. (17)] was
noted for immersion by dextran (n=1.52) and IV contrast (n=1.46), respectively. By
OCT imaging in the presence of saline, blood (Hct 35%), or lysed blood (Hct<1%) it
was directly demonstrated that RBC intracellular/extracellular mismatch, and not
membranes or hemoglobin absorption, is the main source of near infrared attenuation
by blood.
Studies of blood scattering reduction by the immersion technique using various
osmotically active solutions, which are biocompatible with blood, such as glucose,
glycerol, propylene glycol, Trazograph (X-ray contrast), and dextrans were also
described [86, 87, 89, 90]. The 820 and 1310 nm OCT systems were applied for taking
images of the reflector through a layer of un-circulating fresh whole blood. It was
shown that for un-circulating blood the sedimentation may play an important role in
blood clearing using immersion technique and OCT allows for precise monitoring of
blood sedimentation and aggregation.
The amplitude of reflected light as a function of depth at one spatial point within
the sample was obtained. The total attenuation coefficient Pt and optical clearing
(enhancement of transmittance) 'T by an agent application were estimated using Eqs.
(16) and (17), respectively. For slightly diluted blood (hematocrit a 35%), optical
clearing was found only for dextran of molecular weight M = 500,000 with
concentration in a blood sample of 0.325 g/dl and glycerol with volume fraction of
13%. For 56.5%-diluted blood by a saline, the blood samples with Trazograph-60,
propylene glycol, and glycerol had a lower total attenuation coefficient than control.
Optical clearing 'T was measured immediately after mixing, when sedimentation is not
critical for the optical properties of the blood layer. The maximal enhancement of
transmittance ('T = 117.1%) were found for application of glycerol. Propylene glycol
is also a good enhancer of blood transmittance ('T = 77.2%), and for Trazograph 'T =
45.3%. Similar effects of increase in transmittance and decrease in scattering were
demonstrated by use of dextrans of various molecular weights. Optical clearing 'T was
in the range from 52.1% to 150.5%. The dextran with the highest molecular weight
(473,000) appeared to have a much stronger effect on the increase in transmittance
immediately after mixing.
It is obvious that the refractive-index matching is not the only factor to affect
transmittance in these experiments. The amount of the aggregation certainly has an
effect, but other factors, such as the hematocrit, the manner in which RBCs are packed,
the shape of the aggregates, the variance in size of these aggregates may all contribute.
2.7.2. Glucose Sensing
The concept of noninvasive blood glucose sensing using the scattering properties of
blood as an alternative to spectral absorption and polarization methods [97-99, 109,
150] for monitoring of physiological glucose concentrations in blood of diabetic
patients is under intensive discussion for last decade [101-113]. Such effects as RBC
size, refractive index, packing, and aggregation, changed under glucose variation, are
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important for glucose monitoring in diabetic patients. Indeed, at physiological
concentrations of glucose, ranging from 40 to 400 mg/dl, role of some of the effects
may be changed, and some other effects, such as glucose penetration inside the RBC
and the followed hemoglobin glycation may be important [110-113, 151].
3. Conclusions
This overview shows that optical immersion technology allows one to control
effectively optical properties of tissues and blood. Such control leads to essential
reduction of scattering and therefore causes much higher transmittance (optical
clearing), appearance of a big amount of least scattered (shake) and ballistic photons
allowing for successful application of coherent-domain and polarisation imaging
techniques.
In vivo reflectance spectrophotometry and frequency domain measurements for
immersed tissues show that refractive index matching technique provided by the
appropriate chemical agent can be successfully used in tissue spectroscopy and
imaging, when radical reduction of scattering properties is needed. Hyperdermal
injection of glucose causes the essential clearing of human skin. For such tissues as
sclera or cornea some drops of glucose is sufficient to make up very high and rather
prolonged tissue clearing.
Optical clearing might be a fruitful method for tissue spectroscopies (Raman,
fluorescence, multi-photon, etc.), microscopies (confocal, OCT, laser scanning, nearfield, etc), and imaging techniques (OCT, SHG, etc.), where scattering is a serious
limitation.
The concept that index matching could enhance the optical penetration depth of the
whole blood is proved in both in vitro experiments and theoretical studies [91-93]. It
should be accounted for that blood optical clearing is defined not only by refractive
index matching effect, but also by changes of red blood cells size and their aggregation
ability when chemicals are added.
Many of tested agents and methods of their delivery have some advantages and
disadvantages. The main disadvantages are 1) the osmotic stress which occurs at high
concentration of the osmotically active agent; and 2) low permeability of tissue cell
structures for the clearing agents. Therefore, designing of new agents and delivery
techniques are appreciated.
The immersion optical clearing concept and technology is applicable not only to
soft tissues and blood, but also to hard tissues, at present cartilage [43, 44], tendon [61],
cranial bones [152], and tooth [153] were tested.
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Abstract. Photobiology deals with the interaction of light with biological matter.
Hence, it forms the core of biophotonics which utilizes interactions of light with
biological specimens. Here we discuss the interactions of various molecular, cellular
and tissue components with light. The content is mostly taken from Chapter 6 of this
author’s monograph on biophotonics (Prasad, 2003). The various light-induced
radiative and non-radiative processes are described, along with a discussion of the
various photochemical processes. Photochemistry in cells and tissues can also be
initiated by externally added exogenous substances, often called photosensitizers,
which form the basis for photodynamic therapy. The various types of scattering
processes occurring in a tissue as described here, together with light absorption,
determine the penetration of light of a given wavelength into a particular type of
tissue. Methods of measurement of optical reflection, absorption and scattering
properties of a tissue are introduced. Some important manifestations of non-radiative
processes in a tissue, used for a number of biophotonics applications such as laser
tissue engineering and laser microdissection are thermal, photoablation, plasmainduced ablation and photodisruption. These processes are defined. An emerging
area of biophotonics is in vivo imaging and spectroscopy for optical diagnosis. This
topic is covered, along with the various methods of light delivery for in vivo
photoexcitation. Another exciting in vivo biophotonics area is that of optical biopsy
to detect the early stages of cancer. This topic is covered as well. Understanding of
structure and functions at the single biomolecule and bioassembly levels is a major
thrust of molecular and structural biology. This topic is also covered here. The use of
novel optical techniques allows one to probe processes at the single molecule level.

Introduction
Photobiology deals with the interaction of light with living organisms, from cellular, to
sectional tissues, to in vivo live specimens. Therefore, it deals with interactions of light
with matter of size scale, covering a wide range, from ~100 nm (viruses) to macro-objects
(live organisms). It is an area that still offers many challenges in understanding the nature
of light-induced processes. The interaction of light and biological media, whether
individual cells or tissues, is much more complex than that involving non-biological
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matter, often introducing a chain of events. The interactions can induce physical, thermal,
mechanical and chemical effects, as well as a combination of them. These interactions
form the basis for the use of light for optical diagnostics and light-induced therapy as well
as for medical procedures. These light-induced processes are mostly initiated by linear
absorption of light. However, under intense field using a short laser pulse, one can induce
nonlinear optical processes (Prasad and Williams, 1991). For example, one can observe
second harmonic generation (SHG) from the surface of a cell membrane. Also, two-photon
absorption can be induced in many chromophores. Here we discuss only the linear optical
absorption. Figure 1 lists various absorbing biological components.

Figure 1. Various molecular, cellular and tissue components that interact with light

1. Interaction of Light with Cells
Biological cells span the size scale from submicron dimensions to over 20μm. Therefore,
they can be smaller than the wavelength of light or much larger. Interaction with light can
lead to both scattering and absorption. Of particular interest in this regard is the Rayleigh
scattering where even the sub-cellular components, organelles, can be a scattering center.
Rayleigh scattering is dependent on three parameters: (i) the size of the scattering centers
(cells or organelles), (ii) the refractive index mismatch (difference) between a scattering
center and the surrounding medium, and (iii) the wavelength of light. The Rayleigh
scattering is inversely proportional to the fourth power of wavelength. Therefore, a blue
light (shorter wavelength) will be more scattered than a red light. Thus, on the basis of
scattering alone as the optical loss mechanism (attenuation of light transmission), the
longer the wavelength of light, the deeper it would penetrate in a biological specimen.
However, an upper wavelength limit of transmission is set up by absorptive losses in IR
due to water absorption and absorption by the –CH and the –OH vibrational overtone
bands. Bulk scattering becomes more pronounced in tissues and will be discussed later.
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Here we discuss light absorption by various components of the cell and the effects
caused by light absorption. Primary photoinduced cellular effects are produced by light
absorption to induce transition between two electronic states (electronic or coupled
electronic-vibrational [vibronic] transitions). Purely vibrational transitions (such as IR and
Raman) are of significance only in structural identification and in conformational analysis.
We first discuss the absorption by various constituent molecules and biopolymers.
Subsequently we discuss the various photochemical and photophysical processes induced
by light absorption. Then we discuss the effects produced from light absorption by an
exogenous chromophore added to the cell.
1.1. Light Absorption in Cells
Proteins are the most abundant chemical species in biological cells. They also are the most
diversified chemical unit in living systems, from smaller-sized enzymes to larger proteins
and from colorless to highly colored systems. They also exhibit a diversity of functions,
from carrying oxygen to providing a light-induced neurological response for vision.
The basic constituents (building blocks) of proteins are amino acids, which can be
aliphatic or aromatic (containing benzene or fused benzene type ʌ-electron structures).
The aliphatic amino acids absorb the UV light of wavelengths shorter than 240nm
(Grossweimer and Smith, 1989). Colorless aromatic amino acids such as phenylalanine
(Phe), tyrosine (Tyr) and tryptophan (Trp) absorb at wavelengths longer than 240nm, but
well below the visible. However, the absorption by a protein is not completely defined by
those of the constituent amino acid residues. Protein bonding involving the polypeptide
bonds and disulfide linkage also absorb and contribute to the overall absorption of a
protein. Furthermore, a protein may contain a chromophore such as the heme group (in
hemoglobin) and cis-retinal (in case of retinal protein), which provide strong absorption
bands. Hemoglobin has absorption peaks around 280 nm, 420 nm, 540 nm and 580 nm.
Melanin, the basic pigment of skin, has a broad absorption, covering the entire visible
region, but decreasing in magnitude with the increase of wavelength.
The constituents of DNA and RNA are the nucleotides that contain carbohydrates and
purine and pyrimide bases (A, C, T, G and U). The absorption by carbohydrates is below
230 nm; the absorption by the carbohydrate groups generally does not produce any
significant photophysical or photochemical effect. The purine and pyrimidine bases absorb
light of wavelengths in the range of 230-300 nm. The absorption is mainly responsible for
DNA damage. A cellular component, exhibiting absorption in the visible, is NADH, with
absorption peaks at ~ 270 nm and 350 nm. Water does not have any bands from UV to
near IR, but starts absorbing weakly above 1.3μm, with more pronounced peaks at
wavelengths t 2.9 μm, and very strong absorption at 10μm, the wavelength of a CO2 laser
beam. Therefore, most cells exhibit very good transparency between 800 nm (0.8 μm) and
1.3 μm.
1.2. Light-Induced Cellular Processes
Cells exhibit a wide variety of photophysical, as well as photochemical, processes followed
by light absorption. Some of these processes are shown in Figure 2.
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Light Absorption by Cellular Components
Radiative Process

Non-radiative Process

Fluorescence
(Also called autofluorescence or
Endogeneous fluorescence)
Thermal Effect
i. Light converted into local
heating by IC and/or ISC and
vibrational relaxation
ii. Thermal conduction to other areas

Protein denaturation
due to conformational changes
Loss of enzymatic activity

Photochemical
Excited State Chemistry

Water vaporization at stronger
Heating, leading to disruption
of cellular structure

Photoaddition Photofragmentation Photo-oxidation Photohydration Cis-trans Isomerization Photorearrangement

Figure 2. Light absorption by various cellular components and the resulting processes

A number of cellular constituents fluoresce when excited directly or excited by energy
transfer from another constituent. This fluorescence is called endogenous fluorescence or
autofluorescence and the emitting constituent is called an endogenous fluorophore (also
called fluorochrome). Fluorescence originates from an excited singlet state and has typical
lifetimes in the range of 1-10 nanoseconds. Phosphorescence, which is emission from an
excited triplet (usually T1), is generally not observed from cellular components.
Some of the fluorophores native to cells are NADH, flavins and aromatic aminoacids
constituents of proteins (e.g., tryptophan, tyrosine, phenylalanine). Various porphyrins and
lipopigments such as ceroids, lipofuscin, which are end products of lipid metabolism, also
fluoresce. In addition, some important endogenous fluorophores are present in the
extracellular structures of tissues. For example, collagen and elastin, present in the
extracellular matrix (ECM), fluoresce as a result of cross-linking between amino acids.
The absorption and emission spectra of some endogenous fluorophores are shown in
Figure 3 (Katz and Alfano, 2000).

Figure 3. The absorption (left) and the fluorescence (right) spectra of important tissue flourophores. The Yaxes represent the absorbance (left) and florescence intensity (right) on a relative scale (Katz and Alfano,
2000).
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An important fluorescing protein that has received considerable attention during recent
years for fluorescence-tagging of proteins and DNA is the green fluorescent protein (GFP)
derived from jellyfish (Pepperkok and Shima, 2000; Hawes, Boevink and Moore, 2000).
In its native form, it absorbs at 395 nm and 475 nm with emission maximum in green,
around 508. Intensive mutagenesis of the primary sequence has produced a wide variety of
GFPs with broad spectral and biochemical properties. The GFP and its variants have been
utilized as multi-color fluorescent markers to be used as sub-cellular probes.
The thermal effects induced by light become more pronounced at the tissue level and
will be discussed later. Photochemical processes involving a chemical reaction in the
excited state of a cellular constituent (or a chemical unit such as thymine in DNA) are
varied, as exhibited in Table II. Here are some examples: (Grossweiner and Smith, 1989;
Kochevar, 1995).
1.2.1. Photoaddition
An important photoaddition process responsible for UV-induced molecular lesions in DNA
is the photodimerization of thymine as illustrated below.
Structure 1

Another important photoaddition is that of cysteine (in protein) to thymine (in DNA),
which can lead to photochemical cross-linking of DNA to protein as illustrated below.
Structure 2

1.2.2. Photofragmentation
In a photofragmentation reaction, the original molecule when photoexcited decomposes
into smaller chemical fragments by the cleavage of a chemical bond. This type of reaction
is very common in biomolecules when exposed to short wavelength UV light. An example
is the photofragmentation of riboflavin as illustrated below.
Structure 3
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1.2.3. Photooxidation
Here the molecule, when excited, adds an oxygen molecule from the surroundings (a
chemical process called oxidation). An example is the photooxidation of cholesterol.
Structure 4
H2
H3C
H2
C
CH3 C
C C
CH3
H2 CH
CH3

H2
H3C
H2
C
CH3 C
C C
CH3
H2 CH
CH3

H3C
+

HO

O2

HO

Cholesterol

H3C

hQ

OOH

3E Hydroxy-5D -hydroperoxy-' 6- cholestene

1.2.4. Photohydration
This type of reaction is also responsible for creating lesions in DNA. In this reaction, an
excited molecule adds a water molecule to produce a new product, as illustrated for Uracil.
Structure 5

1.2.5. Photoisomerization
Photoisomerization here specifically refers to the change in geometry or conformation of
stereoisomers. An important photoisomerization process responsible for retinal vision is
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that of 11-cis retinal which upon excitation rotates by 180q around a double bond to
produce a geometric isomer, the all-trans retinal. This process is shown below.
Structure 6

1.2.6. Photorearrangement
In this photo-induced process the chemical formula of the molecule does not change, only
a rearrangement of bonds occurs as illustrated for 7-dehydrocholesterol in skin which upon
UV exposure produces vitamin D3.
Structure 7

Photochemistry of proteins is derived from those of its amino acid residues. In
addition, important photochemical processes in proteins involve the splitting of the
disulfide bridges. Furthermore, DNA-protein cross-linking involves the addition of
thymine in DNA with cystine in protein. This addition process has been discussed above.
In the case of DNA, UV irradiation can also lead to the breaking of either one or both
DNA strand and intra- and inter-molecular DNA cross-linking. The photochemistry of
RNA is very similar to that of DNA.
1.3. Photochemistry Induced by Exogenous Photosensitizers
There are some important photochemical reactions that are produced by light absorption in
chemicals introduced in a cell (or a tissue). These are exogenous chromophores that
perform the function of photosensitization, i.e., sensitizing a photoprocess (Kochevar,
1995; Niemz, 1996). The mechanism for most photosensitization involves photoaddition
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and photooxidation, as discussed earlier. In the photoaddition reaction, a photosensitizer,
when excited by light absorption, covalently bonds to a constituent molecule of the cell.
An important example is the photoaddition reaction between the photosensitizer, 8methoxypsoralen (8-MOP) with a pyridine base in DNA as shown below (Kochevar,
1995).
Structure 8

This photochemical reaction occurs through the singlet excited state of 8-MOP. As
the singlet state lifetime is short (in the nanosecond range), 8-MOP must be in a close
proximity to a pyrimidine base. Therefore, the photoaddition is more likely to involve
those 8-MOP molecules that are intercalated into the double-stranded DNA. This type of
photo-addition reaction is supposed to be responsible for the phototoxicity of 8-MOP in
human skin (Yang et al, 1989).
Photosensitized oxidation reactions involve a process in which the excited state of a
photosensitizer produces a highly reactive oxygen specie such as an excited singlet oxygen
(1O2), a superoxide anion (O2-) or a free radical (these are neutral chemical species with an
unpaired electron, often represented by a dot as a superscript on the right hand side) such
as a hydroxyl radical (OH•). In fact, a photosensitized oxidation reaction often involves a
chain reaction as shown below (Niemz, 1996):

hv
x S0 (photosensitizer ) o
Si (photosensitizer ) 
o T1

x T1 (photosensitizer) + T0 (oxygen)


o S1 (oxygen)

x S1 (oxygen) + A cellular component


o Photooxidation of the cellular component

This photosensitized oxidation process forms the basis for light activated cancer
therapy, called photodynamic therapy.
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2. Interaction of Light with Tissues

2.1 Nature of Optical Interactions
A tissue is a self-supporting bulk medium. In other words, unlike cells, which have to be
supported in a medium (in an aqueous phase as in vitro specimen or in a tissue either as an
ex-vivo or an in vivo specimen), tissues do not need a medium. Tissues, therefore, behave
like any bulk medium in which light propagation produces absorption, scattering,
refraction and reflection (Niemz, 1996). These four processes are shown in Figure 4.

R efractio n

R eflectio n

A b so rp tio n

S catterin g

Figure 4. The four possible modes of interaction between light and tissue

The reflection of light from a tissue is reflection from its surface. The greater the angle
of incidence, the larger is the reflection from the surface. Therefore, maximum light will be
delivered to the tissue (penetrate the tissue), when it is incident on the tissue at 90q (the
light beam is perpendicular to the tissue). The absorption of light under weak illumination
(such as under lamp or a CW laser source) is a linear absorption described by BeerLambert’s law. The absorption is due to various intracellular as well as extracellular
constituents of the tissue. However, the most pronounced effect in a tissue is scattering. A
tissue is a highly scattering turbid medium. The turbidity or apparent nontransparency of a
tissue is caused by multiple scattering from a very heterogeneous structure consisting of
macromolecules, cell organelles and a pool of water. This scattering leads to spreading of a
collimated beam, resulting in a loss of its initial directionality as well as in defocusing
(spread) of the light beam spot. The scattering process in a tissue is more complex and
involves several mechanisms (Niemz, 1996). They are represented in Figure 5.
The inelastic scattering in a biological tissue is weak. Brillouin scattering becomes
significant only under the condition of generation of shockwaves discussed below. The
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acoustic phonons are ultrasonic frequency mechanical waves. Raman scattering in cells
produces excitation of molecular vibrations. However, neither Rayleigh scattering nor Mie
scattering completely describes the scattering of light by tissue where photons are
preferably scattered in the forward direction. The observed scattering shows a weaker
wavelength dependence than that predicted by Rayleigh scattering but stronger than
wavelength dependence predicted by Mie scattering. Other theories of scattering in a
turbid medium (such as a tissue) have been proposed (Niemz, 1996).
Raman scattering from tissues can provide valuable information on chemical and
structural changes occurring as a result of diseases as well as due to mechanical
deformations induced by aging or a prosthetic implant.

Figure 5. The various light scattering processes in a tissue

Morris and co-workers have applied Raman spectroscopy to bone and teeth tissues.
They have obtained spectra of both minerals (inorganic components) and proteins (organic
components) of these tissues (Carden and Morris, 2000). In response to mechanical
loading/deformation, they reported changes in the vibrational spectra in both the inorganic
and organic components regions. Raman spectra taken at the edge of the indents revealed
increases in the low-frequency component of the amide III band (1250 cm-1) and highfrequency component of the amide I band (1665 cm-1). These changes were interpreted as
indicative of the rupture of collagen crosslinks due to shear forces exerted by the indenter
passing through the bone. More recently, Morris and co-workers have also applied Raman
scattering for studying craniosynostosis (premature fusion of the skull bones at the
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sutures), which is the second most common birth defect in the face and skull (Private
communications with Professor M. Morris).
Like absorption, scattering creates a loss of intensity as the light propagates through a
tissue. This loss is also described by an exponential function. Therefore, the total intensity
attenuation in a tissue can be described as

I(z) = I0 e-(D + D s ) z
In this equation, I(z) is the intensity at a depth z in the tissue; I0 is the intensity when it
enters the tissue; Į = absorption coefficient and Įs = scattering coefficient. Therefore, Į +
Įs is the total optical loss. Another term used to describe the optical transparency of a
tissue is the optical penetration depth, į, which measures the distance z in the tissue after
traveling which the intensity I(z) drops to a fraction 1/e (= 0.37) of the incident value I0.
The term į provides a measure of how deep light can penetrate into a tissue, and thus the
extent of optical transparency of a tissue. One can find that the penetration depth į is equal
to 1/(Į + Įs). The initial intensity I0 is reduced to approximately 90% at a depth of 2į in a
tissue. In general, į decreases with the vascularity (blood content) of a tissue.
Furthermore, į is significantly less for blue light than for red light and is the largest in the
region, 800 nm to 1,300 nm region.
2.2 Measurement of Tissue Optical Properties
This subsection describes a method to determine reflection, absorption and scattering
properties of a tissue (Niemz, 1996). In a typical transmission experiment, one measures
the transmission of a collimated beam (a laser source being the most convenient source)

Figure 6. Schematics of an experimental arrangement utilizing a double-integrating sphere geometry for
simultaneous measurement of reflection, scattering and absorption. The detectors DC, DT, DR at three different
parts measure three quantities respectively: (i) transmitted coherent light that passes through the tissue in the
direction of light propagation, (ii) transmitted diffuse intensity, and (iii) reflected diffuse intensity.

through a tissue of a finite length (the tissue specimen may be a dissected tissue). This
method, in its simplest form, provides a total attenuation coefficient including optical
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losses from reflection, absorption and scattering. In order to get information on each of
these processes, a more sophisticated experimental arrangement has to be made which also
takes into account the angular distribution of the scattered intensity. A commonly used
experimental arrangement to simultaneously determine the reflectance, absorption and
scattering is that of double-integrating spheres first applied by Derbyshire et al (1990) and
Rol et. al.(1990). The schematic of this experimental arrangement is shown in Figure 6.
In this method two nearly identical spheres are located in front of and behind the tissue
sample. These spheres have highly reflective coatings on their inner surface. Therefore,
light reaching detectors DR and DT are collected from all angles (hence the term integrating
spheres). The first sphere integrates all the light that is either reflected or scattered
backward from the sample. The light that is transmitted through the sample and scattered
forward is detected by the second sphere at two ports. The port with detector DT integrates
all the forward scattering of the transmitted light, while the detector DC measures the
intensity of light in the forward direction of propagation. From these two measurements
one can separate the contributions due to scattering and absorption.
2.3 Light-Induced Processes in Tissues
Interaction of light with a tissue produces a variety of processes, some from its cellular and
extracellular components and some derived from its bulk properties (Niemz, 1996). These
processes are listed in Figure 7.

Figure 7. Light-induced processes in tissues

Each of these manifestations is briefly discussed below.
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Autofluorescence

Autofluorescence arises from the endogenous fluorophores that are present either as a
cellular component or in the extracellular matrix. Any given tissue has in general a nonuniform distribution of many fluorophores that may also vary as a function of depth below
the tissue surface. Therefore, the fluorescence spectrum measured at tissue surfaces may
be different from that within the tissue from different layers. Furthermore, the
autofluorescence may be different from a premalignant or malignant tissue compared to a
normal tissue, thus providing a method for optically probing and even for early detection of
cancer. Also metabolic changes induce changes in autofluorescence. For example, NADH
is highly fluorescent, but its deprotonated form NAD+ is not.
2.3.2

Photochemical Processes

The various photochemical processes in tissue components, initiated by absorption of light
occur even at very low power densities (typically at 1 W/cm2) when the absorption process
is a simple one-photon absorption (linear absorption). These processes are dependent on
fluence (irradiance) rather than intensity. Even though a conventional lamp source can be
used for this purpose, one often uses a laser beam as a convenient light source. Recent
interest has focused on nonlinear optical excitations such as multiphoton absorption,
particularly two-photon absorption, to induce photochemical processes, particularly
photosensitzed oxidation in photodynamic therapy (Prasad, 2003). The advantage offered
by two-photon absorption is that the same photochemistry can be affected deeper inside the
tissue, compared to that induced by one-photon absorption which remains localized within
microns of depth from the surface. The most important photochemical process in tissues,
from the biophotonics perspective, is the photosensitized oxidation discussed earlier.
2.3.3

Thermal Effects

The thermal effects result from the conversion of the energy of light, absorbed in tissues, to
heat through a combination of non-radiative processes such as internal conversion (IC),
intersystem crossing (ISC) and vibrational relaxations. Thermal effects can be induced
both by lamp as well as by CW and pulse laser sources and they are non-specific, i.e., they
do not show a wavelength dependence, implying that no specific excited state need to be
populated to create these effects. In the case of the use of a monochromatic laser beam, the
choice of wavelength (absorption strength) and the duration of laser beam irradiance
(pulse-width, in the case of a pulse laser) may determine how the thermal effect manifests.
The two important parameters are the peak value of the tissue temperature reached and the
spread of the heating zone area in the tissue. The heating of an area in a tissue can produce
four effects: i) coagulation, ii) vaporization, iii) carbonization, and iv) melting. For
coagulation, the local temperature of a tissue has to reach at least 60qC, where the
coagulated tissue becomes necrotic. Both CW (e.g., Nd:YAG) and pulse (e.g., Er:YAG)
lasers have been used for different tissues. For a vaporization effect to manifest, the local
temperature of a tissue has to reach 100qC where water starts converting into steam,
producing thermal ablation (or photothermal ablation) of the tissue. This ablation is a
purely thermo-mechanical effect produced by the pressure buildup due to steam formation
and is thus different from photoablation discussed below. In this process the tissue is torn
open by the expansion of steam, leaving behind an ablation crater with lateral tissue
damage. In a living tissue, the blood vessels can transport heat away from the ablation site,
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creating damage at other sites and thus the spread of the lateral damage. If one wishes to
reduce the lateral thermal damage from thermal diffusion, one must ablate the tissue with a
short pulse laser. Based on the thermal diffusion characteristics of biological tissues, it can
be assumed that if the energy is deposited in the tissue in tens of microseconds, the thermal
ablation remains primarily localized around the focal spot of the beam and the lateral
thermal damage is minimized. However, the use of ultrashort and high intensity pulses
can lead to other complications such as nonlinear optical processes which may produce
other effects.
Carbonization occurs when the tissue temperature reaches above 150qC, at which
tissue chars, coverting its organic constituents into carbon. This process has to be avoided
as it is of no benefit and leads to irreparable damage of a tissue.
At sufficiently high power density from a pulse laser (generally in microseconds to
nanoseconds), the local temperature of a tissue may reach above its melting point. This
type of process can be used for tissue welding.
2.3.4

Photoablation

This is a process whereby the various cellular and extracellular components are
photochemically decomposed by the action of an intense UV laser pulse. The result is the
release of photofragmented species from a tissue, causing etching (or ablation). This
ablation is localized within the beam spot and is thus very clean. Typical power densities
are 107-1010W/cm2. A convenient UV laser source is an excimer laser that provides a
number of lasing wavelengths in the range of 193nm to 351nm. The pulses from these
lasers are typically 10-20 nanoseconds. This method is very useful for tissue contouring
(sculpturing), such as in refractive corneal surgery which exemplifies Tissue Engineering
with Light (Prasad, 2003).
2.3.5

Plasma-Induced Ablation

When exposed to a power density of 1011W/cm2, the tissue experiences an electric field of
107V/cm associated with the light. This field is considerably larger than the average
Coulomb attraction between the electrons and the nuclei and causes a dielectric breakdown
of the tissue to create a very large free electron density (plasma) of ~1018 cm3 in the focal
volume of the laser beam in an extremely short period (less than hundreds of picoseconds).
This high-density plasma strongly absorbs UV, visible and IR light which is called optical
breakdown and leads to ablation.
2.3.6

Photodisruption

This effect occurs in soft tissues or fluids under high intensity irradiation which produces
plasma formation. At higher plasma energies, shock waves are generated in the tissue
which disrupt the tissue structure by a mechanical impact. When a laser beam is focused
below the tissue, cavitation occurs in soft tissues and fluids produced by cavitation bubbles
that consist of gaseous vapors such as water vapor and CO2. In contrast to a plasmainduced ablation, which remains spatially localized to the breakdown region,
photodisruption involving shockwaves and cavitation effects spreads into adjacent tissues.
For nanosecond pulses, the shockwave formation and its effects dominate over plasmainduced ablation. However, for shorter pulses both plasma-induced ablation and
photodisruption may occur, and it is not easy to distinguish between these two processes.
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Photodisruption has found a number of applications in minimally invasive surgery such as
posterior capsulotomy of the lens, often needed after cataract surgery and laser-induced
lithotripsy of urinary calculi.

3. Photoprocesses in Biopolymers
Photoprocesses in biopolymers are excellent examples of how Nature involves
biophotonics more efficiently to perform various biological functions. The amazingly high
efficiency of these processes have provided further impetus to the field of biomimicry
which focuses on copying the underlying principles utilized by Nature to design and make
useful materials. One example is design of multiarmed (dendritic) structures containing
antenna molecules to harness solar energy for solar cells (Shortreed et al, 1997; Swallen et
al, 1999; Adronov et al, 2000), just as plants harvest solar energy for photosynthesis. The
photoprocesses in biopolymers are of great biological importance. Examples of important
photoprocesses in biopolymers are provided by three systems: i) rhodopsin in the
photoreceptors of a vertebrate eye, ii) photosynthetic system in the chloroplast of a plant,
and iii) bacteriorhodopsin in the purple membrane of halobacterium halobium. In each
case, a light-absorbing chromophore initiates a highly complex series of photoinitiated
processes. Some important features of these light initiated processes are:
x they are highly efficient
x the light induced primary step leads to a series of complex steps forming a
number of intermediates by a variety of physical and chemical processes
x the subsequent intermediates following the light induced primary process are
formed in the dark, hence the steps involving them are called as dark reactions
x the photo-induced process is cyclic, regenerating the original biopolymeric
structure. Thus the entire cycle of going through the intermediate back to the
original species is often called the photocycle
Some details of the processes of vision by eye and the photosynthesis by plant are
provided in “Introduction to Biophotonics” (Prasad, 2003).
4. In Vivo Photoexcitation
A very active area of research currently is in vivo optical excitation for spectroscopic
analysis, bioimaging, laser surgery and light-activated therapy. The in vivo spectroscopic
studies are described in the next subsection while imaging and light-activated therapies and
tissue engineering are discussed in later chapters. This subsection describes the various
methods of bringing light, particularly laser light, for photoexcitation to a specific section
of a tissue or an internal organ of a live biological specimen or a human subject. The
principal methods used are listed in Figure 8.
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Light Delivery

Free Space
Propagation

Optical Fiber
Delivery

Articulated Arm
Delivery

Hollow Tube
Delivery

Figure 8. Methods of light delivery for In Vivo Photoexcitation

4.1. Free Space Propagation
Here the light is delivered directly to the photoexcitation site by propagating it through free
space. In the case of a lamp, the light may be used to propagate as a collimated beam and
then focused/defocused to various spot sizes at the desired point. In the case of a laser
beam, the light output generally is already collimated with a very low divergence. The
method of free space propagation is used for UV-visible light photoexcitation of external
tissues/organs such as skin, eye, etc. With the availability of solid state diode lasers, which
now can cover from blue to near-IR and are very small in size, one can even use them as
hand held units for in-vivo photoexcitation.
4.2. Optical Fiber Delivery System
Optical fibers are long, thin, flexible cylindrical elements of diameters in the range of
several microns to several hundred microns that are capable of trapping light and then
transmitting it down its length. The optical fibers are used for light delivery in the
wavelength range of 200nm (UV) to 1,600nm (IR) and are made of glass or fused silica.
They trap light entering at one end by total internal reflection from the interface between
the fiber edge and an outer coating material, called cladding (generally a plastic).
In order for light to be trapped within the fiber core, total internal reflection at the
interface of the core and the cladding media, the refractive index n2 of the core (glass or
quart) has to be higher than n1 of the cladding medium. The main advantage offered by the
optical fiber transmission is that it is small in size to be used within an endoscopic or
catheter delivery system to reach an internal organ. Very often, to increase the power
delivery, a bundle of fibers is used. These fiber bundles, called light guides, can transmit
higher optical powers than single fibers and have greater mechanical strength. Medical
endoscopy provides a good example of a major biological application of fiber bundles.
The fiber bundle light guides use lenses to couple light into the bundle and also to
collimate or focus the output light as the output beam exiting from the fiber is fairly
divergent. The alignment of the entering beam to the fiber is fairly crucial as it determines
the nature of the exiting beam.
Optical fiber technology also offers options to use a dual core fiber in which two
optical fibers can be used, one for photoexcitation and the other to collect photo-response
(either reflected light or fluorescence). Also, a bifurcated optical cable or “Y-guide” can
be used in which the incident light is transmitted down one arm of the Y and exits out of
the common leg. The reflected scattered light is also collected by the common leg but
measured at the other arm of the Y. An optical device, called an oximeter, uses this
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principle to measure the oxygen content of blood in vivo by detecting the diffusely
scattered light from hemoglobin at several wavelengths (Reynolds et al, 1976).
Depending on the size (core diameter) and the refractive index of the core and the
cladding media, an individual optical fiber can support different types of mode propagation
which define the electric field distribution of the electromagnetic radiation within the fiber.
Typically, fibers of diameters 2-4 μm can support a single mode of propagation and are
called single-mode fibers. Larger diameter fibers are multi-mode fibers that are capable of
propagating many modes simultaneously. Single-mode fibers are desirable for many
applications, such as nonlinear optical excitation, which require a well-defined mode.
There are fibers that preserve the polarization of the coupled polarized light. They are
called polarization preserving fibers.
4.3. Articulated Arm Delivery
Articulated arm delivery utilizes an arrangement involving a series of hollow tubes and
mirrors. An articulated arm delivery system is shown in Figure 9. The light beam (a laser
source) is transmitted through each tube and is then reflected into the next tube by an
appropriate angled mirror. At the exit port, there is a small hand piece that can be hand
held to manipulate the beam.

Figure 9. Reflecting mirrors arrangement in an articulated arm

This mode of beam delivery is used for mid-infrared range, such as 10.6μm radiation
from a CO2 laser. The articulated arms are bulky, awkward and expensive, requiring more
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maintenance than optical fibers. However, at the present, there are no suitable optical
fibers for the CO2 laser beam delivery. The silica, glass or quartz fibers strongly absorb at
the 10.6μm CO2 laser wavelength. There are specialty optical fibers made of
chalcogenides that transmit at 10.6μm but they are not widely used as optical losses are
still high. Furthermore, these fibers tend to be brittle.
In the case of using an articulated arm to propagate a CO2 laser beam that is in the
infrared (invisible), a co-propagating visible beam (usually a red beam from a He-Ne laser
or a diode laser) is used as an aiming beam (Prasad, 2003).
4.4. Hollow Tube Waveguides
Another light delivery system involves a hollow tube made of a metal, ceramic or plastic
(Cossman et al, 1995). The inside wall of the tube is coated with a high reflector. The
laser light is propagated down the tube by reflection from the inner wall. The advantage of
using this type of plastic waveguide over an articulated arm is its semi-flexibility. The
plastic waveguides generally have an inner diameter of ~1mm and an outer diameter of ~2
mm.
An important recent development in this area is the use of a photonic crystal
waveguide (Prasad, 2004). An example of a photonic crystal is a multilayered medium
which reflects (does not allow the propagation through it) light of a given wave length
range. Using an appropriately designed multilayered plastic hollow waveguide, one can
make light within a given wavelength range to reflect from the inner walls with very high
reflectivity.
5. In Vivo Spectroscopy
In vivo spectroscopy has emerged as a powerful technique for biomedical research
covering a broad spectrum, from study of cellular and tissue structures, to biological
functions, to early detection of cancer. The spectroscopic methods used have involved
study of electronic absorption spectra by analysis of back-scattered light, Raman scattering
and fluorescence. Fluorescence spectroscopy has been the most widely used technique
because of its sensitivity and specificity (Wagnieres et al, 1998; Brancaleon et al, 2001).
For fluorescence studies, both endogenous fluorescence (autofluorescence) and exogenous
fluorescence have been used.
Earlier reports focused on the use of optical absorption properties of tissues for clinical
applications (Wilson and Jacques, 1990). An example is blood oximetry, which is widely
used clinically to monitor continuously blood oxygenation with the help of an optical fiber
probe as described in the previous section. In this method the diffuse reflectance also
collected by the fiber is analyzed based on the differences in the absorption bands of oxy
and deoxyhemoglobins. Diffuse reflectance from the skin can be used to monitor changes
induced, for example, by the UV radiation. Endoscopic reflectance spectroscopy from
mucosa of the gastrointestinal tract has been used to determine blood content and
oxygenation (Leung et al, 1989).

P.N. Prasad / Photobiology for Biophotonics

141

6. Optical Biopsy
A major focus of in vivo spectroscopy has been to use it for early detection of cancer.
Optical biopsy refers to detection of the cancerous state of a tissue using optical methods.
This is an exciting area, offering the potential to use non-invasive or minimally invasive in
vivo optical spectroscopic methods to identify a cancer at its various early stages and
monitor its progression. One can envision that one day non-invasive optical spectroscopic
methods would find routine usage in doctors’ offices, clinics and operating rooms for
diagnosis of diseases, monitoring its progression and determining the efficacy of a medical
treatment or procedure.
The basic principle utilized for the method of optical biopsy is that the emission and
scattered light are strongly influenced by the composition and the cellular structures of
tissues. The progression of a disease or cancer causes a change in the composition and the
cellular structure of the affected tissues, producing a change in emission and scattering of
light. Thus, the optical biopsy can be represented by the schematics of Figure 10 (Katz and
Alfano, 1996).

Figure 10. Schematics of various optical interactions with a tissue used for optical biopsy (Katz and Alfano,
1996)

The primary optical methods used in the past have been fluorescence and Raman
spectroscopic techniques. The changes in tissue from a normal state to a cancerous state
have been shown to alter the fluorescence and the Raman spectra. These methods have
successfully differentiated normal tissues from those with breast, GYN, Colon and ADT
cancers.
The benefits provided by optical biopsy are (Katz and Alfano, 1996):
x optical biopsy is non-invasive or minimally invasive, utilizing endoscopic or
needle based probes. Hence, removal of a tissue specimen is not required
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x the method provides rapid measurements. Hence, real time measurements
can be made
x high spatial resolution offered by the optical methods provides the ability to
detect small tumors.
Optical biopsy provides the ability to detect precancerous conditions. This feature is
derived from the presence of distinguishable spectral characteristics associated with
molecular changes that manifest even before a cancer actually can be detected.
For fluorescence detection, endogenous fluorescence (autofluorescence) from a tissue
is preferred over exogenous fluorescence (fluorescence from an added dye). The
endogenous fluorescence is derived from a number of fluorophores that are constituents of
a tissue or a cell. Examples of endogenous fluorophores are tryptophan, elastin, collagen,
NADH and flavin. Alfano and co-workers were the first to use the fluorescence property of
an animal tissue to study cancer (Alfano et al, 1984). Since then the area of optical biopsy
has received a great deal of attention as is evidenced by a number of symposia held on
optical biopsy at SPIE conferences. Fluorescence measurements have used both laser
excitation (e.g., 488nm from an argon ion laser) and excitation (particularly in the UV
region) from a xenon lamp. The optical biopsy studies have been extended both to ex vivo
and in vivo human tissues. Furthermore, in vivo studies have utilized both endoscopic and
needle based probes to a variety of cancers.

Figure 11. Fluorescence spectra of the normal breast tissue (BN) and the tumor breast tissue (BT) excited at
488 nm (Alfano et al, 1989)

In the endoscopic approach, large diameter optical fibers coupled to an endoscope are
used to excite and collect the emission. In needle-based probes, small diameter optical
fibers are mounted in stereotactic needles to provide high spatial resolution for in vivo
examination of a breast or prostate tissue. Alfano et al (1989) used this method to show
differences between the fluorescence and Raman spectra of normal and malignant tumor
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breast tissue. The observed fluorescence spectra of the normal breast tissue (BN) and that
of a tumor breast tissue (BT), observed with excitation at 588nm from an Argon ion laser,
is shown in Figure 11. The fluorescence is associated with flavins. The normal breast
tissue also shows Sharp Raman vibrational peaks in the region of 1000 to 1650 cm-1
associated with hemeproteins, lipids, hemoglobin and porphysims. Frank et al (1995) also
reported the use of Raman spectroscopy to distinguish normal and diseased human breast
tissues. The advantage of vibrational spectroscopy is that it provides detailed information
relating to molecular structure and composition and, thus, can be used as a detailed
signature associated with abnormality.
Another study is the use of in vivo autofluorescence spectroscopy of human bronchial
tissue for early detection of lung cancer (Zellweeger et al, 2001). An optical fiber bundle
was adapted to fit the biopsy channel of a standard flexible bronchoscope. Clear
differences in the autoflourescence spectra were observed for the healthy, inflammatory
and early-cancerous lung tissue when excited at 405nm in vivo.
The in vivo tissue autofluorescence also was used to distinguish normal skin tissue
from nonmelanoma skin cancer (NMSC) (Brancaleon, 2001). They reported that both in
basal cell carcinomas and squamous carcinomas, the autofluorescence (endogenous
fluorescence) at 380nm due to tryptophan residues and excited at 295nm was more intense
in tumors than in the normal tissue, probably due to epidermal thickening and/or
hyperproliferation. In contrast, the fluorescence intensity at ~480nm produced by
excitation at 350nm and associated with cross-links of collagen and elastin in the dermis
was found to be lower in tumors that in the surrounding normal tissue. The authors
suggested this change to be due to degradation or erosions of the connective tissues due to
enzymes released by the tumor.
Recently, a fiber optic diagnostic analyzer with a trade name of Optical Biopsy System
has been introduced by Spectra Science, Inc. of Minneapolis, Minnesota (FDA approved)
to be used as an adjunct to lower gastrointestinal (GI) endoscopy for evaluation of polyps.
These polyps are less than 1cm in diameter and can aid a physician to decide whether they
should be removed. In this device, light is transmitted through a long fiber inserted in a
colonoscope and is directed to a polyp. The autofluorescence from the polyp is collected
back through the optical fiber.
Raman spectroscopy, particularly near-infrared FT-Raman has been applied to in vitro
studies of human breast, gynecological and arterial tissues. The advantage of Raman
spectroscopy is that it provides detailed information (with sharp vibrational transitions)
relating to molecular structure and composition and, thus, can be used as a detailed
signature associated with abnormality. The use of infrared excitation for Raman is
advantageous as it reduces the probability of interference (background) from
autofluorescence and provides deeper penetration in a tissue.
Alfano et al (1991) used 1064 nm from a Nd:YAG laser to acquire the Raman spectra
of a normal breast tissue, as well as of a benign and malignant tumor. These spectra in the
region of 700-1900cm-1 are shown in Figure 12. These different types of tissues exhibit
differences in relative intensities and number of vibrational transitions.
Frank et al (1995) also reported the usefulness of Raman spectroscopy to distinguish
normal and diseased human breast tissues. More recently Vo-Dinh et al (2002) have used
surface-enhanced Raman spectroscopy to detect cancer.
Other spectroscopic techniques used for optical biopsy are:
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x Optical Coherence Tomography, developed by Fujimoto and co-workers (Tearney
et al, 1997). This technique of imaging was adapted to allow high-speed visualization
of tissue in a living animal with a catheter-endoscope, 1 millimeter in diameter.
x Diffuse reflectance measurements developed by Alfano and co-workers (Yang et al,
2001). This method was used to obtain the absorption spectra of malignant and
normal human breast tissues. The absorption in the wavelength ranges of 275-285nm
and 255-265nm, which are fingerprints of proteins and DNA components, revealed
differences between the malignant, fibroadenoma and normal breast tissues.

Figure 12. Raman spectra from normal, benign and malignant breast tumors (Alfano et al, 1991)

The applicability of autofluorescence and diffuse-reflectance spectroscopy for
intraoperative detection of brain tumors was investigated in a clinical trail (Lin et al, 2001).
The result suggested that brain tumors and infiltrating tumor regions can be effectively
separated from normal brain tissues in vivo using a combination of these techniques.
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7. Single Molecule Detection
Single molecule detection is an exciting new frontier. The ability to detect a single
molecule and study its structure and function provides the opportunity to probe properties
which are not available in measurements on an ensemble. A new journal, Single
Molecules, published by Wiley-VCH since 2000, is dedicated to single molecule
spectroscopy and detection.
Fluorescence has been the spectroscopic method for single molecule detection. Single
molecule fluorescence detection has been successfully extended to biological systems (Ha
et al, 1996; Ha et al, 1999, Dickson et al, 1997). Excellent reviews of the applications of
single molecule detection to bioscience are by Ishii et al (2000) and Ishijima et al (2001).
Single molecule detection has been used to study molecular motor functions, DNA
transcription, enzymatic reactions, protein dynamics and cell signaling. The single
molecule detection permits one to understand the structure-function relation for individual
biomolecules, as opposed to an ensemble average property that is obtained by
measurements involving a large number of molecules.
The single molecule detection utilizes fluorescence labeling of a biomolecule or a
biopolymer. An ideal choice will be a fluorescent marker with the quantum efficiency
close to 1 so that maximum emission can be observed. Recent advances in the
photoelectric detection system (conversion of an emitted photon to an electrical signal)
have pushed the limit to single-photon detection, thus greatly facilitating this field. It is to
be pointed out that single molecule detection does not always imply the observation of an
isolated single molecule. The observation generally utilizes two approaches:
x detection in the dilution limit where the sample volume under optical observation
consists of only one molecule or biomolecule
x detection where a single biomolecule is attached to a microscopic bead which can
be observed and tracked.
Manipulation of these biomolecules can be conducted by using a glass-microneedle
(Ishijima et al, 1996). Many studies, however, have used laser trapping of microbeads by
optical tweezers, where a single molecule is attached to a microbead (Prasad, 2003).
Fluorescence probes used for single molecule detection are fluorescence life-time,
two-photon excitation, polarization anisotropy and fluorescence resonant energy transfer
(FRET). Single molecule fluorescence life-time measurements have been greatly aided by
the use of a technique called time-correlated single-photon detection (Lee et al, 2001).
Microscopic techniques such as confocal microscopy and near field microscopy have
provided the capability to perform single cell imaging of stained cells or cell aggregates
(Prasad, 2003). A two channel confocal microscope with separated polarization detection
pathways has been used by Hochstrasser and co-workers at the Regional Laser and
Biotechnology Laboratories (RLBL) at University of Pennsylvania to study time-resolved
fluorescence anisotropy of single molecules. Using this technique, Hochstrasser and coworkers simultaneously recorded single molecule fluorescence in two orthogonal
polarizations, for free porphyrin cytochrome-c and Zn porphyrin cytochrome-c
encapsulated in a glass (Mei et al, 2002). The fluorescence polarization anisotropy was
shown to provide information on the orientational motions of these proteins and their
interaction with the microenvironment surrounding them.
Zhuang et al (2002) have studied the correlation between the structural dynamics and
function of the hairpin ribozyme, a protein-independent catalytic RNA, by using
fluorescence energy transfer. In this case they used the Cy3 dye as the energy donor and
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the Cy5 dye as the energy acceptor, attached respectively to the 31 and 51 ends of the RzA
strand of the ribozyme and studied fluorescence resonant energy transfer from Cy3 to Cy5.
They found that this RNA enzyme exhibits a very complex structural dynamics with four
docked (active) states of distinct stabilities and a strong memory effect. These
observations would be difficult to obtain from an ensemble study because less stable
conformational states are non accumulative. Thus, this result signifies the importance of
single-molecule study in characterizing complex structural dynamics.
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Abstract. Recent years have seen a growing interest in the use of Raman-based
spectroscopy as an analytical tool for the chemical analysis of biological samples.
Raman spectroscopy has found many applications in cellular and structural
biology, biomedicine, and biodetection. Its attractiveness for live biological studies
lies mainly in its high sensitivity to molecular interactions and small molecular
scale conformational changes. In addition, the noninvasiveness of this approach
permits both in-vitro and in-vivo studies. This increased interest has been a result
of advances in both instrumentation and techniques that have enabled improved
data acquisition and data interpretation. This chapter addresses recent advances in
Raman-based techniques and highlights their uses in specific biological studies.

Introduction
Standard techniques for cellular imaging and analysis that are used today, such as
biological immunoassays and optical and fluorescence microscopy, have high
sensitivity but suffer from either a lack of molecular specificity, perturbation of the
sample by intrusive labeling with fluorescent probes and antibodies, or destructive
processes such as cell fixation or lysing. There is strong interest in developing novel,
noninvasive methods based on vibrational spectroscopy that can directly probe the
atomic and molecular scale structure of a live biological sample, enabling acquisition
of data with high chemical specificity without perturbing the natural biological state of
the sample.
Vibrational spectroscopy provides for the analysis of the chemical composition,
molecular structures, conformations, and interactions in a sample. Two methods that
are commonly used for molecular vibrational analysis are infrared (IR) and Raman
spectroscopy. One of the limitations of the former, which relies on measuring the
absorption or reflection of mid-IR radiation by molecular bonds, is the low spatial
resolution afforded by the technique, allowing only chemical information from a large
group of cells to be obtained. Raman spectroscopy, on the other hand, offers high
spatial resolution subcellular chemical analysis of an individual cell. It relies on the
scattering of photons by molecular bonds, which yields chemical information about the
molecular structure and conformations in the sample. It has seen an increase in its use
for biological studies because it offers many attractive features. The method is able to
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probe living samples both in-vitro and in-vivo in a noninvasive and nondestructive
manner in different environments (e.g. temperature, pressure, media), which can
provide new insights into the biology of living cells without the need to incorporate
fixatives, markers, or stains which may alter the cellular biology. In addition, the
nonbleaching property of a Raman signal allows live cells to be probed for long time
periods (minutes to hours) for monitoring dynamic behavior in cells.
Coherent anti-Stokes Raman scattering (CARS) spectroscopy and microscopy
have recently become a popular nonlinear Raman-based technique for the non-invasive
rapid chemical imaging of live cells. It uses the molecular bonds inherent in the cell as
endogenous labels for generating image contrast. Though far more complex in its
instrumentation and implementation than in spontaneous Raman spectroscopy, CARS
offers new capabilities for live cell studies. It generates a vibrational signal that is
orders of magnitude stronger than spontaneous Raman signals, permitting rapid
chemical imaging of live cells at near video rate speed. It also offers high-resolution
three-dimensional sectioning capability of a sample. CARS has been demonstrated by
imaging the protein, DNA, and lipid distributions in a living cell.
In this chapter, an overview of recent advances in both Raman and CARS
spectroscopy and microscopy techniques will be discussed. In addition, relevant
applications of these methods to the study of various biological systems will be
addressed.

1. Raman Spectroscopy
Raman spectroscopy is the detection of photons that are inelastically scattered by
molecular vibrations in a material. A monochromatic laser source (figure 1) with

Zs
Zi
(a)

Zi
(b)

Zi

Zs

(c)

Zs

Raman shift (cm-1)
Figure 1. (a) Light at frequency Zi scattered by molecular vibrations generates a Raman shifted
signal at Zs. (b) Energy level diagram illustrating the Raman process. (c) Raman peaks are expressed
in wavenumbers (cm-1).
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frequency Zi is used to probe a sample, with most of the incident photons encountering
elastic scattering (i.e. Rayleigh scattering) without gaining or losing energy such that
the frequency remains the same. A small fraction of the scattered photons, however,
will scatter inelastically. By exchanging energy with the vibrational energy levels of
the molecules, these photons can either gain or lose energy and become blue or red
shifted. These scattered photons, with a new frequency Zs, will show up as distinct
peaks in a Raman spectrum and are represented in terms of a shift in wavenumbers
(cm-1) from the excitation wavelength. Since molecular vibrations are strongly
dependent on the molecular conformation and environment, spectral analysis of the
scattered photons can, in addition to identification of the molecular bond, reveal such
information as well.
Raman scattering is a very inefficient process with typical Raman scattering cross
sections on the order of 10-30 cm2 and only 1 in 108 photons being Raman shifted. It is
this weak signal that has mainly limited its use as a tool for biological studies. Recent
advances in instrumentation, however, have improved the ability to rapidly acquire
high quality, reproducible data. Figure 2 illustrates a typical setup that is used in our
laboratory for epi-detection of Raman signals using a CCD-based dispersive Raman
method. A helium-neon (He-Ne) continuous wave (cw) laser at 633 nm passes through
a 633 nm bandpass filter to remove plasma emission lines from the beam, delivered
into the back port of an inverted microscope, and sent through a microscope objective
using a dichroic reflector. The sample rests on a nanopositioning stage, which is able to
move the sample with respect to the laser focus within a 100 x 100 Pm transverse
region and 20 Pm axially. The Raman shifted photons are collected by the same
objective and directed into a spectrometer that is equipped with a 1200 grooves/mm
grating blazed at 500 nm to spatially disperse the Raman signals. The entire Raman
spectrum is then collected simultaneously on a liquid nitrogen cooled back-thinned
CCD camera with a 100 x 1340 pixel area. The Raman and/or autofluorescence signal
can alternatively be directed to a photomultiplier tube or avalanche photodiode detector
to reconstruct an image pixel by pixel as the laser beam scans the entire sample.

Figure 2. Diagram of a confocal Raman detection system. A Helium-Neon laser is focused onto a sample
through a microscope objective. Raman signals are epi-detected and sent to either an avalanche photodiode
detector (APD) for imaging or dispersed onto a CCD camera in the spectrometer.

J.W. Chan et al. / Raman Spectroscopy: Chemical Analysis of Biological Samples

151

A key development in Raman spectroscopy was the implementation of a confocal
detection system with Raman spectroscopy for the detection of chromosomes in single
living cells[1]. Figure 2 shows the use of a 50 Pm pinhole in the setup that is optically
conjugated to the focal point of the microscope objective. The pinhole will pass the
spectral signals from the focal volume while suppressing all spectral contributions from
out-of-focus background sources, resulting in improved spatial resolution of the
spectral signals both in the lateral and axial directions. The diffraction limited spot size
defines the detection volume of the system and will depend on the microscope
objective that is chosen. A detection volume as small as 1 Pm3, equivalent to a
femtoliter, is attainable with high NA oil immersion objectives, enabling subcellular
studies inside single living cells.
A demonstration of the spatial resolution afforded by confocal Raman
spectroscopy for the analysis of single cells is shown in figure 3. An autofluorescence
image of sperm cells adhered onto a CaF2 substrate is first obtained by raster scanning
a 488 nm laser beam focused using a 100x long working distance air objective. The
confocal Raman detection system can be used to probe different areas of the sperm cell
(head and tail) to obtain Raman spectra from different parts of the cell. The spectra of
the head reveals distinct peaks that can be assigned to DNA that is tightly packaged by
protamine, an arginine-rich protein, whereas the tail only exhibits Raman peaks
characteristic of lipids and protein and no DNA, as expected. Typical Raman
acquisition times are 1 to 5 minutes at 1 mW laser power.

Figure 3. Confocal Raman spectroscopy offers high spatial resolution, enabling different regions within a
cell to be probed. Autofluorescence image (right) shows sperm cells adhered onto a substrate. Scale bar is
10 Pm. Raman spectra of the head shows peaks associated with DNA and protein whereas spectra of the tails
only show peaks related to protein. The spectra are the sum of ten individual spectra, each acquired for 60
seconds using 1 mW power from a 488 nm laser source.

Alterations in the cellular behavior or differences in cell phenotype are known to
be accompanied by biochemical changes. Raman spectroscopy can be used to detect
such chemical changes and monitor the biological process. Raman spectroscopy has
been used to construct images of the DNA, RNA, protein, and lipid distribution within
single cells, allowing cells in different biological states to be imaged and compared. As
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a result of the weak nature of Raman scattering, it usually requires several tens of
minutes to acquire and construct a Raman image. Raman images of apoptotic cells
were able to reveal an increase in the DNA content in nuclear fragments[2]. Figure 4
are the Raman images of an apoptotic HeLa cell created based on the 788 cm-1 band
associated with DNA and the 1451 cm-1 band from protein. The apoptotic cell image
shows DNA intensities that are ~4-5u higher than in the nucleus of a healthy HeLa cell
(not shown). Feofanov et. al.[3] imaged the distribution of theraphthal, an important
catalyst for the catalytic therapy of malignant tumors, using confocal Raman
microscopy. Other studies have demonstrated in-situ monitoring of cell death in human
lung carcinoma epithelial cells [4], in which decreases in DNA and protein Raman
signals are observed due to DNA fragmentation and protein cleavage associated with
the apoptotic process. Huang et. al [5] monitored the cell cycle of a living yeast cell at
the molecular level both spatially and temporally and identified a specific Raman
signature at 1602 cm-1 that reflects the metabolic activity of mitochondria in a yeast cell.
More and more, Raman spectroscopy is finding applications in the area of
biomedicine. One major direction has been towards its potential use as a tool for rapid
noninvasive cancer detection with the goal of developing optical biopsy techniques that
can be performed in a clinical setting. One of the main reasons Raman spectroscopy
has drawn interest for cancer detection is the ability for in-vivo detection by delivery of
the laser light and collection of spectral signals using fiber optic probes[6, 7]. It is
known that the development of cancer in cells and tissues is accompanied by changes
in DNA and/or protein composition and structure. These differences can show up as
intensity variations in certain Raman bands associated with specific biomolecules and,
if identified and correlated with the development of cancer at different stages, can be
used as an in-vivo “optical biopsy” tool, providing a more systematic and objective
technique for clinical use.

Figure 4. Raman imaging of a fixed apoptotic HeLa cell. DNA image (left) constructed using the 788 cm-1
band. Protein image (right) using the 1451 cm-1 band. The scan area is 10 x 10 Pm. Raman images of
apoptotic cells are able to reveal an elevation in the DNA content when compared to DNA Raman images of
healthy HeLa cells (not shown). (From reference [2])
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Several recent papers have reported the use of Raman spectroscopy to characterize
Raman biomarkers that can be used to discriminate between normal and malignant
tissues and assess the different stages of cancer progression. The majority of the current
studies demonstrating Raman spectroscopy for cancer diagnosis has been applied to the
study of tissue malignancy (e.g. breast[8, 9], cervix[10], lung[11, 12], larynx[13, 14],
skin[15-17], mouth [18]). In these studies, biopsy tissue samples known to be
malignant based on histopathological tests were collected and tested. Raman spectra
performed on these tissues were able to distinguish between malignant and normal
samples with high sensitivity and specificity and, in some cases, even identify the
different stages of malignancy. For example, Utzinger et. al. [10] studied squamous
dysplasia, a precursor to cervical cancer, and were able to classify high-grade dysplasia
from all others based on the observed increases in the intensity ratios of 1454 cm-1 to
1656 cm-1 and decreases in the intensity ratio of 1330 to 1454 cm-1 for the squamous
dysplastic tissues. These peaks were assigned to collagen, phospholipids, and DNA.
Huang et. al [12] discriminated tumor from normal bronchial tissue based on observed
higher Raman signals from nucleic acids (1223 and 1335 cm-1), typtophan and
phenylalanine (e.g. 1602 and 1618 cm-1) and lower Raman signals from phospholipids,
proline, and valine (e.g. 1302 and 1405 cm-1) in tumor tissue. Stone et. al. [14]
investigated cancer in laryngeal tissue and observed optical markers for discriminating

Figure 5. Mean Raman spectra (black lines) of many tens of T, B, Jurkat T, and Raji B cells and their
standard deviations (gray lines) indicating the low spectral variation from cell to cell within the same cell
type. All spectra exhibit similar peaks that can be assigned to DNA, protein, and lipid vibrations
(see Table 1).
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cancer in laryngeal tissue, specifically relative intensities of the nucleic acid
(DNA)/collagen mode at 1336 cm-1 and the amide III mode at 1250 cm-1.
At the Center for Biophotonics, we have applied Raman spectroscopy towards the
detection and discrimination of individual neoplastic hematopoietic cells to identify
characteristic biomarkers for leukemia. We have probed normal human lymphocytes
and transformed Jurkat T and Raji B lymphocyte cell lines as model cells of leukemia.
Figure 5 shows averaged Raman spectra of 45 healthy normal T cells, 86 transformed
Jurkat T cells, 36 healthy normal B cells, and 16 transformed Raji B cells. The Raman
spectra of all four cell types exhibit a number of distinct peaks that can be assigned to
molecular bonds associated with DNA, protein, lipids, and other cellular constituents.
Table 1 lists the Raman peak locations and their assignments.
Table 1. Select Raman frequencies and their assignments for lymphocytes
Raman frequency (cm-1)
618
640
666
678
725
746
785
831
852
893
1003
1031
1093
1208
1257
1263
1302
1318
1337
1373
1421
1447
1485
1510
1575
1605
1615
1665

Assignment (a)
P: C-C twist
P: C-S str., C-C twist Tyr
G,T,Tyr,G bk in RNA
G (C-2’-endo-anti)
A
T
U,T,C, bk: O-P-O
O-P-O asym. str., Tyr
Tyr. Ring breath
Bk, p: C-C skeletal
Phe, C-C skeletal
Phe, p: C-N str.
O-P-O sym. Str., p: C-N
A,T, p: amide III
A,T, p: amide III
T,A, p: =C-H bend
P: amide III
G, p: C-H def.
A,G, p: C-H def.
T,A,G
A,G
P: C-H2 def.
G,A
A
G,A
Phe, Tyr, p: C=C
Tyr, Trp, p: C=C
P: amide I, T, G, C

Abbreviations: str: stretching, def: deformation vibration. Sym: symmetric, asym: asymmetric, bk: vibration
of the DNA backbone; U, C, T, A, G are ring breathing modes of the DNA/RNA bases. P: protein, Tyr:
Tyrosine, Trp: Tryptophan, Phe: Phenylalanine. Assignments based on [1, 19-23].
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The cell-to-cell variation within a particular cell group is low, as determined by
their standard deviations, plotted as gray lines above and below each of the averaged
spectra. A straightforward difference spectrum between normal and cancerous cells is
able to show large differences in specific peaks, as shown in Fig 6, and may represent
the molecular fingerprint of leukemia. Other more complex data analysis procedures
using e.g. principal component analysis (PCA) (discussed in other chapters) can also be
used to discriminate and classify each individual cell into their specific cell groups.
Many of the peaks in the difference spectra are associated with DNA bases, indicating
that the transformed cells have lower DNA density than in normal cells. Peaks that are
almost exclusively due to ring breathing modes in the DNA bases, such as the modes at
678 cm-1, 785 cm-1, 1337cm-1, 1373cm-1, 1485 cm-1, 1510cm-1, and 1575 cm-1 are
significantly reduced in intensity in Jurkat and Raji spectra. Other differences observed
include potential slight increases in RNA (813 and 1240 cm-1) and increases in protein
(1126 and 1447 cm-1) Raman signals. Spectral discrimination between bone cell
phenotypes studied by Notingher et. al. [24] have also observed that osteosarcoma
derived cells are characterized by lower concentrations of nucleic acids compared to
non-tumor bone cells. These results are also consistent with studies by Omberg et. al.

(a)

(b)

Figure 6. Raman spectra of (a) T (black) – Jurkat T (red) and (b) B (black) – Raji B (red) cells and their
difference spectra. Also shown are the average and standard deviation ranges for select peaks that show up in
the difference spectra. Statistical analysis confirms that the peaks are statistically significant. The difference
spectra for both cell types reveal that the neoplastic cells have lower DNA.
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[25] on fibroblasts transfected with an oncogene gene that exhibited lower relative
concentrations of DNA. This difference in DNA has been attributed to the different
cellular activity of neoplastic and normal cell groups.
Other applications of Raman spectroscopy for medical diagnostics involve
establishing a database of spectra to determine Raman biomarkers for identification and
diagnosis of different tissues. For example, skin studies[26-29] have focused on
studying the Raman biomarkers of skin components, depth profiling through the
stratum corneum, the effect of aging on the protein structure, and the effect of water on
lipid and protein structure. Other studies have demonstrated the identification of
different molecular compositions of different bladder wall layers[30]. Coronary artery
tissue has also been probed for its composition to identify signatures associated with
different atherosclerotic plaques (nonatherosclerotic, noncalcified plaque, calcified
plaque)[31-35]. The ability to identify the composition of different plaques is vital for
early diagnosis of atherosclerosis, since it is believed that there is a dependence of
plaque composition on the probability of rupture in the lesions. Still other research has
involved the rapid analysis of constituents (glucose, urea, hemoglobin) in blood[36]
and the identification of medically relevant microorganisms[37]. Recent papers[38, 39]
have applied Raman spectroscopy towards the discrimination of embryonic murine
stem cells as undifferentiated, spontaneously differentiated (4 days), and differentiated
cells (16, 20 days) based on Raman biomarkers. Higher RNA content was found in
stem cells compared to differentiated cells, which was consistent with previous
biological studies indicating high levels of nontranslated mRNA during early
embryonic development.

2. Optical Trapping Combined with Raman Spectroscopy
Optical trapping, or “laser tweezers”, has become an established method in molecular
and cell biology, involving the use of a laser beam to physically manipulate microparticles [40, 41]. In biology, it has been used for the micromanipulation of organelles
within cells, measuring compliance of bacterial tails, stretching of DNA molecules,
manipulation of sperm and application for in-vitro fertilization, and studying the forces
of kinesin molecular motors.
The technique is based on the principle that laser photons can impart their
momentum on the microparticle, and any refraction, scattering, or reflection of the
photons results in a reactive force on the object. In its simplest arrangement, a single
tightly focused laser beam with a Gaussian profile can impart both transverse and axial
forces at the laser focus to the particle, resulting in a stable three-dimensional optical
trap that immobilizes the particle within the focus and permits particle manipulation
(see Fig 7a). A technique combining optical trapping with confocal Raman
spectroscopy was introduced in the early 1990s[42, 43] for the study of microdroplets
in solution and has recently gained much attention for the study of individual biological
samples. The combination of both methods is straightforward since the same laser
source and microscope objective used for confocal Raman spectroscopy can be used for
trapping. One of the most attractive features of this technique is the minimization of
sample preparation time and improved spectral acquisition. An illustration is shown in
the acquisition of the Raman signature of individual bacterial spores. In work by
Esposito et. al [44], bacterial spores (~ 1Pm diameter) are dried onto a solid substrate
and the laser scans a 20 x 20 Pm region first to image the locations of the spores based
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Figure 7. (a) Optical trapping scheme using a single tightly focused laser beam for both Raman
excitation and trapping. (b) Trapping and Raman spectroscopy of individual particles in solution enables
particle identification. (c) Reconstruction of the composition of a solution of mixed particles is possible
by sampling the Raman spectra of a subpopulation of the particles. (from reference [45])

on its autofluorescence image. Then, the laser is moved to a specific spore location and
a Raman spectrum is acquired. This entire procedure is time consuming, taking many
minutes to prepare and acquire a spectrum. In addition, signals from the surface
substrate can interfere with the Raman spectra and the precise positioning of the laser
focus with respect to the individual spore to maximize the signal can be tedious.
Optical trapping eliminates these issues by being able to probe spores while in solution,
holding the particle at the focus to maximize Raman excitation and collection and
keeping it away from the surface to minimize background contributions. Trapping is
possible with as little as 1 mW laser power and acquisition times can be as short as
several seconds, enabling much faster spectral acquisition. We have demonstrated a
promising application of this technique for the identification of unknown particles in a
mixture by their Raman signature and the reconstruction of the concentration and
composition of the mixture by rapid sampling of a number of particles, as illustrated in
figure 7b and 7c for a mixture of polystyrene and silica beads and bacterial spores [45].
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These results demonstrate the potential of this technique for chemical and biological
detection.
Xie et. al has introduced modifications to the laser tweezers Raman spectroscopy
technique for improved performance. They have introduced a shifted excitation Raman
difference technique (SERDS) [46], which uses a tunable laser as the excitation source.
Two Raman spectra are acquired of the same trapped cell at two wavelengths separated
by a few nanometers, and the difference spectra can eliminate any background
interference and reveal spectral components that are otherwise difficult to detect.
Another variation of the technique [47] introduces a modulation scheme of the laser
power of the excitation/trapping laser. In this scheme, the laser is switched to a low
power for trapping when no spectral acquisition is necessary and to a higher power
when Raman acquisition is occurring. This eliminates any potential damage resulting
from long term high power laser exposure.

Figure 8. A Raman spectrum of a single TGRL particle exhibits distinct peaks that can be assigned to lipid
vibrations. Inset shows a single trapped lipoprotein particle visualized by the backscatter of the incident laser
light used to optically trap the particle in solution.

Laser tweezers Raman spectroscopy (LTRS), as this method has been commonly
referred to, has been used to monitor the response of individual trapped yeast cells and
E. coli bacteria undergoing thermal stress[48]. Increases in the 1004 cm-1 band were
observed, indicating a change in the environment of phenylalanine as proteins unfold as
a result of thermal denaturation. The technique has also been used for the analysis of
lipid membrane composition[49] and ion diffusion through phospholipid
membranes[50], monitoring of chemical reactions on the surface of beads, and the
detection of glutamate[51]released in single optically trapped synaptosomes following
chemical induction. Our group has recently applied the LTRS technique to follow the
compositional changes of individual triglyceride-rich lipoprotein (TGRL) particles
derived from the blood of human patients following consumption of different dietary
meals. These particles are known to penetrate into arterial walls and become trapped,
initiating the early stages of atherosclerotic lesions. Determining the compositional
changes in the particles in the pre- and postprandial states is important in elucidating
their role in the pathogenesis of atherosclerosis. The Raman spectra of individual
TGRL particles, which range in size from tens of nanometers to a few microns, exhibit
peaks that can be assigned to molecular vibrations of lipids (cf Figure 8). Patients
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consumed a high and low glycemic load test meal with similar total fat but with the
high glycemic load meal having a slightly higher saturated fat content (17.1 g versus
16.2 g) and a lower polyunsaturated to saturated fat ratio (0.07 versus 0.19). A
comparison of pre and postprandial TGRL spectra, shown in figure 9, and the
difference spectra also shown in the same figure indicate an increase in select Raman
peaks at 1062 cm-1, 1097 cm-1, 1128 cm-1, and 1296 cm-1. When comparing these
results to a Raman study on saturated oils[52], it can be concluded that these peaks
indicate an overall increase in saturation in the fatty acids and triglycerides in the
particle. Using the intensity of these new peaks as an indication of overall degree of

Figure 9. (Top) Averaged Raman spectra of lipoprotein particles before and after consumption (3 and 8
h) of a high and low glycemic load meal. Also shown below the average spectra are the difference spectra
between the 0 and 3 and 8 h spectra. (Bottom) Particle distribution based on the particle saturation level.

saturation, particle distribution plots of the saturation level for both meals can be
created (figure 9). From these plots, we were able to determine that the saturation level
of the 3 hour postprandial particles directly reflects the amount of saturation in the test
meals. This sensitivity of the 3 hour particles to the saturated fat content of the meal
would indicate that most of the triglycerides in the TGRL particles at 3 hours originate
exogenously (ie. from the meal). By contrast, the 8 hr curves are both centered at
roughly the same position and are not sensitive to the fat content in the meal, indicating
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that the triglycerides at this postprandial stage may be the result of secondary liver
metabolic processes and not a result of triglycerides from the meal. These results
demonstrate the additional benefit of the LTRS technique. By being able to sample
individual particles, particle statistics can be obtained which can reveal subtle changes
in particle distributions that bulk spectroscopic methods could not detect.
A main concern with Raman spectroscopy deals with any potential damage of the
biological sample by the laser intensity at the focus of the beam. Puppels et. al [53]
investigated the effects of laser irradiation on sample degradation in living cells and
determined that at fluences of 5 MW/cm2 (10 mW laser power at 0.5 Pm spot size),
sample degradation can be confirmed when paling of the sample image and decreases
in the overall Raman signal intensity are observed. Also observed was a specific
decrease in the 1487 cm-1 DNA peak due to guanine vibrations. Degradation was
attributed to a photochemical process, not heat, initiated by sensitizer molecules in the
cell. In another study, Neuman et. al.[54] observed less damage of E. coli cells under
anaerobic conditions, indicating that oxygen may be a sensitizing molecule responsible
for the photodamage pathway in those cells. Photodamage of cell samples can be
circumvented by using longer wavelength excitation laser sources. Puppels et. al[53]
observed that excitation with 632.8 or 660 nm light resulted in no paling of the sample
or degradation of the Raman signal intensity and attributed this to the fact that
sensitizer molecules don’t absorb at these longer wavelengths. Recent advances in
Raman spectroscopy have, in fact, begun to use longer wavelength excitation light
towards the near-infrared (785-800 nm) to avoid issues with photodamage of cells. In
addition, studies have shown that heating at these powers is overall negligible at longer
wavelengths. Liu et. al [55]showed minimal rise in temperature (1.15 0C per 100 mW
average power) of liposomes and Chinese hamster ovary (CHO) cells optically trapped
with 1.06 Pm light with power densities of 107 W/cm2 at the laser focus.

3. Coherent Anti-Stokes Raman Scattering (CARS) Spectroscopy/Microscopy
As discussed in the previous sections, a limitation of nonresonant Raman spectroscopy
is its low Raman scattering cross sections, which require long integration times to
acquire sufficient signal for spectroscopic and imaging applications. Methods such as
resonant Raman spectroscopy enhance Raman signals by up to 106, but they require
visible or ultraviolet excitation that is resonant with an electronic transition of the
analyte, which may potentially harm the biological sample. Surface enhanced Raman
spectroscopy (SERS) also enhances Raman signals but requires the use of noble metal
structures or nanoparticles for Raman enhancement.
A nonlinear Raman technique known as coherent anti-Stokes Raman scattering
(CARS) spectroscopy and microscopy offers orders of magnitude (~104) stronger
vibrational signals and relies on a nonlinear four-wave mixing process by which it is
generated. Figure 10a illustrates the CARS process. In CARS, two laser frequencies are
used to create a beat frequency at Zp-Zs that, when resonant with a vibrational
frequency (cf Figure 10b), induces collective oscillations of the molecular bonds. A
second photon at Zp will then generate a CARS signal with frequency Zas = 2Zp – Zs.
The strong CARS signal enables rapid imaging of live biological samples without the
need for exogeneous labeling. The CARS signal is very strong due to the coherent
nature of this process. In addition, the nonlinear process results in only signal
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generation within the small laser focal volume, allowing high spatial resolution
imaging and three-dimensional sectioning capability. An additional benefit is that since
the CARS signal is blue shifted with respect to the excitation laser wavelengths,
autofluorescence will not typically interfere with the detection of the CARS signal.

(a)

Zs
Zp

(b)

Zas

Zp
Q
Q

Zs Zp Zas
'E

Figure 10. (a) CARS spectroscopy uses laser light at two frequencies to interact with a molecular vibration,
generating a higher frequency anti-Stokes signal. (b) Energy level diagram showing the CARS process

One of the main limitations of CARS involves the generation of a nonresonant
background signal that degrades the signal to noise of the resonant CARS signal.
Recent work has aimed to improve instrumentation and methodology to overcome this
problem. Techniques such as polarization CARS (P-CARS) and epi-detection CARS
(E-CARS)[56] suppresses the nonresonant background signal to improve the detection
of the resonant CARS signal. P-CARS[57] involves varying the polarization properties
of the Stokes and pump beams (optimum signal to noise occurs when the polarization
difference is 71.6o) for highest signal to background ratio. E-CARS involves detection
of CARS signals in the backward direction from small scatterers (diameters much less
than the laser wavelength) while suppressing undesired solvent background signals,
which would otherwise overwhelm in the forward direction. Other techniques such as
time-resolved CARS spectroscopy [58], which implements a suitable time delay
between the pump/Stokes pulse and the probe pulse, eliminates the nonresonant signal
based on its zero dephasing time as opposed to a resonant vibrational level which has a
longer dephasing time of several hundred femtoseconds.
In our setup, we use two Ti:Sapphire lasers emitting approximately 3 picosecond
pulses to generate the two excitation frequencies Zp and Zs. These lasers are temporally
overlapped by phase locked loop electronics, which can reduce the timing jitter
between the two laser pulses down to hundreds of femtoseconds. Potma et. al [47] have
shown improvements in the CARS signal stability when the timing jitter is reduced
even further down to 20 fs using a more sophisticated feedback system. The two beams
are spatially overlapped by collinearly combining them and delivered into a high NA
objective. CARS signals are epi-detected using the same confocal detection system
described previously. We choose picosecond instead of shorter femtosecond pulses
since the spectral width of picosecond pulses matches the spectral width of a typical
Raman vibration. Consequently, the spectral components all fall within the Raman
vibration for optimum resonant signal generation while minimizing the non-resonant
background. Femtosecond pulses, on the other hand, being much wider than the Raman
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spectral width, will have more components that can generate undesired non-resonant
signals. The use of femtosecond pulses, however, is desirable when performing
multiplexed CARS spectroscopy. Multiplexed CARS[59, 60] can generate a broad
CARS spectrum over hundreds of wavenumbers in a single shot without having to tune
the excitation laser sources. In this multiplexed configuration, a narrow picosecond
laser is used for the pump beam while the Stokes laser uses a broad femtosecond pulse
to populate many vibrational levels at the same time.

Figure 11. (a) CARS microscopic image of 1 Pm bacterial spores evaporated onto a glass coverslip. The
CARS image is generated by using calcium dipicolinate, found in the core of bacterial spores, as the contrast
agent. (b) A CARS signal is generated at ~ 697 nm when two laser frequencies at 750 nm and 812 nm are
used to excite the 1013 cm-1 vibration of calcium dipicolinate.

Figure 12. CARS images of lipid droplets in 3T3-L1 cell cultures at (a) 0, (b) 24, (c) 48, (d) 60, (e) 96, and
(f) 192 hours. Long term CARS imaging is able to reveal, at 48 hours, complete removal of the lipid droplets
due to lipolysis, which has not previously been observed. (from reference [62])

Live cells have been rapidly imaged (see for example [57, 61]) using CARS based
on their protein, DNA, and lipid distribution throughout the cell. In our group, we have
demonstrated CARS imaging of bacterial spores dried on the surface of a coverslip, as
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shown in Figure 11. The lasers are tuned to the 1013 cm-1 vibration, which is attributed
to calcium dipicolinate, a chemical present in significant amounts in the cortex of most
Bacillus spores. Pump and laser wavelengths at 750 and 812 nm generated a CARS
signal at 697 nm. Laser powers are roughly 20 and 10 mW. The image (256 x 256
pixel) is acquired by scanning at a 2 ms/pixel rate.
The strong, non-bleaching signal afforded by CARS microscopy enables chemical
imaging of samples at a rate fast enough to monitor dynamic cellular processes in
living samples. In addition, it allows for the long-term analysis of subcellular processes.
Nan et. al[62] recently demonstrated the ability to monitor the growth of triglyceride
droplets in living cells over a span of 192 hours on the same cell culture (cf Figure 12).
CARS imaging was able to reveal an intermediate process of lipid droplet removal at
24 to 48 hours due to lipolysis of the intracellular triglycerides, which was not believed
to have been observed due to the difficulty of previous methods.

Figure 13. (a) White light microscope image of a single trapped polystyrene bead using two Ti-Sapphire
laser beams. (b) Resonant CARS signal generated at 697 nm when the lasers are in resonance with the 1001.5
cm-1 vibration. Also shown is a nonresonant signal at 702 nm when the lasers are tuned away from this
resonance. (c) A CARS intensity plot for ten seconds demonstrates the stability of the signal

CARS has been developed mainly as a technique for high spatial resolution
chemical imaging of live biological samples on substrates as shown above. The longterm CARS analysis of submicrometer-sized biological particles in a liquid media,
however, is difficult due to the constant Brownian motion of the particle in and out of
the focus of the laser beam. Optical trapping combined with CARS spectroscopy of
individual polystyrene (Figure 13) and unilamellar vesicle particles has recently been
demonstrated in our group for the long term CARS analysis of an individual particle in
suspension. Rapid spectral information can be obtained with high temporal resolution

164

J.W. Chan et al. / Raman Spectroscopy: Chemical Analysis of Biological Samples

for monitoring fast dynamics. Optical trapping with pulsed laser beams has not been as
widely demonstrated as with continuous wave lasers but has gained more attention
recently because of the various nonlinear spectroscopy methods[63-67] (two photon
fluorescence, second harmonic generation) that can be used to analyze particles. A
model study[68] has also analyzed the feasibility of trapping with ultrashort pulsed
lasers. In our case, 1 Pm polystyrene beads have been trapped with two pulsed 80 MHz
Ti:Sapphire lasers whose wavelengths are tuned to be resonant with the 1001.5 cm-1
vibration, generating a CARS signal from the trapped particle at 697 nm, as shown in
Figure 13b. Acquisition of this signal over ten seconds shows the overall stability of the
trap, as demonstrated in Figure 13c, with the fluctuations on the millisecond time scale
attributed to the instability of the laser source. This laser stability issue can be avoided
by using an OPO laser system, where both pump and Stokes laser frequencies are
derived from the same laser source. It has also been shown that using a pulse picker to
reduce the repetition rate of the laser from 80 MHz down to 400 kHz can still maintain
optical trapping of the particle and be used for CARS signal generation, which is
important for reducing the average power incident on the sample and hence, eliminate
potential photodamage to the sample. Trapping of a particle is possible as long as the
frequency of the pulses exceeds the time it takes for the particle to move past its rms
equilibrium position. We have also trapped single unilamellar phospholipid vesicles
and obtained CARS signals. This novel optical trapping CARS technique can
potentially be used to monitor rapid dynamics of individual cells with much higher
temporal resolution than can be achieved using LTRS.

4. Summary
Raman spectroscopy was first discovered over 70 years ago by Sir Chandrasekhara
Venkata Raman but only over the past decade has it found major biological
applications. Since biological processes are accompanied by changes in the
intracellular biochemistry, both in compositional and conformational changes,
vibrational spectroscopy is ideally suited for monitoring such processes. Spontaneous
Raman spectroscopy and laser tweezers Raman spectroscopy has been used in our
laboratory for such applications as cancer detection at the single cell level and chemical
analysis of submicrometer-sized triglyceride-rich lipoprotein particles. Our
demonstration of combining laser tweezers with CARS spectroscopy for rapid spectral
acquisition with high temporal resolution shows the potential of this technique for
monitoring fast (millisecond) dynamics of individual biological particles. Continued
improvements in instrumentation and techniques open up the possibility of applying
Raman-based spectroscopic methods towards the study of a vast number of biological
systems.
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Introduction
Raman scattering [1-3] is a physical process where an incident photon is inelastically
scattered by a molecule, resulting in an outgoing photon whose energy is changed by
an amount associated with a vibrational mode of that molecule. Energy dispersive
detection and narrow spectral linewidths result in rich spectra having features that
allow the unique identification of the molecular constituents in complex samples.
An excellent example of a complex sample is a living cell. Its measured Raman
spectrum contains spectral features that correspond to each of the cell’s biochemical
components (DNA, proteins, carbohydrates, lipids, etc.). A description of the
experimental methods used to acquire single-cell Raman spectra are given by Chan et
al. [4] elsewhere in this book. For a general discussion of in vivo medical applications
of Raman spectroscopy, we refer the reader to the excellent review article by Hanlon et
al. [5]
In this chapter we describe, in an elementary and hopefully user-friendly way, our
efforts to discover analysis techniques for elucidating Raman spectral signatures from
single cells that would allow discrimination between 4 types of blood cells: normal Blymphocytes, normal T- lymphocytes, transformed (cultured) Jurkat T-lymphocytes,
and transformed Raji B-lymphocytes. Raji and Jurkat cells are used as models for
human cancer cells. We examined various spectral analysis techniques with the goal of
finding a convenient and reliable method that would indicate which group an individual
cell is likely to be a member. The discovery of unique spectral signatures for these cells
may ultimately enable new medical diagnostics and therapies for leukemia.
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This chapter is organized in the following way. We first give a brief overview of
the medical motivation for this work–leukemia, and describe how this work might
suggest improvements to the treatment. In the next section we show examples of single
cell Raman spectra. Procedures for background subtraction and normalization are then
given, followed by a discussion of the spectral variations due to the measurement
process and to cell-to-cell differences. We next discuss analysis by spectral component
decomposition followed by a discussion of principal component analysis. Other
analysis approaches are briefly mentioned and, in the last section, the key findings are
summarized along with a discussion of future research directions.

1. Leukemia
A medical motivation for this work was to discover potential ways of improving the
diagnosis and treatment of leukemia. The word leukemia comes from the Greek and
means white blood, implying an excess of white cells in the blood. In general, leukemia
is a cancer of the blood-forming tissue such as bone marrow. Acute lymphocytic
leukemia is a form of this disease that involves an overgrowth of very immature blood
cells in the bone marrow that then overwhelms the body’s ability to produce normal red
cells, platelets, and normal white cells. The cancer eventually invades other parts of the
body. In 1999, there were 30,200 new cases (27,900 adults, 2300 children) and 22,100
deaths.
Two sub-types of acute lymphocytic leukemia are T and B lymphoblastic
leukemia. The leukemic T and B cells are neoplastic versions of normal T and B
immune cells. One treatment for this type of leukemia is autologous bone marrow
transplant (autoBMT) where cells are collected from the patient’s blood or bone
marrow. The patient then undergoes chemotherapy and/or radiation therapy to kill
remaining cancer cells before collected cells are returned. The collected cells are
treated to remove cancer cells but, because the methods are imperfect, some cancer
cells are re-introduced into the patient.
The development of an optical non-invasive technique to discriminate between
normal and cancerous cells, may lead to improvements in diagnosis, monitoring, or
treatment of leukemia. For instance, an optical means used in autoBMT might allow
sorting and complete removal of cancer cells from samples before re-introduction.
2. Example Raman Spectra
Raman spectra of 183 individual cells from 4 different cell types were collected
(Figure 1.). Additionally 20 repeated spectral measurements of a single normal T-cell
were obtained. The Jurkat cell line is a transformed version of T-cells that can be
cultured. Likewise Raji cells are transformed B-cells. These cell lines act as models for
leukemic B and T cells in this study. In future work we plan to use patient derived
human leukemic B and T cells.
Typical Raman spectra are shown in Figure 2. Each spectrum consists of 1340
channels spanning the wavenumber range 400-1800 cm-1.
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Normal T cells
45 spectra
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Jurkat T
cultured
cancer cells
86 spectra

Normal B cells
36 spectra

Raji B cultured
cancer cells
16 spectra

Single Normal
T Cell
20 spectra

Figure 1. This diagram shows the types and number of single-cell Raman spectra acquired. Lines indicate
pairwise spectral comparisons emphasized in this study.

36 Raw B Cell Spectra

16 Raw Raji B Cell Spectra

Figure 2. Examples of raw spectral data prior to background subtraction and normalization. The 36 spectra
on the left are from normal single B-cells and the spectra on the right are from 16 Raji B-cells. Spectra are
offset in the vertical direction for display.

3. Background Subtraction and Normalization
To compare different spectra it is desirable to subtract the background (due primarily to
fluorescent components within the cell and to noise in the measurement
instrumentation) and to normalize the spectral integral.
A measured background spectrum cannot be conveniently obtained because the
fluorescent cellular components are difficult to physically separate. For our case, the
background subtraction was accomplished by assuming the Raman contribution to the
spectrum was added to a slowly varying background that could be represented by a 3rd
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or 4th order polynomial. We choose a few anchor points near the middle and ends of the
spectrum that are relatively reproducible and represent “valleys” or regions where the
Raman contribution to the overall spectrum is small. In Figure 3 we give an example of
a spectrum where the background is defined by a 3rd order polynomial and fit to 4
chosen anchor points.

Figure 3. Example spectrum showing a 4-point polynomial fit to the background.

Under the best of circumstances, some arbitrariness and variation is introduced by
this manual method of background subtraction. For our case, we tested our choices of
anchor points by choosing alternate points and found only minor changes in the final
results.
More recently we have begun using a background subtraction method developed
by Lieber (currently a CBST researcher) and Mahadeva-Jansen [6]. This automated
method apparently performs as well as the manual method described and is not prone
to the variability introduced by the somewhat arbitrary choice of anchor points. Briefly
the method works as follows. Using least-squares, the spectrum is fit to a polynomial,
typically 3rd to 5th order. Next, channel-by-channel, the minimum of either the
polynomial or the data is taken to form the approximation to the background spectrum.
At each iteration the polynomial fits the broad trends of the spectrum, but not the
narrow Raman features which are then reduced in magnitude until they are eliminated.
This process is iterated until the process converges (within a preset tolerance) on a final
estimated background spectrum.
It is worth pointing out that a more physical meaningful and possibly more
accurate approach to background subtraction called shifted Raman spectroscopy has
been described by Mathies and others [7,8]. This experimental method works best with
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spectrum 1 (Raman peak at O0 on fluorescent
background)
spectrum 2 (excitation source shifted by 'O)
difference spectrum (spectrum 1 - spectrum 2 )

peak fit (F(O)= G(O, O0) - G(O, O0+'O))

final result: original peak shape restored &
background removed (G( O, O0) )

Figure 4. This diagram gives a simple single-peak example of shifted
Raman spectroscopy background subtraction

simple spectra but with some effort can also be applied to complex spectra as well. A
simple single-peak example is shown diagrammatically in Fig. 4. Two Raman spectra
are collected with the first using incident light at wavelength Oinc and the second with
the incident light wavelength shifted by 'O, where 'O is typically of the same order as
the Raman peak widths within the spectrum. The second spectrum is then subtracted
from the first and the resultant difference spectrum is fit with a function of the form

F O

G O, O0  G O, O0  'O .

Here G is a parameterized peak shape function such as a Lorentzian or Gaussian,
for example

G O , O0

A exp B O  O0

2

.

The peak position in the first spectrum is given by O0 and the parameters A and B
are adjusted to give the best fit of F to the difference spectrum. The Raman peak with
background removed is then given by G

O , O0

.

In effect, this background subtraction method works because the Raman spectral
features are all shifted in the second spectrum by an amount ' but the fluorescence
background is left essentially unchanged since fluorescence emission spectra typically
consist of broad features that are not sensitive to small changes in the excitation
wavelength. With some effort, this technique can be extended to spectra with multiple
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and overlapping spectral features using adjustable parameters to fit each feature. This
method provides a more methodical and accurate background subtraction but at the
expense of additional experimental complexity.

4. Spectral Variation and Differences
Once the background has been subtracted and the spectra are normalized we can
examine different techniques for comparing spectra. First, however, it is useful to get
an idea of how much cell-to-cell spectral variation exists between cells of the same
type. If the variation is large compared to the variation due to the measurement itself,
then it will be more difficult to discriminate between cell types. On the other hand, if
the variation between individual cells of the same type is small, then successful
discrimination is more likely.
To answer this question, 20 spectra were measured using a single normal T-cell.
The relative variation at each channel was determined by dividing the standard
deviation (SD) by the mean. A second set of measurements was then obtained using 20
different normal T-cells chosen at random. A ratio of the relative variation from the
same cell divided by the relative variation (SD/mean) from different cells was
determined. For each channel, the ratio, as shown in Figure 5 was found to be primarily
between 1 and 1.5 over much of the spectrum with a few regions showing greater
variability and extending to 2-2.5. This result is encouraging because it indicates that
the cell population is reasonably homogeneous and will not prevent cell type
discrimination.

Figure 5. This graph shows, for each channel, the ratio of the relative standard deviation of twenty
measurements on the same T-cell compared to measurements of twenty different T-cells

Returning to the problem of identifying cell-types, perhaps the most
straightforward approach is to determine, for each set of spectra of the same cell type,
the channel-by-channel means and standard deviations. As shown in Figure 6, the
means of two sets of spectra can be subtracted and compared to the SD of this
difference. Regions where the differences in the means are significantly larger than ±1SD are likely to be real biochemical differences. Normal B-cells vs. Raji, normal Tcells vs. Jurkat, and Raji vs. Jurkat appear to have significant spectral differences, at
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least on average. Only normal T vs. normal B cells do not seem to have spectral
features that could be used to distinguish them.
By inspection, the major peaks that show significant differences between cell types
appear at 785, 1337, 1373, and 1575 cm-1. Spectral assignments are made by using
published references [10-15]. All of these transitions are associated with ring breathing
vibrational modes of DNA nucleotides. These peaks are less intense in the Jurkat and
Raji cells. This finding is consistent with a larger nucleus in transformed cells [16] and
explains the apparent lower DNA density. This measurement technique uses a probe
volume (1 Pm3) that is smaller than the cells (10 – 15 Pm). Thus the signal intensity is
related to the density of the sampled material rather than the total amount.

Normal B – Blue
Normal T – Red

A.

Jurkat T – Blue
Raji B – Red

B

Normal B – Blue
Raji B – Red

C.

Normal T – Red
Jurkat T – Blue

D

Figure 6. Sets of 16 spectra, each set formed using different individual cells of the same type, are
compared. Each of the four graphs display, channel-by-channel, the means of each set (red and blue), the
difference of the means (black), and ±1 SD of the difference (green). (A) shows the difference between
normal B-cells and normal T-cells, (B) the difference between Jurkat T-cells and Raji B-cells, (C) the
difference between normal B-cells and Raji B-cells, and (D) the difference between Jurkat T-cells and normal
T-cells. Regions where the difference extends outside the ±1 SD curves represent significant spectral
dissimilarities between cell types. Only normal T and B cells appear to have no spectral features that could be
used to distinguish them spectrally.
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5. Component Decomposition
Another method of analyzing the spectra is to assume that they consist of linear
superpositions of component spectra (also referred to as basis spectra). Each
component spectra corresponds to a biochemical constituent of the cell (protein,
DNA/RNA, carbohydrate, lipid, etc.). The linear coefficients that multiply each
component spectrum to produce a match to the measured spectrum are determined
using a least-squares optimization.
There are two main difficulties with this approach. First it is often difficult to
obtain the component spectra. The experimentalist, in some cases, may have access to
the pure constituent material and can then directly measure the component spectra. In
other cases, published component spectra may be available, but the researcher must
take care that instrumentation differences are taken into account. The second difficulty
is that the measured spectrum may not be a simple superposition of the component
spectra because when the biochemical components are combined, their spectra are
modified. For instance the spectra of pure DNA will be modified compared to DNA
within a cell whose detailed vibrational modes are altered by closely associated
proteins (such as histones).
To test this approach we obtained component spectra for protein, DNA, and lipid
from the literature as shown in Figure 7. A fourth component was included that
contained spectral features found in the measured spectrum but not in one of the other
three components.

Figure 7. Component spectra taken from the literature for cellular protein, DNA, and lipid constituents. A
fourth component was included that accounted for other spectral features due to unspecified constituents
know to be present in the measured spectrum but not represented by any of the other three components.
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As shown in Fig. 8, these 4 components were fit by least-squares to a typical
measured T-cell spectrum. Although the resulting superposition spectrum gave good
qualitative agreement with the measured spectrum, but for our situation in which we
are looking for small and subtle differences between complex spectra, we deemed this
approach, in the form described, to be inadequate. A possible extension of this method,
which we did not pursue, is to modifying the component spectra to give an improved
fit. In any event, this method is much easier to apply and works very well when applied
to simple spectra with fewer features than we have in our particular case.

Figure 8. A measured spectrum from a single T-cell is shown on the right. A model spectrum constructed by
least-squares fitting the measured spectrum with a linear combination of 4 component spectra. Random noise
was added to the model spectrum for visual comparison purposes.

6. Principal Component Analysis
Another approach to using spectra to identify cell type is a method called principal
component analysis (PCA). This method is commonly used in multivariate analysis to
reduce the number of variables and allow visualization of complex data sets in two or
three dimensions [16,17]. We use our Raman spectra as examples and give a geometric
interpretation of PCA to explain the process. We first assume that each of the 1340
spectral channels is a dimension in a 1340 hyperspace. As a result, any spectrum can be
represented by a single point in this space. The distance between points in this
hyperspace is determined by calculating the Euclidian distance

p

r

¦X

2

i

 Ki 2 .

i 1

Here Xi and Ki are the coordinates in the p-dimensional space (p=1340 for our case)
of the two points. It is assumed that two points that are close to each other represent
spectra that are similar while distant points represent dissimilar spectra.
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Through a transformation that is equivalent to a rigid rotation of the multidimensional coordinate system, a new coordinate system is produced in which the new
coordinate directions are linear combinations of the original directions. The rotation is
made in such a way that the data (i.e. spectra) along each new coordinate direction is
uncorrelated with data in the other directions. In this way, most of the variation in the
data can be represented by just a few coordinates; surprisingly only 2 to 4 coordinates
are usually needed.

Figure 9. A simple example of how a coordinate rotation can transform correlated variations in positions
between multiple axes. A) Points representing correlated 2-channel spectra. B) The rotated coordinate system
represents the principal variation with a single axis. Variation in the direction of the second axis is
uncorrelated with the first.

A simple example will make this clearer. Consider a Raman spectrum having only
two channels. All possible spectra can represented by points on a 2-dimensional graph
as shown in Figure 9A. The variation in position of the points along each of the
coordinates can be seen to be correlated. A rotation in the coordinate system (Figure
9B) shows how the major variation can now be described by a single coordinate axis.
The variation in position in the direction of the second axes in of the rotated coordinate
system is now uncorrelated with that of the first. In our case, this process is extended to
1340 dimensions corresponding to the 1340 channels in our spectra.
We now give a few mathematical details for determining the transformation
(rotation) matrix. We, first begin by forming the data matrix D where the p-columns
correspond to the channel numbers and the n-rows correspond to the spectra. Next the
data are normalized by subtracting the mean of each column (channel) and dividing by
the variance to produce the modified data matrix C having elements

cij

§ dij  d j ·
¨ V ¸
©
¹
j

where dij is the channel value for the ith channel in the the jth spectrum. The mean
and variance for each channel are
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, respectively.

The square symmetric p x p covariance matrix S is then formed with elements

sij

1 p
¦ cki ckj
p 1 k 1

When the S matrix is diagonalized, the resulting eigenvectors (which are linear
combinations of the original channel values) become the new directions in the rotated
coordinate system. The new orientation produces variables that are uncorrelated
because the off diagonal elements are zero in the new covariance matrix. and the
eigenvalues of the diagonalized S matrix correspond to the new variances. Typically
the first few (2-4) eigenvectors correspond to most of the total variance.

Figure 10. (A) Spectra of two model cells differing in DNA content by 5%. (B) 20 spectra from each model
with noise added to mimic measured spectra. By inspection, no difference can be discerned between the two
models. (C) Each of the 40 spectra is represented by a point in a 3D coordinate system consisting of the first
3 principal component axes. Excellent differentiation between the two models is shown. (D) The graph gives
the percent of total variance for each of the first 10 principal components and indicates that 40% of the total
variance is represented by the first component. The variances associated with the other 1339 components are
due to the Poisson and measurement noise

180

S.M. Lane et al. / Raman Spectral Analysis: A Case Study

To demonstrate this process, we used the model spectrum obtained by component
decomposition as described above. We produced a set of 20 individual spectra from the
model spectrum by introducing Gaussian noise at a level that corresponded to
experimental spectra. A second set of 20 spectra were produced in the same way, but
with a model spectra having 5% less DNA. Neither by inspection nor by observing the
differences in the means (as described above) could individual be accurately assigned
as a member of model-1 or model-2. However, by applying PCA, the identity could
clearly be discerned, thus demonstrating the power of this technique (Figure 10).
We next applied PCA to 4 sets of measured spectra (T, B, Jurkat, and Raji), each
set containing 16 spectra chosen at random. The results are displayed in Figure 11. We
see by applying PCA in a pairwise manner and then plotting the first two principal
components of the of each set that each set can be distinguished from the others except
in the case of normal T vs. B cells where the spectra are not separated. Examination of
additional principal components (not shown) do not provide any additional information
that can be used to differentiate these cell types.

A

C

B

D

Figure 11. Pairwise comparisons of B vs. Raji (A), T vs. Jurkat (B), Raji vs. Jurkat (C), and T vs. B (D).
Each plots displays the magnitude of the first two principal components (arbitrary units) and each set consists
of 16 individual spectra. These plots demonstrate that PCA can pairwise distinguish all cell types with the
exception of T vs. B cells.
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7. Other Approaches
We now comment very briefly on other analysis methods we have examined. In other
words We have examined a number of other techniques that we will make brief
comments on here. The next step, whose details are beyond the scope of this chapter, is
to use a training set where the identity of the cells are known. By maximizing these
global parameters, the clusters become more compact and well separated.

8. Summary and Future Directions
We found that the individual spectra could not differentiate T vs. B or Raji vs. Jurkat
but in fact could reliably differentiate normal B from Raji and normal T from Jurkat.
Principal component analysis proved to be the most useful analysis technique.
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Abstract. Surface-enhanced Raman scattering is a powerful tool for the
investigation of biological samples. Following a brief introduction to Raman and
surface-enhanced Raman scattering, several examples of biophotonic applications
of SERS are discussed. The concept of nanoparticle-based sensors using SERS is
introduced and the development of these sensors is discussed.

Introduction
Raman spectroscopy is an optical technique that provides chemically specific
information about the interrogated sample. When photons impinge on a molecule, they
are scattered, and, depending on their interaction with the vibrational modes of the
molecule, their frequency can be shifted as illustrated in Figure. 1a. While the vast
majority of photons incident on a given bond vibration are elastically scattered
(Rayleigh scattered), a small fraction of these photons interact with the vibrational
mode and are shifted in frequency by the frequency of the bond vibration, as shown in
the energy level diagram in Figure 1b. These Raman shifted photons can have a higher
frequency (anti-Stokes) or a lower frequency (Stokes). The many vibrational modes of
a molecule give rise to a spectrum that provides quantitative information about the
molecular species in the probe volume.
1
The quantitative and chemically specific information provide by Raman
spectroscopy has made it useful in a wide variety of fields ranging from forensic
analysis to fundamental studies of molecular interactions.[2] The non-invasive nature
1
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of the technique along with its chemical specificity make it ideally suited for biological
measurements.[3, 4] Raman spectroscopy has been applied to study many different
biological systems including DNA protein interactions, protein folding, and diseased
tissues.[5] While Raman spectroscopy has been successfully employed to study
fundamental biochemical interactions as well as being developed as a tool for in vivo
diagnostics,[6] it is limited in its sensitivity. This low sensitivity results from the
inherently low probability that a photon will be Raman scattered. Approximately 1 in
108 photons that are incident on a given bond vibration are Raman scattered. These
extremely low cross-sections require long integration times, and high incident power to
generate Raman spectra with sufficient signal-to-noise. This has generally limited the
technique to samples that are relatively concentrated.

Figure 1 (a) Schematic illustration of Raman scattering. Photons incident on a given bond
vibration can be Raman scattered having their frequency shifted by the frequency of the bond
vibration. (b) Energy level diagram of the Raman scattering process. Most of the incident photons
are Rayleigh scattered and remain unchanged in frequency. The Raman scattered photons can be
shifted to a lower energy (Stokes) or higher energy (Anti-Stokes) upon their interaction with the
vibrational mode of the molecule.

Many biologically relevant chemicals are present in minute quantities, precluding
the use of conventional Raman scattering. A technique that is often employed to
circumvent the low signal inherent in Raman spectroscopy is surface-enhanced Raman
scattering (SERS). In SERS, the molecule of interest is attached to a metal surface,
typically silver or gold, which provides an increase in the observed Raman scattering
by many orders of magnitude. This phenomenon was first discovered in 1977 by two
groups working independently.[7, 8] Studying the adsorption of molecules to a
roughened silver electrode, these two groups noticed and increase in the Raman
scattering by 6 orders of magnitude.
This large increase in the observed Raman scattering is the result of two
enhancement mechanisms, an electromagnetic enhancement and a chemical
enhancement.[9, 10] The electromagnetic enhancement results from a localization of
the E-field through surface plasmons. This E-field enhancement has been shown to
produce an enhancement of 106. The chemical enhancement arises from the formation
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of a charge transfer complex that increases the polarizability of the molecule and
produces an increase in the Raman scattering by 1 to 2 orders of magnitude.[11]
In addition to roughened metal surfaces, researchers showed early on that SERS
spectra could be acquired from colloidal nanoparticles dispersed in solution.[1, 12]
The colloidal particles have size dependent plasmon absorption and can be tuned to
preferentially adsorb at the desired laser frequency.[13, 14]
More recently two groups working independently in 1997 showed that using
colloidal nanoparticles, the Raman spectra from individual molecules could be
acquired.[15, 16] Based on these observations, enhancement factors of 1015 would be
required based on cross-section arguments. Calculations have shown that the E-field
enhancement can approach 1012 at the junctions between two nanoparticles.[17] The
remaining three orders of magnitude of enhancement have been attributed to a
combination of resonance enhancement and chemical enhancement.[11] While the
details of these enormous enhancements remain under study, the possibility of
investigating biological systems using Raman scattering has attracted a number of
researchers and resulted in many interesting biophotonic applications of SERS.[18]

1. Overview of Biophotonic Applications of SERS
From the very early years of SERS, researchers began to take advantage of the increase
in Raman scattering to study biological samples. Cotton and Van Duyne demonstrated
very early in the history of SERS that there was great potential for studying small
quantities of biological materials using SERS.[19] Their work demonstrated that
cytochrome C and myoglobin could be adsorbed to roughened silver electrodes and a
SERS spectrum could be acquired. Since that time, there have been many biological
applications of SERS over the past two and a half decades.[18] This manuscript is not
intended to be a comprehensive overview of the biologically relevant SERS work, but
rather an overview to give an idea of the types of applications that have been developed
and the systems that have been studied using SERS.
One example which demonstrated the sensitivity attainable with SERS and
biological samples was the study of single hemoglobin molecules with SERS. These
experiments carried out by Käll and co-workers showed that the characteristic
vibrational modes of the porphyrin moiety in the hemoglobin protein could be seen at
the single molecule level.[20] While these experiments demonstrated the sensitivity
attainable with SERS, they also illustrate the difficulty of practical single molecule
detection using colloidal particles. Time series of spectra showed that the signal from
the hemoglobin fluctuated dramatically in time.
A more robust SERS substrate has been developed by Van Duyne and coworkers
that can be modified for biological applications.[21, 22] For many years researchers
have attempted to develop SERS based glucose sensors. Theses attempts have fallen
short due to the inability to get the glucose immobilized close to the SERS substrate.
This technical hurdle was overcome recently by Van Duyne and coworkers who
utilizing specially prepared SERS substrates and short chain alkanes have been able to
show that SERS can be utilized as a glucose sensor.[23] These platforms are able to
detect glucose over a concentration range of 10-400 mg/dL.
An area which is currently in the forefront of biological sensing is the ability to
detect DNA fragments with little or no amplification. One route to this end has been
the development of SERS based DNA detection. A couple of approaches have been
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reported, both of which require the use of an external probe molecule, usually a laser
dye, that is attached to the probe DNA. Vo Dinh and co-workers have developed a
cancer gene detection assay in which the probe DNA is immobilized to a SERS
substrate.[24] Upon binding the target DNA to the immobilized probe, the labeled
probe DNA is added which also binds to the target DNA. The detection of the
Rhodamine probe is then quantitated and can detect as few as 108 copies of the gene.
A similar approach developed by Mirkin and co-workers utilizes the target DNA to
bring together two metallic nanostructures.[25] Part of the complementary strand to
the target DNA is immobilized on a gold substrate and the other part is attached to gold
nanoparticles in solution. The DNA coated nanoparticle solution is first incubated with
the target DNA and then the nanoparticles are extracted through centrifugation and
washed. The resuspended nanoparticles are exposed to the DNA coated gold substrate
and those nanoparticles with the target DNA will bind to the surface. The
nanoparticles are labeled with a laser dye which is then detected with SERS, providing
detection limits in the femtomolar range.
The approach taken for the detection of DNA also demonstrates the ability of
SERS to allow for multiplexing. The narrow line widths inherent to Raman
spectroscopy allow several species to be detected at one time in the same probe volume.
Another application which exploits this capability is the development of SERS
tags.[26] These SERS tags are metal nanoparticles coated with a SERS active
molecule and then coated with a glass layer to prevent the loss of the SERS molecules
in solution. Through the use of silane chemistry, these tags can be attached to proteins,
etc. and utilized for biodetection. While these SERS tags are not as sensitive as
fluorescent dyes, they are capable of multiplex detection of several target species in a
small probe volume.
The gold and silver nanoparticles that are commonly used in SERS are small in
dimension ranging from 40 to 100 nm in diameter. These small sizes mean that the
nanoparticles can be incorporated into living cells. This was first demonstrated by
Manfait and co-workers in the early 1990’s.[27, 28] They were able to study the
complexation of a chemotherapeutic agent with DNA using SERS. More recently, the
same group has utilized SERS to understand the mechanism of chemotherapeutic
resistance for certain cancers.[29]
Another group has utilized SERS to characterize the distribution of certain
chemicals within cells. For example by imaging with individual Raman lines of
phenylalanine and DNA, Kneipp and co-workers were able to show the distribution of
these two chemicals within the cell and distinguish between the cytoplasm and the
nucleus.[30]
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Figure 2. Atomic force microscopy (AFM) image of silver nanoparticles
immobilized onto a freshly cleaved mica substrate. The nanoparticles were
prepared by the reduction of silver nitrate by sodium citrate as described in
reference 1 .

2. The Development of Nanoparticle-Based Sensors
The ability to incorporate nanoparticles into living cells and make localized
measurements of chemical concentrations has inspired our group to develop
nanoparticle-based sensors. The following sections detail the development of
nanoparticle-based sensors using SERS.
2.1. Preparation of Colloidal Nanoparticles
The colloidal nanoparticles required for the sensors are produced by reducing the metal
salts using a variety of reducing agents. A commonly employed preparation of silver
nanoparticle first introduced by Lee and Meisel uses sodium citrate to reduce silver
nitrate to produce nanoparticles with sizes in the range of 20 to 200 nm.[1] A
topographic image of nanoparticles produced through this method is show in Figure 2.
As illustrated by the AFM image, this method produces nanoparticles that vary in
size and shape. More monodisperse colloidal suspensions can be produced using a
seeded growth process.[31] In the seeded growth process a solution of seed particles
are prepared using a fast reducing agent such as sodium citrate. The seed particles are
then grown to the desired size with a milder reducing agent such as ascorbic acid.
Using this seeded growth method nanoparticles can be produced with a coefficient of
variation of less than 10%.
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2.2. Instrumentation
While there are many instrument designs that allow for the detection of a Raman signal,
it is useful to have a versatile system that allows for both imaging and spectroscopy of
individual nanoparticles. An example of such a system is shown in Figure 3. A laser is
coupled into the back of an inverted Zeiss microscope and directed into a high
numerical aperture objective with a dichroic mirror. The sample is then raster scanned
across the focused laser with a closed-loop XY piezo scanner. The resulting Raman
scatter is collected with the same high numerical aperture objective and focused onto a
100 Pm pinhole to remove out of focus scattered light. The Rayleigh scattered light is
removed with a holographic notch filter and the remaining Raman scattered light is
focused onto an avalanche photodiode. Once a nanoparticle is located in the image, the
nanoparticle is centered in the focused laser beam and the Raman scatter is sent to a
spectrograph with a back-thinned CCD camera in order to acquire a spectrum. For
correlation measurements the signals from the APDs are routed through a time
correlated single photon counting card. The correlation measurements are discussed in
more detail in later section.

Figure 3 Schematic diagram (left) of a custom designed
micro-Raman system and photograph of the system (right).

2.3. Unfunctionalized Nanoparticle Sensors
The simplest way to utilize nanoparticles as sensors is to incorporate them into the
medium and allow the target analyte to adhere to the nanoparticle surface. This is
illustrated in the case of bacterial spores as shown in Figure 4. In conventional microRaman spectroscopy, the spectrum from individual bacterial spores is dominated by the
calcium dipicolinate present in the core of the spore (Figure 4a).[32] The strong signal
from the calcium dipicolinate makes it difficult to distinguish one spore from the next
through the subtle differences in protein and lipid peaks. However, when silver
nanoparticles are adsorbed to the outer coat of the spores, the signal is no longer
dominated by the calcium dipicolinate in the core. Because the enhanced region is
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Figure 4. Conventional micro-Raman spectra of individual bacillus spores (a). The spectra are
nearly identical due to the large content of calcium dipicolinate in the core of the spores. When silver
nanoparticles are adsorbed to the surface of the spores (b), the spectra change significantly. The
spectra are no longer dominated by the calcium dipicolinate (dashed lines).

localized to a couple of nanometers from the surface of the nanoparticles, the spectra
are representative of the proteins etc, in the spore coat.[33]
While this technique of using nanoparticles as sensors can be useful in some cases,
it is often difficult to obtain reproducible results. Moreover, the signal will be
dominated by the species that adsorb most readily to the nanoparticle surface or those
that are in high concentration leading to problems of an overwhelming background. In
order to circumvent these problems we have begun developing functionalized
nanoparticle sensors as described in the following section.
2.4. Functionalized Nanoparticle Sensors
Functionalized nanoparticle sensors employ nanoparticles that have been coated with a
molecule that will bind to the analyte of interest. Upon binding to the analyte molecule,
the characteristic SERS spectrum of the functional molecule is changed in such a way
that the presence of the analyte molecule is indicated and can be quantitated, as
illustrated in Figure 5.
The use of a functional group or “probe molecule” has several advantages over
non-functionalized probes. First the functional group adds a degree of specificity to the
sensor by providing a specific interaction with the target analyte. Secondly, the analyte
molecule does not need to be Raman active, or have a particularly large Raman crosssection. The presence of the analyte can be observed through changes in the functional
group. Finally, because the surface is coated by the functional molecule, interfering
molecules cannot adsorb to the particle surface and therefore the background is reduced.
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Figure 5 Illustration of the concept of functionalized
nanoparticle sensors. The characteristic SERS spectrum from
the functional molecule is changed upon binding to the target
analyte.

2.5. Nanoparticle-Based pH Sensors
In order to demonstrate the feasibility of developing a functionalized nanoparticle
SERS sensor, we have developed nanoparticle-based pH sensors.[34] The functional
molecule in this case is 4-mercaptobenzoic acid (4-MBA). The Raman spectrum of the
4-MBA changes according to the state of the acid group as shown in Figure 6. As the

Figure 6 The characteristic SERS spectra of 4-MBA at ph 12.3 (top)
and ph 5.5 (bottom). The dominate structure under these conditions
are shown to the right of their respective spectra.
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pH is reduced and the acid group becomes protonated, the COO- stretching mode at
1430 cm-1 decreases in intensity. The strong ring breathing modes at 1075 cm-1 and
1590 cm-1 are not affected by the change in pH. Figure 7 shows the pH response of a
single nanoparticle cluster showing a characteristic titration curve for the nanoparticle
base sensors. The 4-MBA coated nanoparticle sensors show a pH response in the range
of 6-8 which is ideal for biological measurements.
The pH inside of a cell is very tightly controlled and a slight change in the pH can
indicate a significant change in the biochemistry and fate of the cell. Ideally a sensor
would be able to measure pH changes as small as 0.1 pH unit. In order to determine
the resolution attainable with the nanoparticle pH sensors, the reproducibility of the
nanoparticle-based sensors was measured and is shown in Figure 8. Figure. 8 shows
the response of approximately 30 nanoparticle sensors as a function of pH. As
illustrated by the error bars, the resolution of the nanoparticle sensors is approximately
one pH unit, which is larger desired.
In order to understand this large particle to particle viability in the measured pH,
the topography and SERS response of the nanoparticle-based sensors were measured
simultaneously. The correlated topographic image shown in Figure 9 A and the optical
image (SERS response) in Figure 9B illustrate that, under these experimental
conditions, only a few nanoparticles actually yield a detectable SERS signal. Moreover,
all of the nanoparticles showing a SERS response were actually clusters of
nanoparticles consisting of 3-4 nanoparticles on average. An example of these
nanoparticle clusters is shown in the inset of Figure. 9A which shows a zoomed in
topographic image of one of the nanoparticle clusters in Figure 9A.
While some work remains to be done in the development of the nanoparticle
sensors to improve their reproducibility from one nanoparticle sensor to the next, other
aspects of utilizing these nanoparticle-based sensors need to be addressed. The first
question to be addressed is whether or not the nanoparticles will be fouled by the
complicated biological matrix once these particles are incorporated into cells. This was
demonstrated by incorporating the nanoparticle sensors into Chinese hamster ovary
(CHO) cells by incubating the cells with the nanoparticle sensors overnight. Figure 10
demonstrates that the 4-MBA coated nanoparticles retain their robust signal upon
incorporation into the cells. It is likely that the nanoparticles were taken up by the cells
through phagocytosis and that the nanoparticles are confined to lysosomes within the

Figure 7. The normalized SERS spectra of 4-MBA as a function of pH. As can be seen in A, the COOstretching mode increases with pH. In B the ratio of the pH sensitive COO - to the pH insensitive ring
breathing mode at 1590 cm-1 is plotted as a function of pH.
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cell. This is supported by the pH reading from the nanoparticles which suggests that
the pH in the immediate surroundings of the sensor is less than 6 which is consistent
with the pH found in lysosomes.[35]
Although passive uptake will work for a few select cells, it is necessary to have a
reproducible, high throughput method for incorporating the nanoparticle sensors into
cells. One way to incorporate nanoparticle sensors into cells that has been explored

Figure 8. The intensity ratios as a function of pH for 30 individual
nanoparticle sensors. The error bars represent one standard deviation.

recently is through the use of small peptides. Small peptides are able to bind to
endocytotic receptors on the cell surface and through endocytosis draw the
nanoparticles into the cell. This has been demonstrated using a TAT peptide which is a

Figure 9. AFM (A) and optical (B) images of nanoparticle sensors immobilized on a glass coverslip.
The circled nanoparticles in A correspond to those giving a strong SERS response as seen in B. Those
giving a strong SERS signal are actually nanoparticle clusters. A zoomed in image of the nanoparticle
cluster in the lower right of the AFM image is shown in the inset at the upper right.
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peptide derived from the HIV virus.[36] As shown in the series of image in Figure 11
the TAT peptide coated nanoparticles are incorporated into BJ1 cells. The movies from
which this image was extracted show hindered diffusion suggesting that they are
compartmentalized within the cell. Current studies are aimed at understanding the fate
of the peptide coated nanoparticles once they are incorporated into the cells to

Figure 10. Dark field microscopy image of nanoparticles incoproated into
BJ1 cells using TAT peptides.

determine if this is a suitable approach for high throughput nanoparticle incorporation.
Finally, it is necessary to develop a method of characterizing the nanoparticle
sensors while they are rapidly diffusing within the sample. In order to do this we have
developed a SERS correlation technique reminiscent of fluorescence correlation
spectroscopy. In the SERS correlation technique, two fast photodetectors such as
avalanche photodiodes are used to individually monitor specific Raman vibrational
modes. In the case of the 4-MBA coated nanoparticle pH sensors, the ring breathing
mode at 1075 cm-1 is filtered using a narrow bandpass filter and sent to one avalanche

Figure 11. A confocal image of CHO cells with 4-MBA nanoparticle sensors incorporated into the cells
(left) The cells are outlined in black to facilitate viewing the low contrast of the cells against the bright
nanopatticles. The SERS spectrum of one of the nanoparticle sensors is shown to the right indicating
that the pH around the nanoparticle snesnor is less than 6.
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Figure 12. (a) Schematic illustration of the SERS correlation technique to measure the pH of nanoparticle
sensors in solution. The spectral region of the two bandpass filters used in (a) are shown in (b). The resulting
measurement of several hundred nanoparticles is shown in (c).

photodiode and the pH sensitive COO- stretching mode is sent to a separate avalanche
photodiode. By creating a histogram of the time correlated ratios at the photodetectors,
it is possible to measure the pH in a specified location within the sample.

3. Summary
The chemically specific and quantitative information that can be obtained through
Raman spectroscopy provides a powerful tool for the investigation of biological
systems. Surface-enhanced Raman scattering provides a means of increasing the
observed Raman signal by many orders of magnitude allowing for detection limits that
can approach the single molecule level. SERS has been proven useful for many
biological applications ranging from fundamental studies to detection arrays. The
colloidal nanoparticles used for SERS are small in size (40-100 nm in diameter) and
can be used as sensor elements for biodetection. In order to improve on the specificity
and response of the nanoparticle sensors, they are functionalized to interact with the
target molecule of interest. As an example, nanoparticles can be functionalized with 4MBA to function as a pH sensor. These nanoscale pH sensors retain their robust signal
when incorporated into living cells. Finally novel detection methods such as
correlation based SERS can be used to monitor the nanoparticle sensors while they are
diffusing in solution.
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Introduction
Fluorescence spectroscopy is a highly sensitive analytical method used increasingly in
biology and medicine. It arises upon absorption of light and is related to an electronic
transition from the first excited singlet state (S1) to the ground state (S0) of an (organic)
molecule. As depicted in Figure 1, fluorescence (occurring at a rate kF) is competing
with non-radiative transitions also originating from S1, in particular internal conversion
to the ground state S0 (rate kIC), intersystem crossing from the singlet to the triplet state
T1 (rate kISC) and non-radiative energy transfer to adjacent molecules (rate kET). All
these rates sum up according to
k = kF + kIC + kISC + kET = 1/W

(1)

with W corresponding to the lifetime of the excited state S1 and K = kF/k corresponding
to the fluorescence quantum yield. Although by optical spectroscopy only radiative
transitions (e.g. fluorescence) can be monitored, changes of kIC or kET are often
deduced from fluorescence lifetime measurements according to Eq. (1). For example,
aggregation of porphyrin molecules (which are used for photodynamic therapy of
tumours) has been deduced from a pronounced shortening of their fluorescence lifetime
[1], and impairments in photosynthetic antenna complexes have been related to a
prolongation of the fluorescence lifetime of chlorophyll molecules, when
intermolecular energy transfer towards the reaction centres is impeded [2,3].
Fluorescence applications are ranging from in vivo and in vitro diagnostics to
experimental biology. In the first case mainly intrinsic fluorescence is used, which
arises from proteins (in particular the amino acid tryptophan [4,5]), extracellular fibres
[6,7] or specific coenzymes, e.g. nicotinamide adenine dinucleotide (NADH). So far,
fluorescence intensity of NADH has been correlated with metabolic functions [8,9] and
was proposed to be an appropriate parameter for detection of ischemic [10,11] or
neoplastic [1214] tissues. The application of fluorescent probes for diagnostic
purposes in humans has so far been limited to fluorescein or indocyanine green used
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for fluorescence angiography or blood volume determination [15], as well as to some
photosensitizers used for photodynamic diagnosis or therapy of cancer and other
diseases [16].
Triplet

Singlet
S
2

kET
S1

kISC
kF

T1

kIC

S0
Figure 1. Molecular energy levels and transition rates. Straight lines: radiative transitions; waving lines:
non-radiative transitions. Reproduced from [17].

In contrast to in vivo diagnostics, numerous fluorescent dyes are available for
staining cells or organelles. Commonly used organelle markers are rhodamine 123
(mitochondria), acridine orange (acidic organelles like lysosomes) and carbocyanines
(endoplasmic reticulum) [19,20]. Specific labels responding to the physiological state
of a cell, e.g. internal ion concentration or membrane potential, usually change their
optical properties in response to variations of their environment. Fluorescent indicators
currently exist for signal transduction (e.g. calcium ion concentration with calcium
probes indo-1 or fluo-3), pH values (e.g. BCECF), reactive oxygen species (e.g.
conversion of a reduced leuco form of fluorescein to the fluorescent fluorescein
molecule) or membrane potential (e.g. styrylpyridinium dyes) [19]. The problem of low
photostability of most fluorescent dyes has recently been overcome by the development
of Alexa Fluor dyes [21] or (inorganic) quantum dots [22].
The most exciting recent development of fluorescent probes for biological studies
has been the introduction of fluorescent proteins. A green fluorescent protein (GFP) is
naturally produced by the jellyfish Aequorea victoria [23]. After cloning of the GFP
gene, GFP variants with different excitation and emission properties have been
produced. According to their emission maxima, blue, green, yellow or red fluorescent
proteins are distinguished. By fusion of genes coding for a specific cellular protein and
a GFP variant, fluorescent protein chimera are created, permitting a site-specific
tracking in living cells or even whole organisms [24,25]. In addition, GFP-calmodulin
chimera have even been used for the determination of physiological calcium ion
concentrations [26].
The present article gives a short overview on some methods of fluorescence
spectroscopy and microscopy with some emphasis on time-resolving techniques.
Examples for application are concentrated on the well known mitochondrial marker
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rhodamine 123 [27] as well as on the photosensitizer protoporphyrin IX (PP IX)
preferentially induced in tumour cells and tissues upon application of 5-aminolevulinic
acid (5-ALA) [28].

1. Fluorescence Spectroscopy
Fluorescence spectra often give detailed information on fluorescent molecules, their
conformation, binding sites and interaction within cells or tissues. Fluorescence
intensity can be measured either as a function of the excitation wavelength or of the
emission wavelength. Usually the emission spectrum IF (O) is used for fluorescence
diagnosis, whereas the excitation spectrum gives some additional information about
absorption of complex samples or intermolecular energy transfer (e.g. Förster
resonance energy transfer, FRET [29]). The principle of a fluorescence spectrometer is
shown in Figure 2. The excitation light (e.g. xenon high pressure lamp with a
continuous spectrum) is focused to the entrance slit of an excitation monochromator,
becomes spectrally resolved, and is finally used to illuminate the sample. Part of the
sample’s isotropic fluorescence radiation enters the slit of the emission monochromator
and is detected as a function of wavelength. In order to detect a maximum of emitted
light by the monochromator, slit 3 is either positioned in close proximity to the sample,
or the fluorescence of the sample is focused onto this slit. Often, in both
monochromators concave reflection gratings are used for spectral resolution as well as
for focusing the incident light onto the exit slits, thus avoiding further collimating
optics. For both gratings the relation
d (sinH + sinD) = k O

(2)

holds with d being the grating constant, k an integer number (0,1,2,...), H the incident
angle and D the exit angle of light with respect to the normal of the grating surface.
Generally, for excitation spectroscopy the excitation grating is rotated, whereas for
emission spectroscopy various modalities can be used: either the emission grating is
rotated too, and the wavelength getting to the detector (photomultiplier) via slit 4 is
tuned (scanning spectrometer), or slit 4 is replaced by a diode array or a CCD camera,
such that the whole emission spectrum is registered simultaneously (optical
multichannel analyzer, OMA). The spectral resolution of a scanning monochromator
(about 1 nanometer or less) is determined by its slit widths and is usually higher than
the resolution of an OMA (>1 nm) which is determined by the size of individual diodes
or pixels. In addition, the photomultiplier of a scanning monochromator is more
sensitive than a diode array or a CCD camera. The main advantage of OMA’s is that
optical spectra can be recorded very rapidly and repeatedly with sequences in the
millisecond range as compared with a few seconds for scanning monochromators. This
permits on line detection of fast molecular or cellular kinetics, if fluorescence intensity
is strong enough.
Usually, fluorescence spectra are „uncorrected“, i.e. they contain wavelength
dependent sensitivities of monochromator and detector (emission spectra) or excitation
source and monochromator (excitation spectra). Correction may not be necessary, if
only relative changes of individual emission bands are measured. However, for getting
correct spectral intensities IF(O), a reference source with a well known spectrum S(O)
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(e.g. a black body) has to be used. Both signals, IF(O) and S(O) are “folded“ by an
instrumental function G(O). When measuring the experimental functions
IF’(O) = IF(O) G(O) and S’(O) = S(O) G(O), the “true“ fluorescence spectrum can be
calculated using the algorithm
IF(O) = IF’(O) S(O) / S’(O)

(3).

Fluorescence spectrometers for in vivo diagnostics are commonly based on fibre
optic systems [3033]. The excitation light of a lamp or a laser is guided to the tissue
(e.g. some specific organ) via glass fibre using appropriate optical filters (instead of an
excitation monochromator). Fluorescence spectra are usually measured either via the
same fibre or via a second fibre or fibre bundle in close proximity to the excitation fibre.
Scanning monochromators or OMA systems as reported above are used for emission
spectroscopy.
Excitation
Grating

Lamp

Lens

Slit 1

Slit 2
Concave
Mirror

Photomultiplier

Emission
Grating

Slit 4

Slit 3
Sample

Figure 2. Set-up for fluorescence excitation and emission spectroscopy. Reproduced from [17].

2. Fluorescence Microscopy
In cell biology a combination of high spatial, spectral (and sometimes also temporal)
resolution is often desirable. This can be achieved using a fluorescence microscope
equipped with a sensitive video camera as well as an emission monochromator. Usually
the camera target is fixed in the image plane of the microscope, whereas the entrance
slit of the monochromator is placed either in the image plane or in the exit pupil.
The principle of a fluorescence microscope is depicted in Figure 3. Samples are
commonly excited by epi-illumination using a dichroic mirror for beam deflection and
an objective lens for focusing. Fluorescence is collected by the same lens, passes the
dichroic mirror (due to its longer wavelength in comparison with the excitation beam)
and is detected either by the camera or by the monochromator (operated either as a
scanning monochromator in combination with a photomultiplier or as an optical
multichannel analyzer). Alternatively, samples are excited by transillumination via a
specific dark field condenser, using e.g. a glass prism as depicted in Figure 3. In this
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case the angle of incidence 4 is adjusted such that only fluorescence, but not
transmitted light is collected by the objective lens. If 4 exceeds the critical angle of
total internal reflection, an evanescent electromagnetic field is created close to the
sample surface which may be used for selective excitation of cell membranes and
adjacent cellular sites (total internal reflection fluorescence microscopy, TIRFM, s.
below).

Figure 3. Fluorescence microscope (schematic) using either epi-illumination or transillumiation/TIR

For video detection integrating charge coupled device (CCD) cameras with a
sensitivity of about 10-7 W/cm² (corresponding to about 10-13 W/Pixel) are commonly
used. Only recently, electron multiplying (EM-) CCD cameras with Peltier cooling and
a sensitivity around 10-11 W/cm² (10-17 W/Pixel) have become available [34]. This
sensitivity may only be exceeded when using image intensifiers with one or two
multichannel plates with an amplification factor up to 106 in combination with a
conventional CCD camera. In this case a sensitivity up to 10-13 W/cm² (10-18 W/Pixel)
is achieved. Due to statistic noise of image intensifiers, however, EM-CCD cameras
may be preferred for low level fluorescence imaging (e.g. single molecule detection),
whereas image intensifying systems are easily combined with fast gating techniques,
e.g. in subnanosecond fluorescence lifetime imaging microscopy (FLIM).
The lateral resolution in fluorescence microscopy
'x = 0.61 O/A

(4)
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is equal to the radius of a diffraction limited spot with O corresponding to the
wavelength of fluorescence radiation and A to the numeric aperture of the objective
lens. The axial resolution is often described by the focal depth
'z = n O/A²

(5)

with n corresponding to the refractive index of the medium between the sample and the
objective lens. When using O = 550 nm, A = 1.40 and n = 1.50 (immersion oil), a
lateral resolution 'x = 212 nm and an axial resolution 'z = 420 nm are attained.
Usually, in conventional wide-field microscopy the images from the focal plane
and out-of-focus parts of the sample are superimposed. This problem can be overcome
in different ways:
1. In confocal laser scanning microscopy [35] a laser beam is focused to a
diffraction limited spot and scanned over a sample. In an image plane of this
illuminated spot a pinhole is placed, such that only fluorescence radiation arising from
the focal plane passes this pinhole and is detected by a photomultiplier. Fluorescence
signals arising from out-of-focus planes are thus eliminated. A related technique is
multiphoton microscopy [36,37], where two or more photons are absorbed
simultaneously to excite fluorescence in the focus of a laser beam. Fluorescence
excited outside the laser focus is becoming negligible. By moving the sample in
vertical direction step by step, various image planes may be assessed (optical
sectioning), and high resolution 3-dimensional images can be reconstructed.
2. Optical sectioning in wide-field microscopy may be achieved using the method
of structured illumination. For example, a diffraction grating can be imaged in the
plane of the sample, and the intensity resulting from this plane can be described by
I = I0 + IC cos) + IS sin)

(6)

where I0 describes the contribution of a conventional wide-field image, and )
characterizes a spatial phase due to the grating [38]. If one records three images with
the phase angles )1 = 0, )2 = 2S/3 and )3 = 4S/3 by slightly shifting the grating, one
can calculate the relation
IF = [(I1 - I2)² + (I1 -I3)² + (I2 - I3)²]1/2

(7)

where I0 as well as ) are eliminated. In other words, an image of the focal plane
without intensity modulation is created. Out-of-focus images are not affected by
structured illumination and contain only the contribution I0, which vanishes when
applying Eq. 7. The conventional image I0 can be easily recovered using the algorithm
I0 = (I1 + I2 + I3) / 3

(8)

3. Total internal reflection fluorescence microscopy (TIRFM) is used for selective
excitation of cell surfaces, e.g. plasma membranes [39]. When a beam of light
propagating through a medium of refractive index n1 (e.g. glass substrate) meets an
interface with a second medium of refractive index n2 < n1 (e.g. cell), total internal
reflection occurs at all angles of incidence 4 which are greater than a critical angle
4c = arcsin (n2/n1). Despite being totally reflected, the incident beam establishes an
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evanescent electromagnetic field that penetrates a small distance into the second
medium and decays exponentially with perpendicular distance z from the interface
according to I(z) = I0 e-z/d(4), where the penetration depth d(4) for light of wavelength O
is given by
d(4) = (O/4S) (n12 sin²4 - n2²)-1/2

(9)

By variation of 4, penetration depths can be varied between about 70 nm and 300
nm, thus giving an axial resolution that is better than in confocal laser scanning
microscopy. Fluorescence intensity IF of a dye of concentration c(z) can be calculated,
if absorption is integrated over all layers above the interface, resulting in
IF (4) = A T(4) ³c(z) e-z/d(4) dz

(10)

if all factors which are independent from the angle 4 and the axial coordinate z are
included within the experimental constant A (T(4) = factor of light transmission
through the cell-substrate interface). For fluorescent dyes with a well known cellular
distribution (e.g. membrane or cytoplasm marker) the distance between the cell surface
A

B

C

D

Figure 4. Fluorescence microscopy with axial resolution: (A) TIRFM with an angle of illumination close to
the critical angle 4C; (B) laser scanning microscopy; (C) structured illumination; (D) image section
calculated from structured illumination microscopy. U373-MG glioblastoma cells incubated with the
mitochondrial maker rhodamine 123.
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and the glass substrate can be calculated from Eq. 10 with nanometre precision (for
details see [40.41]).
Figure 4 shows a comparison of fluorescence images of the mitochondrial marker
rhodamine 123 when using the 3 microscopic techniques described above. Only those
mitochondria which are close to the plasma membrane are detected by TIRFM (A),
whereas mitochondria located in the middle of the cells are shown in the image
sections selected by laser scanning microscopy (B) or calculated from structured
illumination microscopy (D).

3. Time-resolving Techniques
Fluorescence lifetime is sensitive to molecular conformations and interactions, e.g.
aggregation, binding sites, or intermolecular energy transfer. Therefore, measurements
of lifetime down to the subnanosecond range are becoming more and more interesting.
The most popular time-resolving technique is single photon counting, where the sample
is excited by subnanosecond pulses of a laser or a flash lamp at high repetition rate
(kHz-MHz). Single fluorescence photons are detected by a fast photomultiplier, whose
signal is amplified and fed to a discriminator (stop signal). Using the corresponding
pulse of the light source as a start signal, the time delay of each photon with respect to
the exciting light pulse is measured. Integration over many single photons (typically
105 - 106) results in a fluorescence decay curve (for details see [1,42]). Since after each
excitation pulse only one photon can be measured, the simultaneous detection of two or
more photons should be avoided, e.g. by reduction of the counting rate to 5% or less of
the excitation rate.
Fluorescence intensity (number of photon counts per time unit) of a molecular
species excited by short light pulses usually shows an exponential behaviour according
to
I (t) = A e-kt = A e-t/W

(11)

where k corresponds to the total rate of deactivation and W to the lifetime of the excited
electronic state S1. If several molecular species contribute to the fluorescence decay
curve, their intensities sum up according to
I(t) = 6i Ai e-kit = 6 Ai e-t/Wi

(12)

with Ai corresponding to the amplitude and Wi to the fluorescence lifetime of an
individual component. The relative fluorescence intensity of each component i out of
all components j is given by
Ii = ³Ai e-t/Wi dt / ¦j ³ Aj e-t/Wj dt = Ai Wi / ¦j Aj Wj

(13)

if the integral is calculated from t = 0 to infinity. Usually the measured fluorescence
intensity I(t) is given by a convolution of the “real“ fluorescence decay curve F(t) and
the instrumental response function R(t) according to
I(t) = ³ F(t) R(t-t’) dt’

(14)
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with the integration limits t’= 0 and t’= t. F(t) as well as the fluorescence decay times Wi
and the amplitudes Ai are commonly determined from a least square analysis. A
theoretical (e.g. biexponential or triexponential) curve F(t) is calculated using assumed
values Ai and Wi. These values are varied in an iterative process until the best fit is
obtained. The goodness of a fit F² is calculated from
F² = ¦i Zi [I(t) - IC(t)]²

(15)

where I(t) is the measured and IC(t) the calculated fluorescence intensity. Zi is a
statistical weighting factor to account for the expected error in each value of I(t). A
minimum of F² indicates the best fit (good fit: F² d 1.2; poor fit: F² t 2) [4].
Fluorescence lifetime imaging microscopy (FLIM) using the single photon
counting technique dates back to the early 1990’s [43] and has meanwhile been
commercialized [44]. An alternative and usually more rapid acquisition technique is
based on ultra-fast camera systems with gating times down to 200 ps. By scanning a
time gate over a nanosecond range, fluorescence decay kinetics can be recorded with
high spatial resolution and evaluated as reported above. Often fluorescence images are
detected only within two time gates (A and B) shifted by a delay 't, as depicted in
Figure 5. When fluorescence intensities IA and IB are measured, a so-called “effective”
fluorescence lifetime
Weff = 't / ln (IA/IB)

fluorescence intensity / a.u.

(16)

IA

500 ps

IB
't

0

2

4

6

8

10

12

time / ns
Figure 5. Fluorescence decay curve of BKEz-7 endothelial cells incubated with the mitochondrial marker
rhodamine 123 (25 μM, 30 min.) obtained from an image of 220 μm u 160 μm. Excitation wavelength:
Oex = 476 nm, detection range: Od t 515 nm. Fluorescence intensities IA and IB (measured within the time
gates A and B) as well as the time shift 't used for fluorescence lifetime imaging are indicated.

can be calculated, which in the case of a mono-exponential decay corresponds to the
real lifetime. As an example, intensity and lifetime images of the mitochondrial marker
rhodamine 123 (R123) are depicted in Figure 6. While the intensity image shows an
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accumulation of R123 in the mitochondria, the lifetime image shows its fluorescence
quenching within these organelles, since a lowering of the fluorescence quantum yield
K results in a reduction of the lifetime Weff.

Figure 6. Fluorescence intensity IA (left) and fluorescence lifetime Weff (right; scale: 08 ns) of BKEz-7
endothelial cells incubated with 50 μM R123 (Od t 515 nm; image size: 220 μm x 160 μm). Reproduced
form [45] with modifications.

The potential use of 5-aminolevulinic acid (5-ALA) for photodynamic destruction
of tumours has been demonstrated for various clinical disciplines [28]. Application of
5-ALA, an intermediate in porphyrin biosynthesis, leads to an intracellular
accumulation of protoporphyrin IX (PP IX). This accumulation is reported to occur to a
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Figure 7. Fluorescence spectra of various parts of a cryosection (5 mm diameter) from human glioblastoma
after application of 5-ALA. Excitation wavelength 391 nm, detection range 550710 nm, spectral resolution
68 nm, detection area 50 μm u 125 μm in each case.

larger extent in tumour than in normal cells, possibly due to a reduced activity of the
enzyme ferrochelatase, which converts PP IX to heme. As depicted in Fig. 7, the
fluorescence of PP IX (emission maximum around 635 nm) is superposed by intrinsic
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fluorescence of the tissue which dominates the emission spectrum at O d 600 nm. In
addition, the intensities of both, PP IX fluorescence and intrinsic fluorescence vary
considerably over a tissue sample, and thus tumour demarcation is becoming difficult.
Tumour detection on the basis of fluorescence lifetimes, however, appears to be more
reliable. Assuming lifetimes around 1 ns for intrinsic fluorescence and up to 20 ns for
PP IX [46], the effective fluorescence lifetime Weff is expected to increase with the
amount of PP IX. Figure 8 shows a comparison of fluorescence intensity and lifetime
of a brain biopsy (cryosection) from a patient with grade III glioblastoma. The highest
fluorescence level is observed in the central part of the sample, whereas the longest
effective lifetime occurs on its left side. Therefore, a maximum of PP IX appears to be
accumulated at the edge of the sample, whereas intrinsic fluorescence is most
pronounced in its central part.

Figure 8. Fluorescence intensity (left) and lifetime(right) image of a cryosection from human glioblastoma
after application of 5-ALA. Excitation wavelength 391 nm, detection range 470800 nm, image size
1.2 mm u 0.8 mm in each case, range of fluorescence lifetimes 04 ns..

4. Applications
Overviews of experimental methods in optical spectroscopy and microscopy have
recently been given [17,47]. Applications of these methods have been concentrated on
mitochondrial energy metabolism [8,9,45], cell membrane dynamics [48], as well as
studies on cellular location and photodynamic efficacy of photosensitzers [49]. A main
topic in view of in vitro diagnostics, pharmacology and cell aging includes
measurements of membrane parameters as a function of temperature and cholesterol
[50]. Those membrane parameters may also play a key role in laser assisted
optoporation, a method which has been developed and optimized [51] in view of an
increased cellular uptake of molecules or small beads, as used e.g. for cell transfection.
Diagnostic applications may require standardized samples, e.g. multi-well plates
with larger numbers of seeded cells. Therefore, a fluorescence reader with multiple
total internal reflection (TIR) was developed to examine the plasma membranes of 96
cell collectives simultaneously [52], as shown in Figure 9. Fluorescence spectroscopy
and microscopy are indispensable prerequisites for those studies.
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Figure 9. Experimental setup for total internal reflection (TIR) fluorescence screening. The camera system
for simultaneous detection of all samples has been omitted.
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This chapter provides a basic introduction to single molecule fluorescence detection.
A brief introduction provides the motivation for detecting fluorescence at the single
molecule level and seeks to explain why single molecule spectroscopy has gained so
much popularity, especially in the biosciences. A brief history of single molecule
detection will discuss how single molecule sensitivity was achieved historically and
how it has progressed since then. Details of the typical instrumentation are provided
with an emphasis on reproducibility for newcomers to this field. We then discuss
sample preparation for single molecule experiments, we will detail what evidence
argues for the detection of single fluorescent molecules, and we will end with a brief
outlook into the future of this field.

Introduction
Recent advances in optical engineering and detector technology have enabled the
efficient detection of single fluorescent molecules. This has opened up exciting new
areas of research ranging from the study of basic photophysics of single molecules to the
analysis of single biomolecular processes in-vitro and even in-vivo. Advances made over
the last decade have spurred this field from the initial detection of molecules at
cryogenic temperatures, through detection by sophisticated near-field optical
microscopies at room temperature all the way to the present state with its plethora of
techniques. Single fluorescent molecules can now be studied routinely at room
temperature by confocal microscopy, which enables their spectroscopic analysis, through
correlation spectroscopy, which provides diffusion and photophysical parameters in
solution, and in widefield microscopy at speeds near video-rate by total internal
reflection microscopy. This has led to a large number of new insights – especially in the
life sciences, where e.g. individual proteins can now be visualized and tracked in four
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dimensions at conditions close to those found in nature. One of the most exciting
potentials of this technique, however, remains the fact that one can detect a single
molecule, which remains the ultimate limit of sensitivity in biophotonics.
Many excellent reviews of single molecule spectroscopy have already been
published[1-7]. Rather than adding to this large number of articles, in this chapter we
will try to provide a brief introduction and a practical guide for newcomers to this field.
Consequently, the next section will first provide a brief history of single molecule
spectroscopy. The third section then describes in detail the operation and function of one
of the most versatile instruments for single molecule microscopy: the confocal optical
microscope. One of the main intentions for writing this section was its focus on
explaining the function of each component such that a newcomer to the field could build
his own system. The second half of that section then describes in detail how a typical
sample for single molecule spectroscopy is prepared. Finally, the fourth section explains
convincing evidence and experiments that confirm that indeed single fluorescent
molecules are being observed. A brief outlook into the future of single molecule
microscopy ends this book chapter.

Figure 1. Example for single molecule behavior: Intensity transient of a single molecule of the conjugated
polymer MEH-PPV (Poly[2-methoxy,5-(2’-ethyl-hexyloxy)-p-phenylene-vinylene]) (see insert for structure).
The transient exhibits intermittent photoluminescence from several discrete intensity levels until the molecule
undergoes final photobleaching after approximately 215 s.

The study of single fluorescent molecules has become so widely popular and
powerful that even the intial term for such experiments has now changed from single
molecule detection (SMD) to single molecule spectroscopy (SMS). Why has this field
gained so much popularity that now almost every major university has at least one group
involved in SMS? The answer to this question is non-trivial and can at least in parts be
explained by the fact that studies that average over many individual entities in a system
cannot always predict the outcome of an experiment. This is particularly true in the
biosciences, where individual cells can affect an entire organism. Prominent examples
for such a behavior are e.g. viral infections, cancer, antibiotics resistance, and many
more.
One of the main characteristics of single molecule spectroscopy is thus that it
reveals details about individual entities that are otherwise masked in the ensemble. In the
simple case of fluorescent molecules this includes e.g. such previously unobserved
effects as the presence of discrete emission levels, spectral diffusion, etc. This is
demonstrated and displayed in Figure 1, which shows an intensity time trace of the
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overall emission intensity of a single molecule of a conjugated fluorescent polymer.
Conjugated polymers are materials that exhibit both photo- as well as
electroluminescence. They offer much promise as materials for the next generation of
self-luminescent flat-panel displays, but have also been applied in bio-sensing. The
intensity transient shown in Figure 1 exhibits several discrete intensity levels from which
this molecule emits fluorescence. The emission is also intermittent. Long emissive states
are interrupted by brief dark states and ultimately the molecule undergoes
photobleaching and shuts off entirely. Such a behavior is quite unexpected for these
long-chain polymers.
Other useful information that can be obtained from single molecule studies is e.g.
information about statistical distributions, where the actual shape of the distribution of
experimental parameters can be studied rather than the average. An example for such a
behavior is e.g. the development of antibiotics resistance, where a few cells in a large
number of bacteria exhibit little to no effect to antibiotics treatment. These cells would
be masked and overlooked if only the average signal from all cells was studied. In this
case, the actual shape of a distribution reveals us much more information than just the
average. Also, by studying individuals, certain variables are now accessible that are
otherwise not easily observed in bulk (e.g. the triplet state lifetime of fluorescent
molecules).
The fluorescence of a single molecule is typically characterized by 1) a well-defined
absorption and emission dipole moment (i.e. polarization-dependence of the excitation
and emission), 2) an excited state lifetime (fluorescence lifetime) of order a few
nanoseconds, 3) a triplet state that can lead to disruptions in the photon emission,
because the relaxation from this state to the ground state is spin-forbidden, and 4) a welldefined spectral emission.
All these characteristics can be observed at the single molecule level and aid the
identification of the molecular species, but these parameters can also vary within a
group. Also, single molecule spectroscopy is subject to certain limitations, which are
invoked by photophysical and photochemical effects on the molecules. E.g. the number
of photons that a single molecule can emit at room temperature is always limited by
photodegradation or photobleaching. A good fluorophore will typically emit about 108
photons before it ultimately photobleaches. If the molecule has prolonged triplet state
lifetimes, the overall number of photons emitted before it photobleaches is even more
reduced and it typically photobleaches even faster, because it can react with oxygen
species much more readily. Ultimately, the excited state lifetime of a fluorescent
molecules also invokes limitations to its observation, because it limits the number of
photons that a single molecule can emit per second. The emission will saturate if the
molecule is excited with such high power that it spends virtually no time in the ground
state. All these effects characterize a single molecule and have to be taken into account
when designing an experiment.

1. A Brief History of Single Molecule Spectroscopy
Single-molecule spectroscopy was born in the late 1980s - most likely out of the thrive
for ever more efficient data storage. At this time, holographic data storage in the form of
spectral hole burning of dyes embedded in solid host matrices was conceived as a new
way to store massive amounts of data in the smallest possible space[8-10]. A number of
groups around the world were working on the techniques and materials to enable this
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technology. Among the most active was a research group at IBM’s Almaden Research
Laboratory in San Jose, California. Spectral hole-burning is based on the fact that
fluorescent molecules embedded in a solid matrix experience locally different chemical
environments which influence their absorption properties[11]. At low temperatures

Figure 2. A collection of different experimental schemes for single molecule detection. (a) Fluorescence
correlation spectroscopy (FCS). In this case, the fluorescent molecules are freely diffusing in a dilute solution
(10-9 M or less). The excitation laser beam is tightly focused in the solution an excites molecules as they
diffuse through the focus volume. Fluorescence is collected from the same volume and then sent to singlephoton counting detectors where it is registered as brief, intense photon bursts whenever a molecule traverses
the laser spot. (b) Near-field optical excitation of single molecules. The tip of a near-field optical microscope
(tapered glass fiber, coated with aluminum such that an approximately 50 nm hole at the tip of ther fiber
remains open) is raster-scanned in close proximity over the immobilized molecules. (c) Confocal fluorescence
excitation of single, immobilized molecules. A tightly focused laser spot is raster-scanned over and creates 2D
images of the distribution of the molecules on a surface. (d) Total-internal reflection fluorescence (TIRF)
excitation of single molecules. A focused laser beam is totally internally reflected in a glass prism. This creates
an evanescent field (a field that decays exponentially with distance from the surface) above the glass prism,
where the fluorescent molecules are immobilized. Fluorescence is collected by a conventional microscope and
detected on charge-coupled device (CCD) camera. (e) Objective-type total internal reflection microscopy of
single fluorescent molecules. A laser beam is weakly focused onto the back-aperture of an oil-immersion
microscope and translated sideways off of the optical axis. The beam undergoes total internal reflection at the
glass-air interface above the microscope cover slip, which results in evanescent excitation of a larger area than
in a confocal microscope. Fluorescence is collected by the same objective and imaged on a CCD camera.

(near 0oK), the vibrational broadening of the absorption spectra of fluorescent molecules
collapses and results in a so-called zero-phonon line, a narrow spectral line, where an
electronic transition can be excited in a molecule without vibronic interactions. The
position of this zero-phonon line depends on the local chemical environment of the
molecule and exhibits slight differences for each molecule in the matrix. Thus, the
absorption spectrum of fluorescent molecules embedded in a solid host exhibits many
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narrow absorption lines. Pioneered through the groundbreaking work by W.E. Moerner
and coworkers it was shown, that if a narrow line-width tunable laser is shone at a host
crystal with a very small number of embedded fluorescent molecules, single fluorescent
molecules can be excited if the laser line is on resonance with the absorption line of a
molecule[9, 10]. This work required state-of-the-art photon collection optics and the
latest generation of detectors, but benefited from the fact that near zero Kelvin, oxygen
diffusion is essentially non-existent and the fluorescent molecules can undergo
continuous excitation-emission events without photo-degradation.
At or near room temperature, however, the situation is very different from that at
low temperatures. First, the absorption spectra of the fluorescent molecules of a given
species in a solid host all overlap due to their vibrational broadening and molecules can
no longer be distinguished by their absorption. Also, even if the molecules are embedded
in solid matrices, the small oxygen molecules can diffuse within the material and will
eventually reach the fluorescent molecules and cause an excited state photoreaction,
which results in photo-bleaching, i.e. the molecules become essentially non-fluorescent.
Thus, at room temperature, different techniques for detecting single molecules had to be
invented. This was first realized by making use of the natural diffusion of fluorescent
molecules in solution[12]. If a solution of freely diffusing molecules is more and more
diluted, the average spatial separation between the molecules increases. At nanomolar
concentration (10-9 M) only one molecule per cubic micron (or femtoliter) of space is
present in the solution. If microscope objectives with very high numerical aperture are
used, laser beams can be focused to less than 1 μm in all three dimensions, thereby
creating focus volumes that are smaller than the average volume available to each
fluorescent molecule in the solution. This is schematically shown in Figure 2a.
Whenever a fluorescent molecule diffuses into the laser excitation volume its
fluorescence will be excited and if the laser power is near the saturation power for the
fluorescence of the molecules they will emit intense fluorescence for a very short period
of time. If optics with high collection efficiency (e.g. the same high numerical aperture
microscope objective) is used to collect the fluorescence, then brief, intense bursts of
photons can be detected whenever a molecule traverses the tightly focused laser beam.
The temporal width of these photon bursts corresponds to the size (or: hydrodynamic
radius) of the molecules. For isolated fluorophores with typical molecular weights of a
few hundred Dalton, the typical burst widths are of the order of a few hundred
microseconds. For fluorescently labeled proteins with molecular weights of tens to
hundreds of kilo-Daltons, the burst width increases to several milliseconds[13]. This is
demonstrated for the example of fluorescently labeled antibodies and antibodies bound
to an antigen in Figure 3a. If bursts of many molecules are recorded over a time span of
several minutes, these fluorescence fluctuation records can be subjected to an
autocorrelation analysis (see Figure 3b). A plot of the autocorrelation function versus
time lap reveals the average diffusion time and can contain extra information of shorter
or longer time scales, such as microsecond intensity fluctuations (e.g. from triplet state
blinking) or hindered diffusion. If several, interacting species are present in the solution,
the continued analysis of diffusion rates as time progresses can also be used to obtain
reaction rates (e.g. binding constants) between the species. These analyses are typically
summarized in the term Fluorescence Correlation Spectroscopy (FCS)[14].

T. Huser et al. / Single Molecule Fluorescence Microscopy and Spectroscopy

215

Figure 3. Diffusion analysis of freely diffusing molecules in solution. Fluorescently labeled molecules produce
brief, intense photon bursts such as the ones shown in (a) on the photon detectors. Molecules labeled with
different colors can be spectrally separated and detected on different detectors, which results in colocalized
emission to both detectors in the case of molecular reaction events, such as e.g. antibody-antigen binding. Such
binding events also change the diffusion time of the molecules through the excitation spot, which can be
measured by the burst width or, more quantitatively by an autocorrelation analysis of an entire diffusion trace,
which results in an average diffusion time as shown on (b).

In the mid 1990s, it then became possible to image single fluorescent molecules that
were immobilized on a glass substrate[15]. This was enabled through another invention
of the 1980s, near-field scanning optical microscopy (NSOM). NSOM was invented
with the goal of achieving a spatial resolution in optical microscopy that would well
surpass the Abbe resolution limit imposed by conventional optics. Ernst Abbe had
shown in the late 1800s that the spatial resolution that could be achieved by optical
microscopy was fundamentally limited by the energy of the light used for imaging to
roughly half the wavelength. This limit, however, does only hold if the light source,
optical elements, and the detector are all separated by distances that are very large
compared to the wavelength of light. If either the detector or the light source can be
brought in close proximity to the sample, the spatial resolution is primarily provided by
the spatial extension of the light source or detector and its distance from the sample. This
was ultimately demonstrated by the creation of a nanoscale light source. This light
source is typically fabricated out of an optical fiber, which is heated and drawn to result
in a pointed fiber tip with nanometer-scale dimensions. If this tip is coated on all sides
by a thin layer of aluminum it becomes opaque except for a tiny pinhole at its very end.
The dimensions of this pinhole can typically be made reproducibly to be of order 50 nm.
By coupling light into the opposite end of such a fiber tip, a nanometer-sized light source
is created (see Figure 2b). This light source can be brought in close proximity to a
sample. If the sample is made e.g. by spin-coating a layer of fluorescent molecules onto
a glass surface such that the average separation between the molecules is larger than the
dimensions of the light source, single fluorescent molecules can be addressed
individually by the NSOM tip[15]. By raster-scanning an area of the sample surface and
collecting the fluorescence photons simultaneously, spatial maps of the location of
fluorescent molecules can then be created. The size of each one of the fluorescent spots
in these images depends only on the size of the light source and its distance from the
molecule.
The NSOM was the first instrument used to detect single fluorescent molecules on
surfaces primarily because it creates such ideal conditions for exciting fluorescence by
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minimizing the excitation volume. One of the biggest obstacles to overcome in single
molecule microscopy is the overwhelming contribution of photons from background
sources. Background contributions can result from fluorescent impurities in the solvents
or surfaces used, from Raman-scattered light from the substrate, or from residual
fluorescence from other optical elements in the light path. The only way to minimize
such background is through the use of efficient optical filters and efficient suppression of
background sources by minimizing the excitation volume. This is most effectively
realized in the NSOM. The light that is emitted by an NSOM fiber tip is most intense
right underneath the tip and decays exponentially with distance from the tip. That means
that impurities that are buried deeper in the glass substrate experience a much weaker
excitation field and therefore their background contributions become negligible. NSOM,
however, is a very tedious microscopy technique, because the fragile fiber tips break
easily and have to be scanned over the surfaces at fairly low speeds. Thus, shortly after
single molecule excitation by NSOM was demonstrated, another group at Bell labs
showed that a confocal optical microscope can be used to image and spectroscopically
analyze single immobilized fluorescent molecules at room temperature[16] (see Figure
2c). This demonstration was a major breakthrough, because it opened up a way to
efficiently and conveniently detect and analyze single molecules. Confocal microscopy
also opened the door to a wide variety of analysis techniques, such as polarization
analysis, spectroscopy, and fluorescence lifetime imaging. This made single molecule
spectroscopy more and more attractive for use in the biosciences. The principals of
confocal microsopy will be discussed in detail in the next section below.
Biological applications of single molecule spectroscopy, however, are mostly driven
by a desire for wide-field observation of single molecules, such as fluorescently labeled
proteins involved in intracellular transport or signaling. This requires ideally the realtime detection and recording of single molecule behavior in 3 dimensions over extended
periods of time. At the same time, the excitation volume still needs to be kept minimal in
order to minimize background contributions. The logical solution for this problem
arrived in the form of total internal reflection fluorescence (TIRF) excitation[17]. Here,
fluorescence is excited in the exponentially decaying field above a surface if a laser
beam undergoes total internal reflection at that surface. This evanescent field is only
intense enough to efficiently excite fluorescent molecules for a few tens of nanometers
above the surface, which keeps the excitation volume small. This technique of single
molecule microscopy can typically be realized in two ways: either by prism-type TIRF
or by objective-type TIRF. In prism-type TIRF (see Figure 2d), the sample is first
prepared on a glass substrate and then mounted on the hypotenuse of a glass prism by
means of immersion oil. A slightly focused laser beam is then totally internally reflected
at the glass-air boundary and excites the molecules. Fluorescence is typically collected
by a conventional microscope onto which the prism is mounted and imaged by
intensified charge-coupled device (CCD) cameras or by electron-multiplying CCD
cameras. In objective-type TIRF (see Figure 2e), TIRF conditions are created inside a
high numerical aperture microscope objective. A laser beam is first focused to the back
aperture of the microscope objective and then translated off of the optical axis. If the
substrate is attached to the microscope objective by immersion oil, the translated laser
beam hits the sample surface at an angle, which increases with increasing distance from
the optical axis. At some point the angle for total internal reflection is surpassed and the
laser beam reflects back into the microscope objective. By separating the back-reflected
laser light from the fluorescence emitted by the molecules immobilized on the glass
surface through high quality optical filters, the fluorescent molecules can then again be
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imaged with cooled CCD cameras. This type of TIRF operation is attractive, because it
represents just a minor modification to a confocal optical microscope. An example for
images of single fluorescent molecules immobilized on a glass substrate obtained by
objective-type TIRF is shown in Figure 4.

Figure 4. Fluorescence images of dual-labeled single molecules by total internal reflection fluorescence
excitation. The fluorescence emission is spectrally separated and imaged onto an electron-multiplying CCD
camera resulting in two separate images.

2. A Practical Guide to Single Molecule Spectroscopy
Other requirements for single molecule spectroscopy at room temperature include: 1) the
employment of clever schemes to minimize background from impurities and Raman
scattering. This can be achieved through spatial isolation of the dyes by adjusting the
sample concentration and minimization of the excitation and collection volume. Spectral
isolation of the dye emission by use of bandpass filters and red-emitting dyes also proves
highly effective. If none of these techniques can be used, temporal isolation by use of
slightly longer-lived fluorescent dyes and time-gated detection might help, where the
short-lived autofluorescence from the background can be gated out. 2) Single molecule
detection requires the collection of as much of the available fluorescence as possible.
This is usually achieved by use of high numerical (NA) aperture optics (oil-immersion
microscope objectives with an NA of 1.3 and higher). 3) Ideally, highly efficient
fluorescent dyes (QE > 50%) with minimal triplet state blinking should be used. Good
examples include various rhodamine derivatives, Alexa dyes and Atto dyes. 4) In order
to detect single molecules, they have to typically be spatially isolated, which requires
low sample concentrations. 5) Efficient optical filters with optical densities of better than
~ OD6, such as notch filters, long pass, and band pass filters are crucial. Most modern
filters are based on multi-layer interference and require optical beams to be highly
collimated and perpendicularly oriented to the filter surface.
2.1. Optical Setup of the Microscope
We now provide a technical step-by-step description for how to achieve single molecule
detection and spectroscopy based on the most versatile microscopy scheme, confocal
optical microscopy. The microscope detailed in our description below is schematically
shown in Figure 5. Starting off with the laser source, any laser with reasonable long-term
stability and relatively narrow spectral emission can be used. The most common and
convenient laser sources are argon-ion lasers and helium-neon lasers. The beam profile
of the laser beams should be Gaussian and might require shaping by spatial filters. Next,
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before the laser source can be used for single molecule excitation, its spectral emission
needs to be cleaned up from residual background, such as laser plasma lines. This can be
achieved by using narrow bandpass filters (3-10 nm width) in the beam path. Several
filters might have to be used in sequence in order to achieve the most efficient
suppression of spectral sidewings. Now, the light source is ready to be coupled into an
optical microscope. Ideally, two mirrors at 90 degrees configurations, such as in a
periscope, should be used before coupling the laser beam into the microscope. These
mirrors provide ultimate flexibility in steering the laser beams, which will be necessary
to insure that the beams are aligned along the optical axis of the microscope. Using an
optical microscope as part of the setup is convenient, because it allows for the use of
other standard microscope components, such as phase contrast or differential
interference contrast attachments to view the samples, which greatly benefits biological
applications. In confocal microscopy, the most widely used types of microscopes are
inverted optical microscopes, because they allow for the convenient placement of all the
optics on an optical table below the sample level. Modern microscopes have infinitycorrected optics, which allows for the direct coupling of the excitation laser beam into
the microscope. Infinity-corrected optics means that all the light beams inside the
microscope are collimated, which optimizes the performance of any filters inside the
microscope. Next, the laser beam needs to be directed upwards towards the microscope
objective. This is facilitated through the use of dichroic beam splitters, which provide
optimal response for each excitation wavelength. For spectroscopic applications,
however, dichroic filters might not be the best choice, because their spectral transmission
profile is usually not flat, which can superimpose a structure on the sample spectra. In
this case, if sufficient laser power is available, it is typically better to use a 10/90
beamsplitter with a flat spectral profile. Such a beamsplitter reflects only 10% of the
laser beam up into the microscope objective, while the remaining 90% are transmitted
and need to be dumped and stopped in order to avoid reflections into the microscope.
Similarly, the sample fluorescence will be transmitted through the splitter with only a
10% loss.
The next optical element is the microscope objective. Objectives with an NA of at
least 1.3 should be employed to obtain the smallest possible focus spot size and the
highest possible collection efficiency. In order to obtain the tightest possible laser focus,
the back aperture of the microscope needs to be efficiently filled by the laser beam. If the
beam waist of the collimated laser beam is too narrow and underfills the back aperture, it
requires to be widened up by use of telescoping lenses. Make sure that the laser beam
enters the microscope objective right on the optical axis. This can be achieved by using
iris apertures in the optical path to make sure the laser beams are on the optical axis and
by back-reflecting the laser beam onto itself by use of mirrors. Once the laser beam is
coupled into the microscope objective, the back-reflection off of a microscope cover slip
can be used to view the laser spot and its position relative to the optical axis. Never view
the back-reflected light with the naked eye! Make sure appropriate filters, such as shortpass filters or neutral density filters are in the optical path that reduce the reflected light
to safe levels. Ideally, the beams should only be viewed by use of CCD cameras. To
maximize the collection efficiency, the optical beams should always stay on the optical
axis of the microscope. This precludes the use of galvanometric mirrors to raster-scan
the beams over the sample as it is done in most commercial confocal microscopes.
Instead, the sample needs to be scanned in the focus of the laser beam. This can be
achieved by using piezoelectric xy translation stages to hold the sample. The positioning
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accuracy of these stages is typically on the nanometer scale, which allows for the
accurate addressing and probing of single, immobilized molecules on surfaces.

Figure 5. Confocal fluorescence excitation microscopy of single, immobilized molecules. This is the most
versatile way of imaging and analyzing single molecules, because it allows for the molecules to be imaged,
thereby locating their spatial position and subsequently they can be addressed and analyzed e.g. with regard to
their spectral emission, polarization dependence, emission intensity or fluorescence lifetime. See the text for a
detailed description of the components of the microscope.

Once the laser beam is focused to the substrate and fluorescence is excited, the same
microscope objective is typically used to collect the fluorescence (epi-detection mode).
This ensures that fluorescence that is emitted from the same sample volume is
automatically collimated. It passes the dichroic mirror or beamsplitter and is then
focused by the tube lens built into the microscope. A long-pass filter, bandpass filter or
notch filter can already be incorporated into the optical microscope to reject reflected
laser light or it can be added at any other point before the detectors. Retaining the
microscope’s tube lens in the beam path is a good idea, because this allows for viewing
the sample in the regular microscopy mode. A confocal pinhole can now be added in the
focus of the tube lens. Most commercial confocal microscope use pinholes with
diameters as small as 25 μm and less, which results in the highest possible spatial
resolution. For single molecule microscopy, somewhat larger pinhole diameters have to
be used. Consider that the typical laser beam spot size at the sample is about 0.5 μm. If a
microscope objective with 100x magnification is used, the image size at the position of
the pinhole will be 50 μm. Thus, in order to ensure maximum signal-to-noise ratios,
typical pinhole diameters in single molecule applications are 100 μm or larger. This still
provides efficient rejection of ambient light or spurious emission from other sample
areas, while ensuring that most of the collected fluorescence will reach the detectors.
The pinhole has to be mounted on a stable xyz micromanipulation stage so it can be
properly aligned in the focus of the tube lens for maximum throughput. Typically, this
pinhole needs to be checked and possibly realigned at least once a day. The fluorescence
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is the re-collimated by use of an anti-reflection coated achromatic lens. Now, the beam
can be manipulated, filtered and analyzed by a variety of mirrors, beam splitters, and
polarization filters in order to optimally suit the individual experiment. If single photoncounting APDs are used to detect the fluorescence, the fluorescence requires to be tightly
focused onto the 100 μm detection area of the detector. Again, achromatic lenses deliver
the best performance. The APD has to be mounted on another xyz micromanipulation
stage in order to maximize the signal. Because APDs contain a Peltier-cooler, the APD
should first be mounted on a heat sink. A ½” copper block has proven useful for this
purpose. Inexpensive electronic counters with adjustable time bin that continuously
display the current detector count rate are ideal for optimizing the spatial positioning.
The photon counts can then be fed into a variety of commercial scan-

Figure 6. Examples of the single molecule analyses enabled through confocal fluorescence microscopy. (a)
Fluorescence image of single molecules immobilized on a glass cover slip. The shape and size of the
fluorescence spots directly reflects the size and intensity distribution of the confocal laser spot that excites the
molecules. The image is a spatial map of the location of each molecules. After an images has been acquired,
each molecule can then be addressed individually to measure (b) changes in spectral emission, (c) fluorescence
lifetime or correlated emission of photon pairs (photon antibunching, see text), or (d) intensity transients.

controllers or counter-timer boards for data acquisition. If one plans to perform
spectroscopy on single molecules, either a flip-mirror or beam splitter comes in handy to
redirect all or parts of the fluorescence to a monochromator with a cooled CCD camera.
First, the fluorescence beam needs to be adjusted to the height of the monochromator
input. Again, a periscope comes in handy for this purpose. Then, another achromatic lens
that somewhat matches the F/# (ratio between the focus length and spatial dimension of
the first spherical mirror in the monochromator) of the monochromator should be used.
Ideally the mirrors and the grating in the spectrometer should be slightly underfilled,
which sacrifices spectral resolution for maximum throughput. An example for the
versatility and wealth of information that can be collected through confocal microscopy
is shown in Figure 6 a-d. Figure 6a shows a typical raster-scanned image of single
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molecules immobilized on a glass substrate. Each molecule shows up as a well-defined
fluorescence spot, which represents the dimensions of the excitation laser spot. Figure 6b
shows the progression of fluorescence emission spectra of one of the spots in Figure 6a
with time. Each spectrum is collected in 5s. Figure 6c shows temporal information
collected from a typical fluorescence spot, in this case a photon antibunching histogram
(see section 4 below). The last figure, Figure 6d, shows an intensity transient from one
spot similar to the trace shown in Figure 1.
Most of the initial alignment of such a system can be performed by using backreflections of the laser beam from the sample stage if sufficient laser power is available.
Even the fine-alignment of the detector position can be achieved with all filters in place
if sufficient laser power is available to efficiently generate Raman-scattered light in the
glass substrate.
2.2. Sample Preparation
In order to prepare samples for single molecule experiments at room temperature, a few
practical guidelines need to be followed. First, the substrates for the experiments have to
be carefully selected. Many glass substrates can contain impurities. Try to obtain
samples or purchase small quantities of several different types of microscope cover slips
from different vendors to determine which substrate has the lowest background. Before
one uses these substrates in any experiments they need to be carefully cleaned to remove
organic residues and contaminations. In the early days, a “brute force” method was
employed by partially etching the glass surface with hydrofluoric acid (HF). This
procedure is very hazardous and not recommended. Other etching approaches are
similarly bad and sometimes not very effective. In our day-to-day operations we have
found a much less hazardous cleaning protocol to be efficient, which is based on a
proprietary alkaline cleaning agent (Hellmanex, made by Hellma, a Germany-based
company. It is distributed in the U.S. by Fisher Scientific). Ultra-sonication of glass
coverslips in a 2% solution of Hellmanex in DI water for approximately 20 minutes and
subsequent rinsing and sonication in DI water works very well. Cleaned cover slips can
be stored in DI water for not more than 1 day. Before use in most experiments, the glass
cover slips require thorough drying by blowing the water off with a nitrogen stream. We
have also found that if filter cartridges in Millipore water purification systems are not
changed on a regular basis, that the DI water can become contaminated and lead to
considerable background fluorescence.
In many cases, samples are then prepared by spin casting or drop casting a few tens
of microliters of the dilute sample solution on the glass coverslip. For longer term
experiments, rapid photobleaching has to be avoided. For most materials science
samples this can be achieved by embedding the samples in a polymer layer (PMMA,
PVB, PVA, PS, etc.). This sample preparation process is shown schematically in Figure
7a and 7b. Make sure to test the polymer and solvents independently to check them for
contaminations. We find that most polar solvents, such as chloroform and
dichloromethane can contain large quantities of fluorescent impurities – even if
purchased in the highest available spectroscopic or analytical grade. In this case,
consider bleaching the solvent impurities by exposing the solvent to intense ultraviolet
light or blue laser beams. Test the solvent before and after this treatment by dropping a
small aliquot on a glass substrate and scanning it in the microscope. For biological
experiments, oxygen scavengers tailored to the application can be used to minimize
fluorescence photo-bleaching.
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Figure 7. Typical preparation of a single-molecule sample. (a) An aliquot (~ 20 μl) of a dilute solution of
fluorescent molecules is spun-cast onto a carefully cleaned glass substrate. (b) To protect the molecules from
rapid photobleaching the sample can either be covered by an additional polymer layer or the molecules can be
embedded in the polymer.

If one plans to perform experiments involving live cell samples, one has to first
check the autofluorescence contributions from the cells and determine if they will be
acceptable for the applications. Most cells are grown in culture media containing dyes.
Either try to grow cells in dye-free media or carefully rinse and wash the cells several
times with buffer solutions and dye-free media before the experiment. Other solutions
are to test several different cell lines and pick those with the lowest autofluorescence.
Pre-bleaching of the cells before the experiment might help in same cases, but could
harm the cells. Alternatively, red to near-infrared dyes and laser excitation should be
used to minimize autofluorescence contributions.

3. Evidence that Single Fluorescent Molecules are Observed
Once the optical system is set up and optimized and the user feels confident to image
single fluorescent molecules there are a number of characteristic features that provide
evidence that one is indeed observing single molecules. If one observes single, isolated
spots in the confocal microscope, the number of which scales with the concentration of
the sample solution, this is the first piece of evidence for observing single molecules.
Further evidence is provided by the observation of discrete photophysical events, such as
intermittent fluorescence emission (blinking) or sudden photobleaching. It is unlikely
that all the molecules in a small cluster of fluorescent dyes would bleach at the same
time, so these discrete events are very good evidence.
Further evidence is provided by the observation of a strong dependence of the
fluorescence on the excitation polarization or strongly polarized emission. But,
ultimately, probably the best evidence for single molecules comes from the observation
of photon antibunching. Photon antibunching is the scientific term for the fact that a
single fluorescent molecule cannot emit two photons simultaneously. Photons emitted
from a single molecule are separated in time due to the finite time that it takes to cycle
through consecutive excitation-emission events. If driven at optical saturation a single
molecule can only emit consecutive photons with a temporal gap that is on average of
order of the excited state lifetime. Only two or more independent emitters can emit
photons simultaneously, i.e. photon events for single molecules are anti-correlated for
time scales shorter than the fluorescence lifetime.
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This antibunching effect can be measured by the Hanbury-Brown and Twiss
configuration, where the photon flux from the fluorescent molecule (source) is separated
in two equal parts by a 50/50 beam splitter (see Figure 8a). In order to detect 2
coincident photons, 2 independent detectors have to be used. This is due to the detectorintrinsic deadtime of APDs, which is typically about 35 ns (a single detector operating in
the Geiger mode with a deadtime of several nanoseconds cannot detect two coincident
photons). In this case, one detector is defined to be the “start” channel and the other one
to be the “stop” channel (This arrangement artificially lowers the probability of detecting
coincident photons, because we now arbitrarily define the channels instead of using any
one of them as the “start” or “stop” channel. A “start” photon going to the “stop”
channel will not get registered and is lost). If the fluorescence is excited with a

Figure 8. Photon-pair correlation analysis of single molecule emission. (a) The temporal separation of photon
pairs can be analyzed by a Hanbury-Brown and Twiss experiment, where the fluorescence photon flux is
divided by a 50/50 beamsplitter and detected by two avalanche photo diodes (APDs). By delaying the arrival
time of signals from one detector, simultaneous photon events can be detected if the delay time is known. (b)
Photon-pair correlation analysis of ~ 1000 molecules of Rhodamine 6G probed individually by the setup
shown in (a). Single fluorescent molecules can only emit one molecule at a time (photon antibunching), which
results in an anti-correlation of photon events for times shorter than the fluorescence lifetime. By fitting such a
histogram, the fluorescence lifetime and the number of molecules probed in the excitation spot can be extracted.
For an increasing number of molecules, the dip at time zero begins to become less well expressed, because the
probability for simultaneous photon emission increases.

continuous-wave (cw) laser we have no control over when to expect photons to arrive at
the detectors, thus a “start” photon will keep the electronics active until a “stop” photon
has arrived, ignoring any further photons going to the “start” channel until the
electronics is reset. Also, once a photon pair has been registered, the electronics needs
time to process that event, further leading to a loss of detected photons. To minimize the
impact of these effects, the signals from the “stop” channel can be delayed by a few
hundred nanoseconds (through the use of appropriate BNC cable lengths or other means).
In this case, photons going to the “stop” channel can be detected even if they were
registered a few nanoseconds before the “start” event, because their physical arrival at
the electronics is delayed. This leads to the registration of “negative” photon pairs in cw
mode – photon pairs where the arrival time is less than the delay time between the
channels. However, the loss of photon events due to random emission times, defining
channels and the rapid photobleaching of dyes due to continuous exposure cannot be
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avoided. Thus, signals from many isolated single molecules have to be accumulated in
order to obtain an antibunching histogram such as the one shown in Figure 8b.
Some of the problems described above can be avoided by employing pulsed laser
excitation. In this case the cw laser excitation is replaced by a pulsed (picosecond pulse
width) laser (see Figure 9a). Now, the repetitation rate and precise excitation time of
single molecules can be controlled, which leads to the emission of single fluorescence
photons on demand. This mode has the advantage that the repetition rate of the laser
excitation can be lowered such that pulses arrive with a temporal separation above the
detector deadtime, enabling the detectors to be ready for every photon event. Also, rapid
photobleaching is avoided because the molecules undergo a lower number of excitationemission events. This mode does, however, not help with the definition of channels
leading to some loss of photon events if the “stop” photon was emitted to the same
channel as the “start” photon. Delaying the arrival of the “stop” channel photon events
does still help to detect photons that were recorded in this channel before they were
recorded in the “start” channel. The pre-defined emission of single photons now leads to
a histogram pattern as schematically shown in Figure 9b. Single, discrete peaks of
correlated photon events do now build up underneath the previous envelope for cw
excitation (drawn in blue). This technique makes the observation of photon antibunching
so efficient, that now even antibunching events from single molecules can be obtained,
such as the one shown in Figure 9c. Here, the histogram was obtained with an excitation
power density of approximately 10 kW/cm2 within just 5s signal accumulation time. The
sample was a glass substrate coated with single molecules of the red-emitting dye
Atto655, excited with a 640 nm picosecond pulsed diode laser operated at 20 MHz, i.e.
excitation pulses arriving at the sample every 50 ns.

Figure 9. Pulsed photon antibunching experiment. (a) The continuous wave (cw) excitation source from figure
8 is replaced by a short-pulsed laser (pulse length much shorter than the fluorescence lifetime). (b) Molecules
are now excited at well-defined times rather than randomly, resulting in peaks in the photon pair arrival
histogram. If single molecules are addressed, the peak at time zero (defined by the delay length) is suppressed.
This approach has the advantage that the molecules undergo a fewer number of exciation-emission cycles,
thereby increasing their overall lifetime and the emission events occur at well-defined times, which benefits the
detection electronics. (c) This experiment enables photon antibunching analysis from single molecules, rather
than having to combine the events from many separate molecules as it is necessary for cw excitation.

4. Outlook
Single molecule spectroscopy has a bright future. In time, its focus shifted away from
materials science applications (especially the initial intent of data storage) to more and
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more biological and even medical applications. We are now able to use single
fluorescent molecules as markers in biophysical and biochemical experiments to track
molecular events, such as e.g. the infection of cells by viruses[19], RNA transcription[20,
21], or motor protein movement along the cytoskeleton[22]. There are many more
directions of single molecule spectroscopy that we haven’t even touched upon yet –
single molecule nano-tracking, single molecule sensing, single molecule sequencing,
single molecule structural and conformational measurements, etc. Many of these studies
make use of another very important mechanism, that we want to briefly mention here,
because of its enormous value. Fluorescence Resonance Energy Transfer (FRET) can be
observed at the single molecule level and allows for nanometer-scale measurements to
be made with single molecule probes. This process bridges the gap between the
nanoscale that the probes and molecules are experiencing and exploring, and the
microscopic scale that is accessible to us via optical microscopes. FRET is the
radiationless energy-transfer of excitation energy from a fluorescent donor molecule to
an acceptor molecule. Several conditions need to be met in order for this process to
occur. First, it is important to note, that FRET falls off with a 1/R6 dependence on the
distance R between the two probes. That means, the effective transfer distance is usually
less than 10 nm (see Figure 10a). Also, the emission spectrum of the donor molecule
needs to overlap well with the excitation spectrum of the acceptor dye. If the overlap is
weak, the transfer of energy between the molecules is very low. In Figure 10b we’ve
demonstrated this for the example of the fluorescent dyes tetramethylrhodamine (TMR)
with an emission peak at roughly 580 nm and Cy5, which has an absorption maximum at
around 650 nm. The spectral overlap between these two dyes is not very good, as can be
seen by the relatively small overlap area shown in green in Figure 10b, but their
emission (the green and red spectra in the same figure) can be well separated by optical
filters. Based on the exact application, the specific donor-acceptor system has to be
chosen to optimize whichever property is needed. Another important factor for FRET,
which is usually more difficult to control, is the alignment between the dipole moments
of the two dyes. Energy-transfer is optimal if the emission dipole moment of the donor is
perfectly parallel to the excitation dipole moment of the acceptor. If the two dipoles are
perpendicularly aligned to each other, no transfer can occur.

Figure 10. Fluorescence resonant energy transfer (FRET) of single fluorophores pairs. (a) If two molecules
with different absorption and emission properties are in close proximity (<10 nm), the fluorophore with the
higher emission energy (bluer wavelength, “donor”) can transfer its excitation energy to a second fluorophore
(“acceptor”). (b) This radiationless energy-transfer process depends on the spectral overlap between the donor
and acceptor emission and absorption, as well as their spatial separation and the alignment of their dipole
moments.
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FRET enables e.g. binding studies between antigen-antibody or protein-DNA
systems at the single to few molecule level, and distance measurements between specific
sites within a protein (which requires sophisticated site-specific labeling of the amino
acids)[2]. Such experiments reveal e.g. important details about protein folding, such as
folding pathways or folding timescales. We have currently only begun to explore the
vast potential of FRET at the single molecule scale. And development doesn’t stop here.
Other schemes for high-resolution imaging are currently under development, which rely
e.g. on image-deconvolution techniques, emission-depletion to reduce the spotsize in
confocal microscopies, or tip-enhanced spectroscopies, that employ field-enhancements
underneath the sharp tips of scanning probe microscopes. In conclusion, it is probably
fair to say, that optical microscopy is experiencing a steady growth because of its unique
potential to study cellular systems in-vivo. It serves as a great platform to bring together
scientists from the physical, chemical, biological, and medical sciences.
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Abstract. Information on the structure and metabolic changes of biological
systems is accurately obtained by characterization of the molecular mechanisms of
chemiluminescence (CL) and bioluminescence (BL). The applications of CL and
BL in medicine, biotechnology, environment, military defense, agriculture and
space research are discussed. The advantages, specifications and limitations of
these methods in comparison to other physical and chemical approaches are
described.

Introduction
Man has tried to reveal the secret of “living light” since ancient times. Curiosity
appeared to be a major impulse for research into the mechanisms of light emission in
living systems.
It is well known that many chemical reactions are exothermic and many of these
are accompanied by light emissions. Chemiluminescence is the light generated by
chemical reactions. The metabolism of living systems is always attended by faint light
emissions, which are called ultraweak chemiluminescence or cellular and tissue light
emission [1].
Some organisms emit extremely bright visible light. This effect is called
bioluminescence. BL is a result of enzyme-catalyzed CL reactions, where the released
energy (40-60 kcal) is transmitted to electronically-excited intermediates or final
products (P*), which emit photons (hQ ). Energy produced in such chemical reactions
“excites” other particles, which vibrate and generate light [2].
The colors of bioluminescence vary from sky blue to wine red. A typical example
of BL is the complex luminescent system in insects such as fireflies. Neuronal impulses
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cause stimulation of the enzyme reactions and result in bright yellow-green light
(560nm). CL and BL together are generally called biochemiluminescence.

1. Molecular mechanisms of chemiluminescence
Spontaneous luminescence of cells and tissues is “ultraweak” since:
x the concentration of free radicals in bio-systems is extremely low, due to their
reactivity, and this determines slow rates of the CL reactions;
x the electrons in redox reactions are delivered not in an excited state but in
lowest excited state, so that no light quantum is generated;
x if an excited molecule is produced in a reaction, the probability to transform
into light instead of heat is extremely low.
Usually, reactions connected to ultraweak spontaneous chemiluminescence of
biological objects are:
x reactive oxygen species (ROS) reactions,
x free radical lipid peroxidation (LPO) reactions, or
x NO. radical reactions.
CL is the result of recombination of the produced radical intermediates. This is the
reason why CL is a suitable approach for estimating the concentration of lipid radicals,
through the oxidation chain reaction:

LOO .  LOO . o Molecule Products + hQ (photon).

(1)

The resulting CL intensity (ȱ) is:

I CL

>

Q CL .k. LOO.

@

2

(2)

, where Q CL is the CL quantum yield (10-8–10-10).
If energy is produced within the chemical reaction and is not converted to heat or
to reaction of synthesis, it usually excites molecules that easily emit photons.
Spontaneous CL is characterized by low intensity and this is one of the main
problems for the practical application of CL analysis. In order to solve this problem,
researchers usually apply so-called enhancers of CL that increase by many times the
received CL signal. These enhancers are divided into two groups: physical and
chemical [3].
Chemical enhancers react with ROS or organic free radicals. The products are in
an excited state. The CL signal then results from the emitted photons in transformation
of the product to the electronic ground state:

R  A o PA* o PA ,

(3)
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,where R=radical; A=chemical enhancer; P=product, which is transformed by the
*

enhancer to the excited state ( PA ) and later converted into the electronic ground state
( PA ). Typically, the chemical enhancers applied are luminol and lucigenin.
Physical enhancers do not react chemically, but markedly increase the CL signal.
They induce energy migration between the product molecule (P) and the enhancer
molecule (A):

R o PA* o P  photon 1 (non-activated CL),

(4)

PA*  A o PA  A* (energy migration),

(5)

A* o A  photon 2 (enhanced CL).

(6)

The CL intensity depends on three parameters: the chemical reaction rate (vCL), the
probability of an excited state product formation (quantum yield, K exc ) and the
probability of photon emission on transition from excited to ground state of the
molecule of the product.

I

CL

= v CL

K exc . K lum .

(7)

Chemical enhancers change the path of the chemical reaction by interacting with
the free radicals and causing formation of excited reaction products. The CL intensity
of these reactions is extremely high because the parameters of equation (7) reach very
high values. Physical activators cause energy migration towards the molecule of the
activator, thus giving a high CL quantum yield. Physical enhancers increase only K lum .
ȱCL shows very low values (<1%) in free-radical chemical reactions. This is the reason
for non-activated CL also being called ultraweak CL. If all molecules of the product
transmit their energy to the molecule of the CL probe, then the CL intensity will be
defined by the luminescence quantum yield of the enhancer, which, for the ideal case,
is close to 1. Hence, the intensity of CL can increase 3-4 fold.
The following are some examples of enhancers usually applied for activated CL by
lipid peroxidation. Although research information is easily obtained by this method,
CL-analysis has not become a routine clinical test because of the low CL-signal. This is
the reason for LPO-induced CL-enhancers are being investigated. It is well established
that some dyes and chemical complexes of rare metals have the ability to amplify the
CL intensity to a great extent: e.g. the complex between (Eu3+) and chlor-tetracycline
antibiotic, which increases the CL of lipid peroxidation up to 1000 times [4].
Two types of bioluminescence can be characterized: firefly-BL and bacterial-BL.
BL of living systems is extremely bright because each molecule of the product is
formed in an electronically-excited state. The quantum yield of BL reactions is
extremely high (0.1-1.0) compared to the CL of non-enzymatic oxidized organic
matter. Hence, high efficiency is reached by the application of highly specific enzymes
– luciferases. These are especially effective for their substrates – luciferins, which is
one of the main conditions needed for chemical redox energy transformations into
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light. They are complex organic molecules (heterocyclic compounds) that easily form
macro-energetic intermediates. Luciferins are also oxidized without the activity of
luciferases, but the reaction rate and BL are then extremely low [5].
Firefly luciferase is a monooxygenase (62-kDa), which does not involve a metal or
co-factor. The enzyme first catalyzes the condensation of luciferin with ATP in the
presence of Mg2+ ions. Luciferyl-adenylate is formed with ATP, generating AMP. This
is followed by the reaction with oxygen and the cyclization of the peroxide in the
formation of the critical, energy-rich dioxietanone intermediate. The breakdown of the
dioxietanone provides energy to form the excited oxy-luciferin, with overall quantum
yield of 9 photons per oxidized luciferin [6]. Firefly luciferase performs a triple
enzyme-substrate complex together with ATP and luciferin (Figure1):

Figure 1. Bioluminescence catalyzed by firefly luciferase

The following reactions take place in the luciferin-firefly luciferase system:

E  LH 2  ATP o E  LH 2  AMP  PP ,
O2 CO2
E  LH 2  AMP 
o P *  E  AMP o E  P  AMP  hQ

(8)
,

(9)
, where AMP = adenosinemonophosphate, PP = pyrophosphate, E = luciferase, LH2 =
luciferin, P* and P = product (oxy-luciferin) in the excited and ground state,
respectively. This system functions well for ATP levels >~10-17M.
It is extremely important that ATP, the main energetic metabolite, is the basic
substrate for BL. The sensitivity of the analytical system to ATP is so high that the
quantum yield is about 90%. ATP is one of the main physiological parameters, which
makes this method very useful for practical applications.
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In considering the molecular mechanisms of CL and BL, two types of intermediate
peroxides can be characterized in a solution: linear peroxides and peroxides with 4membered, energy-rich dioxietanone rings. In BL, the firefly and bacterial systems or
coelentarete systems exemplify these. The cleavage of dioxietanone in BL forms CO2
and an excited carbonyl (see Fig.2). This reaction may be catalyzed by an internal
electron transfer to the O-O bond from the R-moiety if its oxidation potential is
appropriately low. The consequence is a fast cascade of processes, terminating in the
generation of excited RCH=O, probably via a final charge-annihilation process. This is
a possible chemically-induced, electron-exchange luminescence (CIEEL).

Figure 2. Mechanism of chemically induced electron-exchange bioluminescence (CIEEL)

A more exotic mechanism involves a second fluorophore (F) to which the energy
from the primary excited species (P*) is non-radiatively transferred. Thereby, excitation
of the accessory fluorophore is caused, which emits its own fluorescence (Figure 3) [8].
BL of the Aequorea photoprotein is often applied for detection of low calcium ion
(Ca2+) concentrations. Aequorin contains covalently linked luciferin, which is
chemically transformed in the presence of Ca2+, resulting in a electronically-excited
product [9].
Luminescent bacteria are divided into two groups:
-sea luminescent bacteria: Photobacterium, Beneckea (Vibrio), Alteromonas and
-fresh water luminescent bacteria: Vibrio cholerae (albensis biotype) and
Xenorhabdus luminescens, living in symbiosis with soil Nematoda [10].
Bacterial luciferase is a heterodimer (75 kDa). The connection to the substrate is
realized by the D-subunit (40 kDa), while the E-subunit (35 kDa) assures the stability of
the active dimmer-structure. The luciferase molecule has active highly specific
connection centers for FɆN2, FɆN, AMP and aldehyde [11].
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Figure 3. Bioluminescence mechanism of non-radiative energy transfer, with a second fluorophore

Bacterial luciferase catalyzes the CL reaction as oxidation of the reduced FɆɇ-ɇ2
to FɆN and simultaneous process of oxidation of the aliphatic (ɋ14) aldehyde to
myristine (ɋ14) acid (Fig. 4). FMN-peroxide is a final product of this reaction [12]:
 RCHO

FɆN-ɇ2 + ȿ + Ɉ2 o ȿ-FɆN-ɇ2-ɈɈɇ  o
RCHO

o RCHO  E  FɆN-ɇ2-ɈɈH o

o RCOOH + ȿ-FɆN-ɇɈɇ* o
o RCOOH  E  FɆN + ɇ2Ɉ + hQ (photon – 490 nm),

(10)

, where: E = bacterial luciferase, -ɈɈɇ = hydroperoxide group, RCHO = aliphatic
aldehyde, and RCOOH = fatty acid, formed after the oxidation of the aldehyde.

Figure 4. Bacterial luminescence

Bacterial cell suspensions and entire cells, luminescent bacterial extracts and
isolated luciferase enzyme complexes have received wide application in biochemical
analysis [13].
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The number of photons and the intensity of light emissions (I ) are easily measured
by CL and BL (Figure 5). The CL-amplitude is proportional to the quantum (dN/dt) or
the excited production (dP/dt) rates.

Figure 5. Kinetics of CL and BL

Another major feature of these BL systems is their absolute specificity towards
ATP or NADH, which is a great advantage for practical applications, including:

x very high sensitivity, down to 0.01 pɆ,
x linearity of the measured signal to the concentration of the analyzed substrate
over a wide range and

x simple and inexpensive equipment.
A new trend in BL analysis is the application of immobilized luciferases. These are
very stable, can be used more than once, are not sensitive to the inhibitors of the
sample (blood plasma, serum, etc.) and cheap. These make BL-based analysis
preferable to other clinical methods [14].

2. Biochemiluminescence applications
CL and BL are widely applied for quantitative determination of specific substances in
biology and medicine, both in extracts and in living cells [15, 16]. They give
information on the physiological state of living systems. The natural emitters of CL and
BL are molecules that either form structural elements of cells and tissues or are
involved in metabolic processes. Thus, any change in structure or metabolism due to
development processes or disease is reflected in the photo-physical properties seen in
the patterns of light emission and absorption spectra of luminescence [49].
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2.1. Medicine
CL analysis can be easily used in clinical laboratory practice. CL is proportional to the
level of LPO products and depends on lipid and blood plasma antioxidant
concentrations. These analyses could be additionally applied in diagnostics, in control
of treatment efficiency and in pathological analysis. CL gives a direct approach for free
lipid radical estimations leading to oxidation chain reactions. Enhanced-CL is mostly
applied for detection of low concentrations of the catalyst H2O2, forming free radicals
and for registration of the luminescence of phagocytes in CL-immune analysis. For
example, the measurement of radical intermediates in blood and urine after heart attack
is very easy and sensitive, via to the reaction:
myoglobine (or Fe2+) + H2O2 + luminol Æ CL

(hQ ) .

(11)

Enhanced CL could also measure the level of toxins in wound exudates [17].
Reactive oxygen species in high concentrations are excreted and synthesized, as a
result of the immune response, by granulocytes, monocytes and macrophages. The CL
of these ROS can be greatly increased by the addition of enhancers such as luminol and
lucigenin.
Electrical stimulation of blood cells increases cell membrane permeability and
ROS generation, generating higher CL signals. Such signals can be registered after the
addition of bacterial cells, SiO2 or BaSO4 crystals or other stimuli to a leukocyte
suspension. The luminol-enhanced CL of leukocytes is a very sensitive parameter for
monitoring immunophysiological activity. This signal becomes stronger with
inflammation and disease. By contrast, the CL signal is low with oxygen deficiency or
inactivated phagocytosis. Because of its high sensitivity, this method possesses very
good diagnostic capabilities [18].
Typical CL applications are in cell biology and immunology, pharmacokinetic
screening and clinical practice. Processes like phagocytosis, pino-, exo- and
endocytosis can be well described by CL kinetics. Inhibitory CL analysis and cell
priming can be applied to investigate biologically active substrates in pharmacology,
such as like antibacterial or antiviral drugs, vitamin complexes, immune modulators,
hormones and anticancer drugs[19].
CL in clinical practice is mainly used for diagnostics and pathogenesis research to
estimate as antigens and immune complexes. The pathogenesis of influenza, arthritis,
bacterial infections, hyper-holesterinemia and malformations can be followed by this
method [20, 21]. CL can also be used in diagnosis of skin diseases, cancer, allergy,
intestinal inflammation, heart disease, neuronal-muscle disorders, diabetes, renal failure
and trauma [22, 23]. Immune analysis is one of the important and special applications
of the enhanced CL method [24].
2.1.1. Chemiluminescent Immuno Assay and (CIA) and ImmunoChemiluminometric
Assay (ICMA).
These two methods are used for estimation of extremely low metabolic concentrations,
such as hormones.
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CIA is similar to radioimmunoassay but, instead of radioactively labeled substrates
and antibodies, chemilumenescent probes label the substrates and antibodies and emit
light in the presence of ɇ2Ɉ2 and a catalyst such as peroxidases. CL markers are low
weight molecules, chemically close to luminol and lucigenin [25]. In ICMA the system
contains labeled and unlabelled substrates (A* and Ⱥ, respectively) and antibodies
(anti-A). Thus, a mixture of labeled and unlabeled immune complexes is made:
*

Ⱥ + Ⱥ + anti-Ⱥ

o Ⱥ-anti-Ⱥ + Ⱥ * -anti-Ⱥ (CL-registration)

(12).
*

In ICMA, greater quantities of the CL-labeled antigen (anti-Ⱥ ) are added to the
substrate under investigation for the formation of the CL-labeled complex:
Ⱥ + anti-Ⱥ

*

o Ⱥ- anti-Ⱥ * (CL-registration).

(13)

Three basic BL immune assays can be performed:
1) Bioluminescent Enzyme Immune Assay (BLEIA), where the enzyme is the
marker for the antigen of the immune reaction, which results in light emission.
Markers are enzymes that are conjugated to bacterial luciferase, such as
peroxidases, acid phosphatases and dehydrogenases.
2) Bioluminescent Co-factor Immune Assay (BLCIA), in which ATP and
NAD(P)H are very strongly linked to the marker molecules of the antigen.
3) Bioluminescent Enzyme Multiproductive System (BLEMS), in which
enzymatic luminescent immune reactions are triggered. ȺɌɊ and NAD(P)H
are the final products, which are tested by firefly- and bacterial luciferase.
Here, conjugates of the substrate of interest to one of the BL reagents are used.
Luminescent tags have been developed that are as sensitive as radioactivity and
now replace it in many assays, notably immunoassays [26,137].
The advantages of the immune bioluminescent assay are:
x the immune-luminescent conjugates are stable and possess much longer
lifetimes in comparison to the radioactive reagents,
x the procedures are simple and fast and use simple and cheap equipment,
x there are no problems in handling radioactive sources, and
x the reagents are non-toxic, stable and used in low concentrations.
It is well known that ATP is a major physiological parameter in cells, so that
firefly luciferase is used for BL detection of bacterial contaminations, activity
estimations of erythrocytes after blood conservation and antibiotic effects. BL
measurements of microorganism growth rates is applied to assess antibiotic substrates,
where the level of inhibition is most important. Information about the appropriate
antibiotic treatment of open infections is received within 2-3 hours [28].
The measurement of ATP-synthesis rate is also very helpful to investigate
phosphorylation processes in chromatophores, energy synthesis by mitochondria in
plant and animal cells and metabolic changes in microorganisms. This method can give
detailed information about cell membrane damage in cytolysis of erythrocytes and
thrombocytes, which is an important factor in blood preservation and extraction of
active blood products. BL estimation of ATP is well established in cell culture for
tissue and organ transplants.
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Microbial infections of urine and blood are easily assessed by firefly luciferase BL.
The sensitivity of this assay (80-90%) is much higher than traditional methods. For
example, this technique is applied in estimating the concentration of the antibiotic
chlor-amphenicol in blood serum, which is a part of the treatment of central nerve
system pathologies (e.g. meningitis). The antibiotic is very well absorbed in the
organism but higher doses (over 50mg/l) may provoke hematological disorders [29].
In other applications, the aequorin phytoprotein links specifically to Ca2+ in
biological systems, which is applied in muscle activity analysis [30]. Bacterial BL is
very sensitive to the effect of various inhibitors, including anesthetics, narcotics,
industrial toxins, insecticides and drugs that suppress BL in vivo [30]. Sometimes, for
the purposes of analytical biochemistry, different luminescent bacteria are genetically
modified. Thereby, BL can be used as a cancer-genetic test in food and drug control
[32]. The activity and specificity of certain enzymes is sensitively evaluated by BL,
which is important in diagnostics. For example, the level of blood creatine
phosphokinase is an indicator of muscle dystrophy, myocarditis, stroke and other
pathologies, and in these cases muscle MM-isoenzyme, heart MB-isoenzyme, brain
BB-isoenzyme, respectively are measured [33]. Other enzymes that are important
pathological markers and that are detected by BL are phosphorylases and NADdehydrogenases in blood plasma (lactate dehydrogenase and its iso-enzymes) [34]. The
content of different proteases can also be measured by BL: trypsin, chemotrypsin,
papain, also lipids, lipoproteins and triglycerides.
Because the different luciferase systems have different specific requirements, a
range of different substances can be detected (see Table 1). Each of these substances
may be a reagent or a product of different reactions.
Table 1. Luciferase reactions – basic reagents

ORGANISM
FIREFLY

BACTERIUM

COELENTERATES
SCALE WORMS (POLYNOIDIN)

ANALYTE
ATP, ADP, AMP
Co-enzyme A
Inorganic pyrophosphate
FMN, FMNH2
NAD(H), NADP(H)
Long-chain aldehydes
Oxygen
Calcium ions
Superoxide radicals

2.2. Biotechnology
ATP concentration is proportional to the number of cells or to biomass. The sensitivity
of ATP measurements achieved by BL is 10-16 Ɇ or 100 cells per sample [35]. The
ATP BL assay follows the scheme:

extractingagent

Cell sample   o ATP extract

min escentreagent
biolu


o light ( hQ )

Microbial growth rate estimations using ATP-BL are applied in biotechnology, in
the food industry and in pharmacology for the production of drugs (e.g. antibiotics) and
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vaccines [36]. BL is also helpful in the development of new biotechnologies: e.g. biocorrosion processes are major problem for the stability of materials such as lubricants
and grease. Different biocides can also be effectively evaluated by BL assays [37].
2.3. Agriculture and veterinary medicine
Different oxygen measurements are needed in agriculture (photosynthesis) and
ecology. Herbicides and other biological active substances are specifically tested by BL
assays. BL-enzyme assays are widely applied in plant gene selection, since this
technique gives detailed information about plant physiology and biochemistry.
ATP analysis is used in quality testing in somatic cells for stockbreeding, such as
in the test for mastitis in milking cows [38]. Similar tests are applied for in vitro sperm
estimations and cryoprotection in farming [39].
Mycotoxins that can be extracted from different agriculture products can cause
cancer genesis, toxicosis and teratogenesis in mammalians. They are easily detected by
bacterial BL. This test measures the degradation rate of pesticides and herbicides [40].
Pheromones are a group of natural substances involved in animal reproductive
behavior and ecology. They are mainly excreted by skin and urine. For example, the
12-18 carbon chains of aldehydes excreted by insects can be detected well by BL:
concentrations of 10-14 Ɇ pheromone can be measured in the air, which is very useful
in agriculture pest control [41].
2.4. Environment
Low oxygen concentrations (2.10-8-5.10-6 Ɇ) are evaluated by BL. BL of photobacteria are proportional to the oxygen concentration. Luminescent bacteria can be
used in the laboratory for the test of different toxic substances. BL can be applied for
environment contamination assays: e.g. bioluminescent plankton (“bio-indicators”) are
used for detection of heavy metal pollution. CL can also monitor dust, cigarette smoke,
smog, ionizing- and UV-radiation [42, 43, 44, 45]. BL detectors are very useful for air
tests in, for example, coal mining.
BL is a preferred qualitative and quantitative assay because of its sensitivity,
speed, simplicity and simultaneous control of different toxins, which is extremely
important in ecology. Biomass is very accurately evaluated by ATP tests in fresh and
seawater for pollution and biological productivity assessment.
2.5. Space research
Cages of fireflies are used as lights in some traditional communities and Japanese
troops used to rub dried extracts from bioluminescent starfish on their fingers to help
them read maps at night. The ability of bioluminescent plankton to point out the
position of submarines and warships has been studied by the US and Royal Navies. It
has been found that even very low concentrations of bioluminescent plankton can
“paint” a submarine so that it becomes detectable by satellites. Interestingly, the last
German U-boat sunk during World War I was detected because bioluminescent
plankton enabled accurate tracking by a non-sonar equipped ship.
Luminescent bacteria are used for detection of rocket fuel leakage down to 10-8 Ɇ
concentrations, as are toxins used in stabilizer production [47] as well as space life

V.M. Savov / Chemiluminescence and Bioluminescence

239

research. Luminescent bacteria are good indicators of neutrino space emissions applied
in international projects for underwater registration, like AMANDA and NEMO.
2.6. Military defense
The number of bacterial cells is easily counted by BL in the use of bacterial weapons,
as in terrorist attacks. Luciferase BL is a fast and sensitive assay for analysis of the
toxic properties of various unknown chemical gases and compounds that could threaten
populations. These applications are crucial for military and civilian defense. A typical
example is the radiation estimations by Beneckea Harvey BL bacteria [46].

Figure 6 Bioluminescent assay applications

The above applications of the BL techniques, which are beneficial for research and
implementation of new biotechnologies are summarized in Figure 6.
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Abstract. This chapter presents the basic sciences involved in photodynamic
therapy, in terms of: the photophysical, photochemical and photobiological
principles; the technologies of PDT light sources, delivery systems and dosimetry
devices; and optical methods that are under development for monitoring the
response of tissue to PDT. The current and potential medical applications are also
indicated. The discussion includes both aspects of PDT that are well-established
and new concepts in the science, technology or clinical applications, including
work from the author’s laboratory.

Introduction
Photodynamic therapy (PDT) is the use of drugs (photosensitizers) that are activated by
visible or near infrared light to produce specific biological effects in cells or tissues that
can be exploited to achieve a particular clinical endpoint. The key feature of PDT is
that neither the photosensitizer nor the light has any significant effect individually at
the doses used, but the combination is effective. PDT is based on photochemical
interactions between light and molecules or biological components. It can be compared
with the other light-tissue interactions that are used therapeutically, namely
photothermal, photomechanical, photoelectromechanical and photobiomodulatory, and
that span the applications of lasers in medicine [1].
PDT is a highly multi-disciplinary topic, involving optical biophysics and
bioengineering, synthetic chemistry, pharmacology, photophysics and photochemistry,
photobiology and different clinical specialties [2]. The main emphasis in this chapter is
on those aspects of greatest interest to specialists in biophotonics [3].

1. History
As reviewed in reference [4], the term ‘photodynamic’ was first coined a century ago
with the observation that light and an acridine dye in the presence of oxygen could kill
microorganisms. At around the same time, Finsen was performing light therapy in
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patients, firstly using sunlight and then using a carbon arc lamp, but without the use of
a photosensitizing agent. The effect of a particular compound- hematopophyrin- was
demonstrated by Meyer-Betz in 1913, who developed severe sunburn upon light
exposure after injecting himself. The first reported clinical use of PDT was in 1904
when eosin was applied locally to a tumor on the lip and light exposure led to
regression of the tumor. In the first decades of the 20th century there were a number of
studies of photoactivation, but no clinical follow-up of the earlier work. The field
largely disappeared for several decades, probably due to the lack of potent
photosensitizers and of light generation/delivery technologies, as well as a perception
that light does not penetrate tissue well enough to be useful.
The modern era of PDT was initiated by the discovery and testing of the
compound hematoporphyrin derivative (HpD) by Schwartz, Lipson and others in the
late 1950’s/early 1960’s while attempting to improve the properties of
hematoporphyrin as a fluorescent agent for diagnosis and localization of tumors. HpD,
derived from blood, was first used by Kelly and Snell in the 1970’s to treat bladder
cancer, following which Dougherty and colleagues in Buffalo, NY instigated a series of
pre-clinical and then clinical studies that stimulated many other groups to start research
in this field. The first government approval for PDT occurred in Canada in 1993 for
bladder cancer, using a purified version of HpD (Photofrin®).
Thus, PDT started and continues as a treatment for solid tumors. However, there
are also numerous other applications in use clinically or under pre-clinical or clinical
investigations [5], as listed in Table 1. These applications exploit the different
biological mechanisms that can be selectively activated, depending on the PDT
treatment parameters. The invention of the laser and optical fibers in the 1960’s was
also important for the development of PDT: although non-laser sources can be used,
the ability to deliver high intensity laser light to almost any site in the body is critical
for many applications.

2. Photophysics and Photochemistry

Figure 1 shows the basic energy-level diagram for PDT. Upon absorption of a photon
of appropriate wavelength by the ground state (S0) of the photosensitizer, the electronic
excited (S1) state is generated. This typically has a lifetime in the nanosecond range. It
can de-excite in several competing ways: non-radiatively; by radiative emission back to
S0, emitting a photon of longer wavelength (fluorescence); or by inter-system crossing
to a triplet state (T1). Since the T1oS0 state is quantum-mechanically forbidden, the
triplet state is long-lived (~ Ps) and can interact with the biological medium in which
the photosensitizer is located. This interaction can be directly with a biomolecule
(Type-I interactions). Alternatively (Type-II interactions), the T1 state exchanges
energy with ground-state molecular oxygen (3O2 is also a triplet state, so that this is an
allowed transition), to generate the singlet-state oxygen, 1O2. Singlet oxygen is highly
reactive with biomolecules, with a lifetime of <1 Ps in cells and tissues. Its
corresponding diffusion distance is very small (<<Pm), so that the specific subcellular
localization of the photosensitizer is critical to the location of photochemical damage
and, hence, the biological response.
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Table 1. Current and Potential Applications of PDT

Application

Oncology:
solid tumors, dysplasias

Ophthalmology:
age related macular
degeneration (AMD)
Dermatology:
actinic keratosis
psoriasis, acne, cosmesis
Infection:
periodontitis, infected
wounds, nail fungus
blood purging
Cardiology:
Prevention of restenosis

Rheumatology:
Arthritis

Singlet

Clinically approved
(A) or under
investigation (I)

Mechanism(s)
of action

A

cellular and/or vascular
and/or possibly
immunogenic

A

vascular

A
I

cellular
cellular and/or vascular

I

cellular
(microorganisms)

I

I

cellular and/or
microvascular

I

immunological and/or
tissue destruction

Intersystem
crossing

Biological
effect

Triplet
1O
2

Fluorescence

3O
2

Ground State Photosensitizer
Light

Figure 1. Energy-level diagram for Type II photosensitization

For either Type II processes (and possibly some Type I), the photosensitizer
ground state is regenerated, i.e. the photosensitizer acts as a catalyst. Depending on the
drug, it will eventually be destroyed (photobleached), either directly by the interaction
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or indirectly through damage due to the 1O2 or other reactive photoproducts. For
simplicity here, it will be assumed that 1O2 is the primary active photoproduct.
Most photosensitizers used currently for PDT localize on cell membranes
(mitochondria, plasma membrane, lysosomes), so that the primary photochemical
change caused by the singlet oxygen is lipid peroxidation, which then leads to specific
biological reactions.
Note that the 1O2 pathway shown in Figure 1 requires that there be adequate
oxygen in the cells/tissues. This can be a limiting factor, due to low intrinsic
oxygenation that is often found in tumors or to vascular shut-down as a result of the
PDT treatment (if this is rapid enough to occur during the irradiation) or to depletion of
oxygen from the photochemical interaction itself (faster than it can be replenished by
diffusion) if the product of drug concentration and local light intensity is large.

3. Photosensitizers
The key properties of photosensitizers that make them effective for specific
applications include: high photo-efficiency (e.g. 1O2 quantum yield), high absorption at
a wavelength that is suitable for the required depth of penetration of the light in tissue,
localization at sensitive tissue sites and cell organelles, and low uptake or rapid
clearance from skin to avoid general photosensitivity. In addition, it may be
advantageous to have high photostability (minimal photobleaching), since this allows
lower concentrations of photosensitizer to be administered. Conversely, photobleaching
may be deliberately exploited to ensure that tissues cannot be ‘over-dosed’ by making
the process self-limiting. In addition, there are other properties that photosensitizers
share with any medical drug, including good pharmacokinetics, low toxicity, purity,
manufacturability and cost.
Figure 2 shows the chemical structures of some classes of natural photosensitizers
and the absorption spectra of some current PDT agents. (In most cases, the
photobiological action spectra are very similar to the absorption spectra.) Many PDT
agents are based on a tetrapyrrole ring structure, which gives the photophysical
properties, while the side chains can be modified to select the required absorption
spectrum and tissue localization, e.g. through altered water solubility or charge.
In the case of Photofrin®, which is a complex mixture of many separate
porphyrins, there is strong absorption around 400 nm (the Soret band) and several
smaller bands at longer wavelengths. Although the last band at around 630 nm has the
weakest absorption, this wavelength is commonly used in tumor therapy because the
greater tissue penetration of red light in tissues more than compensates for this. There
has been considerable effort in designing and synthesizing 2nd-generation
photosensitizers with high absorption at red (>650 nm) and near-infrared wavelengths
to take advantage of the greater light penetration. There is limited advantage in going
much above about 800 nm, since little is gained in light penetration and the efficiency
of T1o3O2 energy transfer falls as the energy gap decreases.
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Figure 2. Chemical structures and absorption spectra of various photosensitizers.

An alternative to administering a photosensitizer is to use a ‘pro drug’ that is not
itself a photosensitizer but leads to the (endogenous) synthesis of photosensitizer in the
cells and tissues. The commonest example of this is aminolevulinic acid (ALA)induced protoporphyrin IX (PpIX). Applying ALA either systemically or topically
increases the rate of heme biosynthesis, the final step in which is the conversion of
PpIX to heme by adding Fe. ALA-PpIX synthesis is very different for different tissues,
including generally a high level in malignant or pre-malignant tissues [6].
The route of administration and means of delivery of photosensitizers to the target
tissues or cells also is an important factor in their efficacy. In many applications, they
are administered systemically, either by intravenous injection or orally. For skin tumors
and other dermatological conditions, topical application is feasible and minimizes the
risk of systemic toxicity. Photosensitizers that are not water soluble require a delivery
vehicle, such as liposomes or a lipid emulsion. There has also been some work in
targeting of photosensitizers, for example by conjugating them to antibodies or
peptides that are tumor specific.
A new concept for PDT targeting, illustrated in Figure 3, is the use of ‘therapeutic
molecular beacons’, comprising a target-specific element together with the
photosensitizer molecule (PS) at one end and a molecule (Q) that ‘quenches’ the
photoactivation at the other end. If PS and Q are in close proximity, then there is no
activation. However, conformational change to the targeting ‘backbone’ allows these to
separate and the photosensitizer to become active. This concept has been used in
optical imaging, using a fluorescent molecule that is quenched and unquenched. The
unquenching mechanism can be, for example, opening up of an antisense singlestranded DNA sequence when it hybridizes with complementary RNA in specific
tumor cells, or separation of PS and Q by enzyme cleavage [7].
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Figure 3. Concept of PDT molecular beacons, where the targeting backbone may be either opened up or (as
in this case) cleaved in vivo by the specific target, making the photosensitizer active
(courtesy G. Zheng, U. Pennsylvania, USA)

4. Light
The total energy required for effective PDT, say to kill tumor tissue, is large compared
with ionizing radiation: for example, a typical absorbed dose in radiotherapy for solid
tumors is ~50 Gy (= 0.05 Jcm-3). In PDT a typical incident energy density is ~ 100 Jcm2
. Assuming that the effective treatment depth in tissue is 10 mm, the resulting average
absorbed energy density is ~100 Jcm-3. In order to keep treatment times practicable for
delivery of these high energy densities over large areas or volumes of tissue (e.g. tens
of minutes at most), PDT light sources require typically a few Watts of output at the
appropriate wavelength for the specific photosensitizer used. Since light at any point
within tissue comes from many different directions, the appropriate measures within
tissue are the local fluence [Jcm-2] or fluence rates [Wcm-2].
As indicated above, the limited penetration of light in tissue means that it is
challenging to treat target tissues located at depth below accessible surfaces (e.g. skin)
and to achieve adequate volumes of effective irradiation [3,8]. The spatial distribution
of light in tissue depends strongly on the optical absorption and scattering properties at
the treatment wavelength. In the visible/near-infrared spectral range, most tissues are
highly scattering. As a result, the light is diffused rapidly, typically within a few mm,
and a substantial fraction of the light may be back scattered through the irradiated
tissue surface. The light absorption in the tissue is due to specific molecules,
particularly hemoglobin (Hb and HbO2) and melanin in the visible range.
For broad-beam surface irradiation of a large, homogeneous tissue volume
(the simplest case), the fluence rate varies with depth, d, approximately as
I(d) = F.I0e-d/G

(1)

where I0 is incident irradiance [Wcm-2] and the unit-less ‘build-up’ factor F>1 is due
to the backscattering of light from depth within the tissue. Both F and G depend on the
absorption and scattering coefficients of the tissue. For a point interstitial fiber the
corresponding relationship as a function of the distance, r, from the source delivering
power, P [W], is
I(r) = P.{1/4SPaG2}.(1/r).e-r/G

(2)
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Note in this case the additional 1/r term representing the radial diffusion of the
light. The scattering decreases roughly inversely with wavelength in the visible and
near-infrared wavelength range. In addition, the absorption of hemoglobin falls rapidly
above about 600 nm, so that G also increases rapidly between about 600 and 800 nm,
and then flattens off until the first water absorption peaks are reached above 900 nm.
There is, however, considerable variation between issues in these optical properties [9]:
e.g. in the 650-800 nm range, in brain tissue (high scattering, low absorption) G is
several times larger than that in liver (high scattering and absorption).
Figure 4 shows, qualitatively, the typical light distribution pattern in highly
scattering tissue for surface. It has been observed for several different tissues and
photosensitizers, that the response has a threshold behavior [10], i.e. that tissue necrosis
occurs only in those regions where the PDT ‘dose’ (e.g. the photosensitizer-light
product) is above some threshold value. Hence, the zone of effect usually follows a
light fluence contour, as long as there is uniform photosensitizer concentration and
oxygenation. This simple description may be complicated by factors such as nonuniform tissue optical properties or variations in the local photosensitizer concentration
or tissue oxygenation.

Figure 4. Schematic of the light fluence rate distribution in homogeneous tissue (Pa~0, Ps=100 cm-1, g=0.9)
for surface irradiation by a narrow beam, calculated by Monte Carlo simulation
(courtesy Dr. S. Jacques, Oregon, USA)

5. Mechanisms of action
Depending on the specific conditions, PDT acts in cells and tissues through a variety of
mechanisms [11]. At the cellular level, if the effective PDT dose is adequate (i.e. the
combination of photosensitizer, light and oxygen generates the necessary threshold
concentration of 1O2 at a relevant and sensitive biological site), then the cells may be
killed, either by necrosis (in which the cells disintegrate in an uncontrolled fashion) or
by apoptosis (programmed cell death, which is a controlled, energy-dependent
process). They also may show reduced ability to proliferate: however, DNA is not
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usually the target for PDT, so that cell death is direct rather than genetic (inhibiting cell
division), unlike ionizing radiation or many chemotherapeutic drugs. In the case of
apoptosis, the initial damage (e.g. to a specific cell membrane) triggers a complex
sequence of molecular signal transduction events that induce the cell to initiate a
‘suicide’ cascade [12]. In PDT of bacterial infections direct photodynamic destruction
of the cell wall is the main objective in order to prevent replication [13].
Figure 5 illustrates mammalian cell survival curves for PDT and the oxygen
dependence of this. As a rule there is not a large variation in PDT response between
different cell types, but there is a large dependence on the photosensitizer, both in the
drug-light doses for a given level of cell kill and in the mechanisms of cell death.
In tissues (in vivo), similar cell death may occur. However, the situation is much more
complex than in cell culture (in vitro), since the local micro-environment can have a
significant impact on the PDT response. In addition, if the photosensitizer is present in
the endothelia cells lining the blood vessels, then these cells can be killed, resulting in
vascular occlusion, cessation of blood flow, thrombus formation and, ultimately,
oxygen/nutrient deprivation leading to tissue destruction. Vascular responses may be
triggered also by death of the other cells in the tissue, which can release factors such as
cytokines. That is, the vascular effects can be secondary to cell death or, conversely,
the cell death can be secondary to vascular shutdown. Other factors that may affect the
final outcome are the ability of the tissues to repair the damage, and the triggering of
immune responses (local or systemic).

SURVIVING FRACTION
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Figure 5. Examples of in vitro mammalian cell survival curves. Left: as a function of exposure time for
different photosensitizer concentrations, and Right: at different oxygen concentrations.

The vast majority of PDT treatments to date have been given as acute, high-dose
treatments. This is in contrast to radiotherapy or chemotherapy, where many small
doses (fractions) are usually given over an extended period. This concept is now being
explored for PDT, in the form of ‘metronomic’ PDT (mPDT), in which both
photosensitizer and light are given in small repeated fractions, or even continuously
over an extended period [14]. The main aim is to kill cells selectively by apoptosis,
thereby reducing damage to normal cells or tissues and avoiding acute inflammatory
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responses that are often seen with high-dose treatments. This will require special means
of drug and light delivery that are now under development.

6. PDT Technologies
6.1. Light Sources and Delivery Systems
There are 3 main categories of ‘hardware’ needed for PDT [3,8,15]: light sources, light
delivery devices and dosimetry instruments. Light sources include lasers, wavelengthfiltered lamps and light emitting diode arrays. In the 1980’s the main laser source used
for clinical PDT was an argon-ion laser pumping a dye laser. While this had the
advantage that the wavelength could be changed easily, the systems were large,
expensive and unreliable in the clinical environment. In the 1990s argon lasers were
replaced by solid-state KTP laser (frequency-doubled Nd:YAG). In turn, these have
now largely been supplanted by diode lasers. Although they only have a single
wavelength, so that a different source is needed for each photosensitizer, diode lasers
are compact, less expensive, easy to operate and have a long lifetime. Typical systems
provide 2-4 W of output power. The main advantage of lasers for PDT is that their
output can be coupled efficiently (>90%) into single optical fibers (with ~400-600 Pm
cores) for endoscopic or interstitial light delivery.

superficial

tumor bed

endoscopic

interstitial

Figure 6. Different irradiation geometries used in PDT of solid tumors. The lower photographs show
treatment of a large skin tumor using multiple interstitial fibers.
(courtesy Dr. S. Andersson-Engels, Lund University, Sweden).
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For surface irradiation (including accessible body cavities such as the mouth or
intra-operatively), lamps or light emitting diodes (LEDs) provide high power density
and total power at lower cost. Since these sources are not monochromatic, they are less
efficient in photoactivation (typically by a factor of about 2 for source bandwidths of
25-30 nm) and this must be taken into account when switching between laser and nonlaser treatments. Figure 6 illustrates different classes of irradiation techniques in PDT.
It is critical for effective and safe treatment that the light is delivered to the
treatment site with its spatial distribution matched to the target tissue volume and
shape. This is achieved, firstly, by selecting the wavelength to match the required depth
of treatment for the given photosensitizer and, secondly, by the various light-delivery
devices illustrated in Figure 7. With optical-fiber delivery, the tip of the fiber may be
modified to produce a cylindrical irradiation volume of any desired length. In most
commercial fibers this is achieved by stripping the cladding and coating the tip wit a
light-scattering material. Recently, an alternative method has been introduced [16] in
which a Bragg grating is written into the fiber (as used in telecommunications for
wavelength multiplexing), such that the light is scattered out of the core along the
treated length. This method allows the light output along the fiber to be selectively nonuniform.

c

b

a

e

f

d
Figure 7. Light sources and delivery devices for clinical PDT. (a,d) diode lasers with fiber-optic delivery,
(b,e) LED arrays: (a) surface irradiation and (e) interstitial irradiation and (c,f) filtered lamps: (c) arc lamp
with light-guide/fiber bundle delivery and (f) bank of fluorescent lamps

It is important to note that PDT light delivery may be either generic, as in the case
of diffusing fibers that can be used for several different types of application, or highly
application-specific, as in the device illustrated in Figure 7 for surface irradiation of the
face and scalp in actinic keratosis.
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6.2. Dosimetry
Defining and measuring the treatment ‘dose’ in PDT can be complex, since it involves
a combination of the local light fluence (and in some cases also the fluence rate), the
local photosensitizer concentration (and possibly micro-localization) and the local
tissue oxygenation. Each of these may be different between patients, even for the same
disease. Furthermore, one or more of these factors may change dynamically during
treatment and in an interdependent way. For example, the local oxygenation may be
depleted by the photochemical process itself. Then, if the photosensitizer is also
photobleached during treatment, the rate of the reaction decreases and the rate of
oxygen consumption falls, while at the same time the light may have increased
penetration in the tissue due to the reduced photosensitizer absorption. Hence, it may
not be sufficient just to measure the treatment factors at the start of treatment, but to
integrate these throughout light irradiation.
There have been several approaches to deal with this complexity. Most clinical
trials to date have been performed with only the administered photosensitizer dose (D0
[mg per kg body weight]) and the applied light energy density (e.g. I0 [Jcm-2] for
surface irradiation) being known. The optimal values of D0 and I0 have then been
determined empirically, typically by escalating one or both parameters and measuring
the clinical outcomes, such as the tumor response and the local or systemic toxicities.
This minimalist approach does not utilize any information on the actual photosensitizer
concentration or the light fluence (average or its distribution) in the target or adjacent
tissue, which may be highly variable from patient to patient or even from lesion to
lesion in the same patient. Hence, large numbers of patients are often required in order
to determine the average response curves as a function of the administered doses, and
the trials and subsequent clinical treatments may result in under- or over-dosing in
individual cases. To some extent the former may be compensated for by the use of
repeat treatments if the response is inadequate, and this has been done for skin tumors.
However, it may not be feasible in the case of more invasive treatments, such as
interstitial or intraoperative PDT. Over-dosing risks damage to adjacent normal tissues
lying within the light field.
Information on the light fluence (rate) on or within tissue during PDT treatment
may be obtained either directly by in situ measurements or estimated from known or
assumed tissue optical properties and given D0 and I0. The former is commonly done
using probes comprising a large-core (~400 Pm) fiber with the tip modified by
attaching a small scattering sphere or coating the last few mm with a scattering material
(essentially a short version of the cylindrical source fibers) in order to make the
response nearly isotropic (independent of the direction of the photons). The other end is
coupled to a photodetector. By calibrating the probe in a light field of known irradiance
and taking into account the fact that the calibration depends on whether the probe tip is
in air or in tissue (due to the refractive index mismatch), the local fluence rate (Wcm-2)
at specific points in/on the tissue can be measured. Typically, the accuracy is about
r10-20%. Multiple probes may be used simultaneously with a multi-channel detector
system, and such an instrument is shown in Figure 8, together with an example of in
vivo measurements [17].
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Figure 8. 4-channel fiberopic light dosimeter (Laboratory for Applied Biophotonics, Ontario Cancer
Institute, Toronto, Canada) and fluence-rate traces during PDT treatment of prostate cancer with 3 probes
placed at different distances from an active interstitial source fiber.

By making measurements of the fluence (rate) at a series of known source-detector
distances in tissue (e.g. by moving the detector fiber along a specific track and
monitoring the position by imaging), it is possible to determine the optical absorption
and scattering properties of the tissue at the PDT treatment wavelength. An example is
shown in Figure 9.

Figure 9. Measurements of the absorption coefficient (Pa), reduced scattering coefficient (P’s) and effective
attenuation coefficient (Peff) of prostate tissue at 762 nm. These plots represent frequency histograms
showing the variation across 10 patients (with locally-recurrent prostate cancer post radiation therapy).

Combining knowledge of the tissue optical properties and a suitable model for
light propagation in tissue (e.g. the diffusion approximation to radiation transport [18]),
it is then possible to generate treatment plans showing the spatial distribution of light
for a given target tissue and surrounding normal structures (often determined by MRI
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or other 3-D radiological imaging techniques) and for a specific set of light sources.
Knowledge or estimates of the other factors, such as the photosensitizer and oxygen
concentration in the tissue, can be incorporated, together with estimates of the PDT
threshold value for the particular drug-tissue combination. These treatment plans can
then be used iteratively to optimize factors, such as (in the example given here) the
number, position and orientation of the interstitial fiber sources and the optical power
delivered to each, by matching the predicted zones of PDT response to the target tissue
shape and volume. The doses to critical adjacent structures can also be estimated to
provide for patient safety. An example of this whole process is shown in Figure 10
[19].

Figure 10. Example of PDT treatment planning. In this case, MRI cross-sectional images of the region of
the prostate gland are used to define the target (prostate) and other structures. A simple case of the light
fluence distribution from a 2-source treatment is shown (courtesy CADMIT Inc., Toronto, Canada)

Photosensitizer dosimetry, i.e. determination of the concentration, C, of the
photosensitizer in the target tissue, is most often accomplished by measuring its
fluorescence [20]. In vivo, this can be either by point fiber-optic spectroscopy or, for
accessible surfaces, by fluorescence imaging. The former is more useful for
quantification of the photosensitizer concentration: for absolute measurements, the
tissue optical properties at both the excitation and emission wavelengths are required in
order to account for the attenuation of the fluorescence signal. For non- or weaklyfluorescent photosensitizers, in vivo absorption spectroscopy can be used, measuring
the spectrum of diffuse transmittance through or reflectance from the tissue. This is
illustrated in Figure 11. These techniques can be used to study pharmacokinetics of the
photosensitizer in blood or tissues, its photobleaching during PDT treatment or changes
in its aggregation state.
Again, in order to make this an absolute measurement, the (reduced) scattering and
intrinsic absorption, or the effective attenuation coefficient of the tissue (Peff = Gt), must
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be known at each wavelength. Then the relationship in eq. 3 can be used to
determine C.
1/G(O) = H(O).C + 1/Gt(O)

(3)

, where H is the photosensitizer extinction coefficient (absorption coefficient per unit
concentration), which is usually known from spectroscopy in solution.
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Figure 11. Fiberoptic-based diffuse transmittance spectroscopy of photosensitizer in vivo at times after
injection. The left curves show the increasing concentration of photosensitizer (solid arrow), with the peak
value plotted against time on the right (dashed arrow indicates start of injection)

The value of C may also be obtained from ex vivo measurements on biopsy or
surgically-resected tissue samples [21]. The tissue is usually solubilized and/or treated
with alcohol or alkali to extract the drug and ensure that it is not aggregated, before
measuring by either fluorescence or absorption spectroscopy. Calibration for absolute
measurement can be done by adding a known amount of photosensitizer before or after
extraction and measuring the change in signal.
The third factor affecting the PDT response is the local oxygen tension, pO2. This
may be measured using interstitially-placed microelectrodes. Alternatively, diffuse
optical spectroscopy, as in Figure 11, may be used in the near-IR range where the
measurement is sensitive to changes in hemoglobin and in the difference in the
absorption spectra between Hb and HbO2. In this case, the blood oxygen saturation,
SO2 (=[HbO2]/{Hb] + [HbO2]}), is determined, which is related to the tissue pO2, albeit
indirectly.
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It should be emphasized that these direct measurements of I, C and/or pO2 (or
SO2) are not used routinely in clinical PDT, although various sub-sets of them have
been used in some trials, in which they have helped both to optimize the protocols and
to interpret the resulting responses and variations thereof. In part the limitation in their
clinical application have been due to lack of expertise in their use and in part to lack of
available commercial clinical instruments.
An alternative to using these 3 parameters is to measure the photosensitizer
phototobeaching as a surrogate measurement of the PDT dose that has been delivered
to the target tissue [22]. At one extreme, if there is complete photobleaching, then there
is no point in continuing light irradiation since there is no active photosensitizer left (at
least in the zone of measurement). At the other extreme, if the drug is known to
photobleach and there is no reduction in its fluorescence or absorption during
treatment, then it is reasonable to conclude that there has been little effective dose
delivered. Interpreting intermediate photobeaching is more complicated, however:
depending on the sensitizer, the photobleaching may not show simple 1st-order kinetics
and may have both oxygen-dependent and independent pathways.
Direct measurement of the singlet oxygen generated during PDT has been of
interest for many years. In principle, this can be achieved by detecting the
luminescence emission of 1O2 at around 1270 nm when it decays back to ground-state
molecular oxygen. This technique is well established in solution studies of
photosensitizers, for example for determining the singlet oxygen quantum yield.
Recently, this has also become feasible in cells and tissues, through the development of
photomultiplier tubes with high near-IR sensitivity and fast response time. The
concentration of 1O2 as a function of time following a short (ns) laser pulse is given by
[1O2](t) = N ı [S0] ĭD

ĲD {exp(-t / ĲT) - exp(-t / ĲD)}

(4)

ĲT - ĲD
, where WT and WD are the photosensitizer triplet and 1O2 lifetimes, respectively. Figure
12 shows the set up for such measurements [23], using time-resolved single-photon
counting of the 1270 nm signal and nearby wavelengths (to correct for the fluorescence
background from the tissue and photosensitizer).
An example of the application of this technique to in vitro photobiology is shown
in Figure 13, where PpIX is located in tumor cells, either in mitochrondria (by ALA
exposure) or in the cell membrane (by direct incubation in PpIX). The response curves,
plotting cell survival as a function of the 1O2 generated, reveal the very strong
dependence on localization, without having to correct for factors such as the unknown
local PpIX concentration and oxygen levels at these sub-cellular sites. Similar utility
has been shown in vivo [24], so that this measurement may be considered as a
dosimetry ‘gold standard’, against which other techniques can be compared or
calibrated, at least for Type II photosensitization.
Singlet oxygen measurements have not yet been demonstrated in patients, although this
is possible in principle, subject to the limitation that the signal is weak so that it will be
difficult to detect using fiber optic probes to collect the luminescence. The possibility
of using a pulsed diode laser as the source, as recently proposed [25], should also make
a clinical system more ergonomic. The most recent advance [26] is to scan the laser
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beam in a raster fashion to produce an image of the 1O2 distribution in tissue, which
should be particularly valuable to understand the effects of tumor heterogeneity on the
PDT response.
high voltage
power supply

PMT

preamp

single photon
counter

PC

filter wheel

high-pass filter
laser

Figure 12. Set-up for direct NIR luminescence measurements in vitro and in vivo, using a high-sensitivity
photomultiplier tube and time-resolved single-photon counting. The 1O2 is produced by a short-pulse laser.
The diffusely scattered light from the tissue is rejected by a filter and then the luminescence signal and
background around 1270 nm are then sampled using a set of narrow band-pass filters.

Surviving Fraction

100

10-1

10-2

10-3

10-4
0

200,000
400,000
600,000
800,000
Cumulative 1O2 Photon Counts

Figure 13. In vitro tumor cell survival as a function of cumulative singlet oxygen generated following
incubation () in ALA for 4 h or (z) in PpIX for 1 h
(data courtesy of Dr. Mark Niedre, Ontario Cancer Institute, Toronto)
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7. Two-Photon PDT
The description of PDT to this point has involved only continuous-wave or quasi-CW
irradiation, where the photosensitizer molecule is activated by a single photon and
undergoes the complete cycle shown in Figure 1 (or equivalent for Type II interactions)
before returning to the ground state where it is again available for activation. Figure 14
illustrates alternative activation schemes in which 2 photons are absorbed in each
activation cycle.
Tn
S1

S1
T1

1O

S0

T1

2

3O

2

S0

Figure 14. Energy diagrams for 2-photon PDT. Left: simultaneous absorption from the photosensitizer
ground state, and Right: sequential 2 photon/2 color activation.

In the first scheme, light of wavelength 2Oo is used (typically in the near-IR) but
the laser pulse is short enough (<~ns) and the power density is high enough that there is
some probability of two photons being absorbed simultaneously to generate the same
singlet state as would be obtained by absorption of a single photon at wavelength Oo.
Thereafter, the photochemistry and photobiology are the same in both cases (e.g. 1O2
generation). There are two potential advantages to this. The first is that the longer
wavelength light should have deeper penetration in tissue. However, the probability (p)
of simultaneous 2-photon absorption is proportional to the square of the local fluence
rate, I2, so that the effective light dose falls with depth, d, in tissue as exp{-2d/G(2O0)}.
This may or may not be faster than the 1-photon dose. which falls as exp{-d/G(O0)},
depending on the relative penetration depths at the two wavelengths. Nevertheless, with
a high enough 2-photon cross-section, this technique could provide a greater depth of
treatment.
The second advantage is that, since pvI2, a focused beam will activate the
photosensitizer only within a diffraction-limited volume in tissue. This concept is
illustrated in Figure 15 for the case of PDT for AMD (age related macular
degeneration/wet form), a leading cause of blindness in the elderly associated with
abnormal growth of blood vessels in the choroid near the region of central vision.
Single-photon PDT is the current standard-of-care for this condition [27], where it has
good efficacy in halting or delaying disease progression, using multiple treatments with
the light administered while the photosensitizer is still in the (neo)vasculature.
Simultaneous 2-photon PDT could potentially reduce the ‘collateral damage’ to
adjacent structures above and below the neovascular target. Implementation of this
technique is under development, using a confocal scanning laser ophthalmoscope with
an ultrafast pulsed laser source, both to image the neovascularization and to deliver the
2-photon treatment light in a raster scan over the resulting identified area of disease.
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Figure 15. Concept of PDT for AMD (choroidal neovascularization).
Left: 1-photon irradiation, showing the double-cone volume of irradiated tissue,
Right: simultaneous 2-photon, showing confinement of the photosensitizer activation to the focal
volume of the laser beam

The second 2-photon scheme in Figure 14 uses two laser pulses of different
wavelength and separated in time. The first pulse generates the S1 state, which then
undergoes intersystem crossing to the triplet T1 state. Before this can exchange energy
with tissue oxygen, a second pulse is delivered at a wavelength where the T1-state
absorption spectrum has a peak. This generates higher-order triplet , Tn, states that may
open up new photochemical pathways. It has been shown [28], at least for simple
model photosensitizers, that this can result in cell killing that is independent of oxygen,
which is of special interest for treating solid tumors since these are often hypoxic.
Considerable development is required to have a clinically viable and affordable laser
system for this approach, as well as photosensitizers that have long (far-red or near-IR)
S1 and T1 absorption spectra to retain good light penetration in tissue.
8. Measuring Tissue Reponses to PDT in vivo
Many different non- or minimally-invasive techniques have been investigated for
measuring the response of tissues to PDT treatment in vivo, either qualitatively or
quantitatively, as summarized in Table 2. To date these techniques have mainly been
applied in preclinical animal model studies, but there are a number of examples in the
literature where some of the methods have been used in patients. Two of the optical
imaging techniques, namely Doppler optical coherence tomography (DOCT) and
bioluminescence imaging (BLI) will be illustrated here.
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Table 2. Techniques Reported for Monitoring Tissue Responses to PDT in vivo

Technique

Biophysical/biological parameter(s)
measured (change in)

Non-optical:
X-ray computed tomography
magnetic resonance imaging

zone of necrosis or (with contrast agent)
vascular destruction

positron emission tomography

cell metabolism (e.g. with
19F- deoxyglucose)

electrical impedance spectroscopy

cell/tissue disruption

ultrasound imaging/high frequency/

zone of necrosis/cellular apoptosis/

microbubble contrast

blood flow

Optical:
laser Doppler spectroscopy/imaging

volume-averaged blood flow

Doppler optical coherence tomography

microvascularity and blood flow

Near-IR diffuse optical spectroscopy

tissue blood content, SO2

bioluminescence imaging

cell viability or specific gene expression

fluorescent protein imaging

specific gene expression

tissue autofluorescence

cell viability
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8.1. Optical coherence Tomography
OCT provides high-resolution, cross-sectional, sub-surface images of tissue (see the
chapter by V. Tuchin in this volume.) OCT is the optical analogue of high frequency
ultrasound. However, the velocity of light is so high that direct echo timing is
impracticable, so that OCT uses interferometry with a short coherence-length light
source that is singly-backscattered by optical micro-heterogeneities at varying depths in
tissue, as illustrated in Figure 16. The axial (depth) resolution is proportional to the
coherence length of the light source (inversely on the bandwidth). Images can also be
made of blood flow in (micro)vessels, commonly referred to as Doppler OCT (DOCT),
although this is a misnomer since the frequency (wavelength) shift due to movement is
not measured, but rather the changes in relative phases of successive signals taken
along the same depth profile.

Figure 16. Principle of OCT imaging showing the interference signal from a laser source and a short
coherence-length (broad band) source as the reference mirror is scanned (Left) and fiber-optic
implementation (Right) in which a 3dB fiber coupler serves the same purpose as the 50:50 beam splitter in
the open-beam configuration.

Figure 17 shows the use of DOCT to monitor PDT-induced changes in
(microvascular tumor blood flow), illustrating the ability to detect and quantify the
tissue-dependent effects of different photosensitizers with different tissue localization
and, hence, mechanisms of action. Technical developments have enabled this imaging
method to be implemented endoscopically and, recently, also interstitially.
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Figure 17. Doppler OCT monitoring of tumor responses to PDT. Top: structural (upper) and microvascular
(lower) images following PDT in one tumor model. The shutdown in microvasculature can be seen, even
although there is little change in the structural images. Bottom: average fractional blood volume above a
fixed threshold velocity in 2 different tumor models during and after Photofrin-PDT. Left: melanoma. Right:
gliosarcoma, showing the different microvascular kinetics of different tumor types for the same sensitizer
(data courtesy of Dr. V. Yang and colleagues, Ontario Cancer Institute, Toronto, Canada)

8.2. Bioluminescence Imaging
In BLI, the target cells of interest (e.g. tumor or bacteria) are first transfected with the
luciferase (firefly) gene that is incorporated into the cell’s genome and replicated upon
cell division. When the substrate luciferase is then administered to the tumor or
pathogen-bearing animal, the bioluminescence reactions take place:
Luciferase + Luciferin + ATP + Mg  Luciferase x Luciferin - AMP + Ppi
Luciferase x Luciferin - AMP + O2 o Luciferase x Oxyluciferin+ + AMP + CO2
Luciferase x Oxyluciferin+ o Luciferase x Oxyluciferin + Light

, where AMP = adenosine monophosphate and Ppi = pyrophosphate. This resulting
emitted light can then be detected by a high-sensitivity (intensified CCD) camera, with
the animal placed in a light-tight box, as illustrated in Figure 18, to produce an image
of the transfected cells. This can be repeated multiple times in the same animal, since
the luciferin is cleared or consumed rapidly (typically <~ 1h). If then PDT treatment is
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given, the cells that are killed or metabolically disrupted have no or reduced
luminescence emission, so that the treatment response is seen as a reduction in the local
bioluminescence signal. An extension of this is to combine the luciferase gene with a
gene of interest, such as a stress gene that is upregulated in response to PDT. Then,
upon PDT treatment this gene is expressed, promoting the luciferase gene expression,
resulting in an increase in bioluminescence, as shown in Figure 18. In this way, BLI
acts as a reporter for very specific molecular events in response to PDT.

-24h

+4h

+24h

+48h

Figure 18. Left: instrument for bioluminescence imaging, showing the high-sensitivity CCD mounted on a
light-tight box in which the animal is placed (Xenogen Corp, USA). Right: example of change in BLI in rat
brain tumor following PDT, where the tumor cells were transfected with the luciferase gene under the control
of a gene (HIF-1) that was upregulated in response to PDT-induced stress.
(Data courtesy of E. Moriyama, Ontario Cancer Institute, Toronto, Canada and UNIVAP, Brazil)

9. Clinical Applications
Since the focus of this chapter is on the basic science and technology of PDT,
particularly the photonic aspects, we will here summarize only very briefly the range of
clinical applications of PDT. More extensive reviews may be found in references
[2,3,5].
As mentioned in the historical section above, PDT was first developed for
treatment of solid tumors, and this continues as one of its main applications. PDT with
the photosensitizers hematorphyrin derivative (Photofrin®, Axcan, Canada) and (in
Europe) mTHPc (Foscan®, Biolitec Pharma, U.K.) has been approved for various
stages of tumor in hollow organs, including the esophagus, lung and bladder (with
endoscopic delivery of the light) and for head & neck tumors. Recently, Photofrin-PDT
has also been approved for treatment of Barrett’s esophagus (with dysplasia), a
condition in which the mucosal lining of the esophagus is transformed (due to chronic
acid reflux), placing these patients at high risk to develop pre-malignant dysplasia and
progressing to cancer. In this case an inflatable balloon is placed into the esophagus
through the instrument channel of an endoscope. This helps center a diffusing-tip
optical fiber that is then placed within the balloon.
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For other endoscopic applications, the irradiation may be onto the tumor surface
using a forward directed fiber, by placing the fiber tip interstitially into the tumor mass,
or (for bladder) by irradiating the whole tissue surface. In the last case, it is important
to note that, since the bladder acts as an ‘integrating sphere’, the actual surface
irradiance may be several times higher than the irradiance from the primary beam.
Other, easily-accessible tumors and pre-malignant lesions (e.g. skin, oral cavity)
have also been treated by PDT, using a variety of light sources and delivery techniques.
The exception to date has been melanoma, where the high level of melanin makes the
penetration of visible light very poor. Work is in progress with either near-IR activated
photsensitizers or 2-photon PDT to try to overcome this limitation. Other skin
conditions that have been investigated include actinic keratosis (sun damaged skin,
usually of the face and scalp), which uses topically-applied ALA-PpIX (Levulan®,
DUSA Pharma, USA) and blue-light irradiation (as in Figure 7), and psoriasis (as an
alternative to the standard PUVA treatment using the oral sensitizer psoralen and UVA light).
A conceptually different approach in oncology has been to use PDT following
surgical resection of bulk tumor, in order to destroy any (unseen or unresectable)
residual tumor. This has been developed to date particularly in the brain, but may be
generally applicable.
Over the past decade or so, PDT has been developed and approved for treatment of
age-related macular degeneration (AMD-wet form), as mentioned above in the context
of 2-photon PDT. Since the idea is to close down the choroidal neovasculature and so
prevent further progression of the disease, the light is applied while the photosensitizer
(benzoporphyrin derivative, Visudyne®, QLT, Canada) is still in the blood vessels.
The indications above represent the conditions for which PDT as received
governmental approvals. In addition, clinical trials have been reported or are in
progress for PDT (with intravascular fiber-optic light delivery) to inhibit re-growth of
smooth muscle cells in arteries after angioplasty (removal of atherosclerotic plaque)
and to reduce local bacterial infection (e.g. of chronic wounds or chronic gum disease).
In the case of infection, the PDT is targeted to kill the ‘pathogenic’ bacteria by
destroying the cell wall
All of the above applications involve applying the photosensitizer and the light
‘in situ’, i.e. to specific tissues in the patient. PDT has also been investigated for
‘ex vivo’ applications, including purging of blood used for transfusion by inactivating
viruses without unacceptable killing of normal blood cells.

10. Photodynamic Diagnostics

Finally, over the past 20 years during which PDT has been developed as a therapeutic
modality, there has been parallel development of photodynamic diagnostics (PDD),
exploiting the fluorescence of many PDT sensitizers (29). While it is desirable for
effective PDT to have high 1O2 quantum efficiency and, hence, high S1oT1
intersystem crossing, it is also very useful to have a small amount of S1oS0 radiative
decay. In the context of PDT, photosensitizer fluorescence (point spectroscopy or
imaging) can be used to follow the distribution of photosensitizer and (see above) as
part of PDT dosimetry and monitoring. It may also be used as a stand-alone modality
for tumor detection and to define tumor margins prior to or during surgery
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(fluorescence-guided resection). Figure 19 shows an example of the latter, using the
fluorescence from ALA-induced PpIX.

Figure 19. Rigid endoscopic instrument for fluorescence-guided surgery, showing the 3-chip CCD
camera (Left) and the instrument in use during prostate surgery (Right)
(courtesy A. Bogaards and Dr. J. Trachtenberg, University Health Network, Toronto, Canada)

PDD is, of course, only a subset of the larger field of fluorescence-based
diagnostics (as reviewed in reference [30], in which either exogenous fluorophores
(including PDT agents) may be used or the natural (endogenous) fluorescence of
tissues can be detected. For the former, there is ongoing work in the development of
fluorescence ‘contrast agents’ that are targeted to specific diseased tissues. The
fluorophores used include both organic dyes and, recently, nanoparticles such as
quantum dots (although these have not yet been reported clinically), while targeting
agents to which the fluorophores are attached include antibodies and peptides. In turn,
fluorescence-based diagnostics are examples of optical diagnostics, which may utilize
different light-tissue interactions, such as absorption, elastic scattering and inelastic
scattering. Many of these, sometimes in combination with non-optical methods,
provide valuable information to optimize PDT delivery and response monitoring, as
illustrated above. Indeed, there has been remarkable synergy between the development
pf PDT and these optical diagnostic techniques, and this is likely to continue as the
level of sophistication and the range of applications grow.
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Abstract. We present an overview of the research program of the Center for
Biophotonics Science and Technology (CBST), which is headquartered at the
University of California at Davis. We define biophotonics as the application of
photonic technologies and their related scientific methods to medicine and the
biosciences. Our Center focuses on three grand-challenge-driven science and
technology themes: 1) advanced bioimaging, 2) molecular and cellular
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biophotonics and 3) medical biophotonics. Examples of research within the
advanced bioimaging theme include the development of structured illumination
microscopy as a means to push image resolution up to five times the diffractionlimit, and ultra short pulse x-ray diffraction imaging to characterize single
biomolecules. The molecular and cellular theme projects use biophotonic
techniques to investigate fundamental biological mechanisms (including those that
relate to the pathogenesis of atherosclerosis and cardiovascular disease), the
photophysical behavior of phytochromes (fluorescent plant proteins), and the
molecular mechanisms of DNA damage recognition and repair. In the medical
theme area, we are developing applications for hyperspectral microscopy, optical
biopsy methods and laser-activated shape memory polymers in image-guided
surgery, cancer detection and vascular therapy, respectively. The Center actively
supports and advocates the development of multidisciplinary research teams and
areas of common technology development in all of its theme projects.

Introduction
The NSF Center for Biophotonics Science and Technology commenced operations in
August 2002.
Its research and technology participants include UC-Davis
(Headquarters), UC-San Francisco, UC-Berkeley, Stanford University, Lawrence
Livermore National Laboratory, Mills College, Fisk University and UT-San Antonio.
Some of its education partners include the Technical Vocational Institute of
Albuquerque NM, St. Hope and Center High Schools in the Sacramento, the Lawrence
Hall of Science, the Lawrence Livermore National Laboratory’s Edward Teller
Education Consortium (ETEC) and 4H education programs of California. Industry
Affiliates currently include GE HealthCare, Johnson’s & Johnson’s Biosense, Webster,
Xenogen, LifeWave, Bioluminate, Sierra Interventions, Ocean Optics, Technology
Ventures Corporation, the Sacramento Angels and Sutter Instrument Company. The
Center is comprised of more than 100 professors, senior researchers and students. It is
also formally affiliated with other institutions such as the Canadian Institute of
Photonic Innovations (CIPI), Photonics Research Ontario, National Yang Ming
University, the University of Melbourne, the Chinese University of Hong Kong, as
well as the Technische Hochschule in Berlin.
The mission of the Center is to apply photonics-based technologies and expertise
to important needs in the biosciences and medicine. As examples consider some of the
“grand challenges” of those fields: in vitro cellular imaging at the molecular level of
resolution, development of non-invasive medical diagnostics and therapies, surgery at
the cellular level of precision.
The Center came into existence in response to a published need for such an
enterprise. In their 1998 report, “Harnessing Light-Optical Science and Engineering
for the 21st Century”, the U.S. National Research Council (NRC) discussed the current
utilization of laser technology for basic medical diagnostic and therapeutic applications,
and pointed to the relative lack of translation of laboratory benchtop research into
technology to improve or enable non-invasive clinical diagnostic measurements (i.e.
blood gas/chemistry, serum markers, glucose monitoring, pharmacokinetics, etc.) The
NRC strongly recommended initiatives to assemble expert, multi-disciplinary teams
comprised of physical and life scientists, engineers and physicians to (1) elucidate the
mechanisms of transport and interaction of photons in biomaterials, (2) identify critical
areas where photonics could significantly impact biomedical research and clinical
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medicine and (3) exploit these opportunities by developing the appropriate photonic
technology (e.g., light sources, detectors or imaging systems) and/or methodology.
The NRC also recommended government funding and resources to support these
initiatives and to promote multi-disciplinary, multi-institutional research as a new
paradigm.
The Center for Biophotonics, Science and Technology (CBST) was not only
conceived in response to the NRC recommendations, but also to a perceived need
among the leading academic and research institutions in the San Francisco Bay Area
and abroad for a consolidated and more concerted effort to address a host of emerging
grand challenges in biomedicine. The primary goal of the Center is to advance
biomedicine and photonics engineering, by focusing its intellectual, scientific,
educational and industrial outreach efforts on the rapid and directed development of
biophotonic technology.
The importance of biophotonics as an interdisciplinary science cannot be
overemphasized. Our Center enjoys the participation from the physical sciences,
engineering, biosciences and research medicine. We focus on particular needs in the
biosciences and medicine, but do so by forming multi-disciplinary teams that create
solutions to problems in an interdisciplinary fashion. For example, if a research
physician says she/he needs a technology to enable disease detection by imaging or
probing tissue, we put together a team involving the physician, but also including
optical scientists and engineers as well as molecular and cellular biologists. Together,
they refine the definition of the problem and educate each other as to the possible
existing or developable technologies that could be deployed to assist the physician in
the critical diagnosis and even the guidance of the therapy. Major emphases in CBST
now include a strong focus on advanced bioimaging technologies, molecular and
cellular research, and medical devices. Our education program emphasizes the training
of K-6, high school, undergraduate and graduate students, as well as technical
vocational students. Our knowledge-transfer program engages 23 separate corporate
partners, arranges for CBST participation in meetings of science and engineering
societies, and sets up new corporate partnerships or helps participating faculty or
students with intellectual property and other needs that enable commercialization of
technology or even starting a company.
The research section of CBST is organized around 3 scientific theme areas and
consists of 9 major projects and 17 developmental projects. Developmental projects are
initially staged to explore new ideas or concepts, or to form new collaborations. Major
projects are larger, highly-collaborative, multi-institutional projects that demonstrate
significant results. All of the major projects are potentially able to produce high impact
outcomes and evolve into lasting legacies for the Center. The 3 scientific theme areas –
Bioimaging, Molecular and Cellular Biophotonics, and Medical Biophotonics – are
now described.

1. Bioimaging
Since the invention of light microscopy, bioimaging has stood at the intersection of
biological and physical sciences, epitomizing a fundamental goal of CBST to facilitate
interdisciplinary research, in which physical scientists work shoulder-to-shoulder with
biological and medical scientists. The general goal of the Bioimaging Theme Area is to
develop new biophotonics-based imaging tools for the life sciences that will enable
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imaging at spatial scales extending from the size of sub-cellular structures to single
macromolecules. The first of our major projects in this area uses visible-light moiré
techniques, combined with novel fluorescent probes and mathematical reconstruction,
to obtain resolutions well beyond the classical diffraction limit. Visible light
microscopy continues to provide one of the only methods of viewing dynamic cellular
processes in living system in 3 dimensions; however, the limit of optical resolution
(typically ~250 nm) falls short of that required to visualize most subcellular structures.
We will describe in greater detail how the project seeks to bridge this gap by
introducing new techniques that could greatly improve the resolution of optical
microscopy.
Another major CBST project will use the Linac Coherent Light Source (LCLS)
free-electron X-ray laser being built at the Stanford Linear Accelerator Center to
produce diffraction images of individual biomolecules. The project focuses on
developing the necessary algorithms to derive structural information from the
diffraction patterns of single molecules. This effort has also resulted in a novel
technique for X-ray diffraction imaging at improved resolutions compared to lens
based methods. A second aspect of this project is to use a polarized laser beam to align
individual molecules. This will greatly reduce the complexity of LCLS reconstructions
and may also lead to “serial crystallography” methods for obtaining high-resolution
(single-particle or single-molecule) biological imaging using existing synchrotron
sources.

1.1. Ultra-High Resolution Optical Microscopy
This group is developing methods of light microscopy with greatly improved spatial
resolutions, based on “structured light” illumination combined with nonlinear
phenomena. In contrast to traditional microscopy which is diffraction-limited, this
novel method in principle has no resolution limit, save for signal-to-noise
considerations. We are investigating the feasibility of using photo-switchable proteins
to generate the nonlinear phenomena, which could enable nanoscale microscopy with
gene-based optical probes in living cells. We have already achieved 50 nm resolution
using a variation of this technique, known as saturated structured illumination
microscopy [1].
Structured illumination microscopy works by introducing a spatially-varying
pattern (such as a linear sine wave) into the intensity of excitation light [2]. This
patterned light interacts with fine structures (contained in a cell, for example) to
produce moiré fringes in the acquired microscope image. The fringes effectively
encode high-resolution information, which can be computationally extracted from the
raw data, yielding a reconstructed image with twice the conventional (e.g., diffractionlimited) resolution.
Structured illumination yields an increase in resolution that is directly proportional
to the “tightness” (or spatial frequency) of the illumination pattern. The maximal
increase is normally a factor of two, since diffraction limits how tightly a pattern can be
created with light. Nonlinear phenomena, however, can be utilized to introduce
harmonics with arbitrarily high frequencies into the effective pattern, allowing for
much larger increases in resolution.
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Figure 1. High spatial frequencies in the sample normally not visible in a microscope can be shifted to
lower frequencies that are visible via the moiré effect as shown in A. Using digital image recording,
multiple images with the striped illumination pattern at different angles and phases are then mathematically
manipulated to produce a reconstructed image with resolution beyond that obtained with diffraction limited
microscopy. For comparison, B shows fluorophore-filled 50 nm diameter spheres on a microscope slide
imaged using conventional microscopy (250 nm resolution), while C shows the same sample imaged using
linear structured illumination and D shows an image of the sample with non-linear structured illumination
(46 nm resolution). From Gustafsson et al. [1].

Using saturated structured illumination, the nonlinearity stems from saturation of
the excited state of fluorescent molecules: once the illumination intensity is sufficient
to excite most of the molecules, further increases in illumination intensity cannot yield
corresponding increases in fluorescent emission. With this scheme, we have shown a
point resolution of 50 nm, a further factor of two beyond what is achievable with
normal, linear structured illumination microscopy.
Another class of nonlinear phenomena now seems even more promising. These
involve “photo-switchable” molecules whose fluorescence can be reversibly turned on
and off by exposure to different wavelengths of light. Several such molecules are
known [3,4]. Intriguingly, some of the most promising are proteins [5] related to green
fluorescent protein (GFP). GFP has revolutionized cell biology research with its use as
a genetically-encodable fluorescent marker. The advent of switchable fluorophores
holds the promise of bringing the power of gene-based probes into a new realm of
nanoscale spatial resolution. If realized, this would have a substantial impact on cell
biology.
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1.2. Single Molecule Diffraction
Virtually all the known information about the molecular structure of biomolecules has
been obtained by X-ray crystallography. Unfortunately, only 2% of the human
proteome structures have been determined, largely because of the extreme difficulty in
producing high quality crystals. Also, there is often a question of the structural fidelity
of crystallized proteins compared to their native state. It was suggested by J. Hajdu [6]
that an X-ray source of sufficient brightness and with a sufficiently short pulse could be
used to produce a diffraction pattern from a single molecule before it is destroyed by
the more numerous absorbed X-rays. The required brightness of ~1033 photons per
(s.mm2.mrad.) at 0.1% bandwidth, X-ray energy of 5 keV, and pulse widths of 10
femtoseconds (fs) are expected to be achieved by the LCLS 4th generation X-ray
source, planned to be in operation by 2009. CBST is supporting efforts by researchers
at LLNL, UCD and LBNL to develop algorithms capable of reconstructing an object
from often noisy and incomplete diffraction data.
Initial work has been with model systems consisting of non-regular 3D
arrangements of 50 nm gold spheres illuminated using 1.6 nm synchrotron radiation.
New algorithms have been developed that, for the first time, are able to reconstruct
high-resolution images directly from the recorded diffraction patterns. The resolutions
(~10 nm) using this form of lens-less imaging are not limited by the quality of the lens
as in traditional approaches (e.g. zone plate imaging).
Another approach to single molecule imaging is also being pursued in
collaboration with researchers at Arizona State University and LBNL. Here, intense
polarized laser light is being used to orient single biomolecules. This work will benefit
the LCLS-based diffraction scheme but may lead to a new near-term approach, called
“serial crystallography”, that is also capable of making diffraction measurements
without the need for crystals. This uses an established method [7,8] to produce a stream
of ice pellets, each containing an identical biomolecule (or larger particle, such as a
single virus). The molecules are then laser aligned and allowed to pass through a
synchrotron beam, one-at-a-time. X-rays diffracted from the individual molecules are
collected and, after contributions from ~104 molecules have accumulated, a diffraction
pattern with sufficient signal-to-noise to make structure determinations will have been
acquired.
SEM image of 3D pyramid test
object

QuickTime™ and a
MPEG-4 Video decompressor
are needed to see this picture.

QuickTime™ and a
TIFF decompressor
are needed to see this picture.
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B

C

Figure 2. The scanning electron micrograph of a 3D object consisting of a non-regular distribution of 50 nm
diameter gold nanospheres on a 2.5 micron silicon nitride membrane pyramid (A) was placed in a 1.6 nm
wavelength synchrotron beam at the LBNL Advance Light Source. Diffraction patterns were collected at
angles in the range +70o to –70o (B) and were then used with the “Shrinkwrap” algorithm to reconstruct the
object (C), thus demonstrating lens-less diffraction imaging without the need for additional information about
the object
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1.3. Other Projects
The two developmental projects in this theme area include a project to demonstrate
cellular X-ray imaging using a compact x-ray laser system. A second project explores
applications of coherent ant-Stokes Raman scattering (CARS) microscopy, such as
analysis of individual tri-glyceride rich lipoproteins, leukemic B and T cells and drug
monitoring in individual cells.

2. Molecular and Cellular Biophotonics
In this theme area, biophotonics techniques are used to investigate fundamental
mechanisms of selected biological systems, including those which relate to the
pathogenesis of atherosclerosis and cardiovascular disease, the photophysical behavior
of phytochromes (fluorescent plant proteins) and the mechanisms of DNA damage
recognition and repair. A wide variety of both traditional and novel biophotonics tools
and techniques are used to facilitate these studies. These include: video microscopy;
single molecule, conventional, near-infrared (NIR) and fluorescence confocal
microscopy; ellipsometry; membrane UV lithography; Fourier transform infrared
(FTIR) spectroscopy; fluorescence cell sorting; laser trapping and laser trapping Raman
spectroscopy; photon anti-bunching; florescence resonance energy transfer (FRET);
recovery after photobleaching (FRAP), total internal reflection fluorescence (TIRF)
imaging; and fluorescence correlation spectroscopy (FCS).

2.1. Developing a Cellular/Molecular Model for Atherosclerosis
Atherosclerosis and cardiovascular disease remains a primary cause of mortality in the
United States and in other industrialized nations. The general link to diet and
cholesterol has been well established:
1. The fat absorbed after the ingestion of a meal is transported in the blood by
specialized biochemical assemblies called lipoproteins. The actual protein component
of these complexes are called apolipoproteins, which have charged groups directed
outward, so that lipoprotein particles can remain soluble in the bloodstream.
2. Repeated exposure to elevated concentrations of triglyceride-rich lipoproteins
(TGRLs, which are enriched in cholesterol) leads to fatty deposits in the inner surface
of arteries, as well as biochemical and physiological changes to the membrane of
endothelial cells.
3. These changes, along with possible interactions with TGRLs, facilitate the
recruitment of immune cells (specifically, monocytes) and the activation of the
inflammatory response.
4. This inflammation ultimately leads to the formation of an atherosclerotic plaque.
On the cellular level, the initiation of atherosclerosis mainly involves the
interactions between TGRL particles, vascular endothelial cells and monocytes.
However, the biological system becomes significantly more complex at the molecular
level and is not easily reduced. Three research groups have formed a collaboration
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within CBST and have identified three focus areas within this process, for which they
have developed shareable biophotonic technologies and platforms to enable and
facilitate further research.

Figure 3. Supported artificial bilayer membranes are patterned using wet UV lithography to form regular
arrays of corrals for binding measurements, producing artificial lipid rafts, containing membrane fragments
from live cells in a native environment, and other applications. To demonstrate label-free monitoring of
binding events by ellipsometry imaging, patterned membranes were prepared with Gm1 within the corrals
(A). After incubation with cholera toxin bacteria (CTB), ellipsometry imaging shows (B) monolayer binding
specifically with Gm1

The first focus area investigates (at the molecular level) the causes and
consequences of the direct interaction between lipoproteins and the membrane of
vascular endothelial cells. This information will help lead to the establishment of a
model for vascular injury by repetitive exposure to TGRLs. A key issue involves
understanding the conformational structure of the apolipoprotein(s), which changes
during the course of lipidation and mediates the binding of TGRL remnants to the
endothelial cell membrane. Together with collaborators at LLNL, a UCD group has
demonstrated distinct Raman spectra from optically-trapped TGRL particles which
correlate to the different metabolic states which follow the ingestion of a meal. We are
also using attenuated total reflectance Fourier (ATR-FTIR) vibrational spectroscopy to
characterize the conformational structure of two apolipoproteins, ApoE3 and ApoE4,
under various states of fat uptake. To establish the phenotype of endothelial cells and
vascular reactivity in response to ApoE3 and ApoE4, a novel platform using UV
photolithography on supported membrane bilayers has been developed to demonstrate
that TGRL targets cholesterol-rich lipid rafts both within native endothelial cell and
synthetic model membranes. This is illustrated in Figure 3.
The second focus area explores the recruitment and attachment of immune
monocytes to the TGRL-activated endothelial cell surface. In order to establish the
biomechanical properties of the “adhesive” phenotype and the membrane-interaction
between the endothelial cells and monocytes, a novel MEMS-based microfluidic
platform has been developed to mimic the vascular surface. This platform is amenable
to confocal and other advanced microscopic techniques and has been used to
demonstrate the upregulation of VCAM-1 (a cell adhesion molecule expressed on the
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surface of endothelial cells) to form an “inflammatory synapse” or interface, which
triggers leukocyte activity. Once a baseline has been established, the platform can also
be used (together with synthetic or exogenous ApoE3 and ApoE4) to determine the
effects that these molecules have in regulating cell-to-cell adhesion.
The third focus area will investigate the events occurring on the endothelial cell
membrane itself, specifically the formation and the components of the “synapse”
between the TGRL-activated endothelial cells and the immune cells recruited to trigger
the inflammatory response. Again, using the novel platform for patterned membrane
bilayers with advanced microscopy, we plan to determine which assortment of
individual membrane-bound molecules, like phospholipase A2 (PLA2) and ß1,2
integrins, play an active role in facilitating downstream events, such as the migration of
monocytes through the endothelial layer into the arterial wall.
By dissecting the molecular and cellular processes that lead to atherosclerosis, we
hope to provide valuable information (as well as provide new tools and platforms)
which can lead to new diagnostic and therapeutic strategies. This joint project
represents one of the largest and most significant collaborations to form within CBST
to date. We view this as a model for developing a multi-focal, multidisciplinary teamapproach to a complex interdisciplinary biomedical problem. With success, we expect
that a comprehensive molecular model for atherosclerosis, along with novel tools and
platforms, will constitute an important accomplishment for the Center.

2.2. Phytochrome Engineering in Living Cells
The jellyfish green fluorescent protein (GFP) has revolutionized cell biological studies,
allowing for the visualization of proteins dynamics in real-time within living cells. The
GFP gene can be fused to a gene of interest to act as a fluorescent reporter.
Applications for the GFP family include the investigation of protein-protein
interactions, spatial and temporal expression patterns, and sub-cellular localization.
GFPs have also been used to label organelles, to image pH and calcium fluxes, to
measure post-translational modification of engineered peptides and to test targeting
peptides.
Directed evolution has also been used to engineer an array of color variants which
absorb in the blue, cyan, or yellow region of the light spectrum. Despite the multiple
engineering efforts to date, true red or near infrared (NIR) emitting GFP variants have
yet to be isolated. The orange fluorescent protein DsRed (excitation maximum 558 nm,
and emission maximum 583 nm), isolated from the coral genus Discosoma, has
recently sparked a great deal of interest due to its longer wavelength emission
properties. DsRed’s propensity to tetramerize and the need for a long incubation period
to reach steady-state fluorescence levels have prompted extensive engineering efforts
to assuage these problems. Owing to the optical window of animal tissue to NIR light,
genetically encoded NIR-emitting probes are highly desirable.
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Figure 4. White light microscope images of cells transfected with GFP (A) show GFP fluorescence when
observed with a fluorescent microscope (C) but with no fluorescence at the longer wavelength where
phytochrome fluorescence is observed. White light microscope images (B) of cells that express both GFP and
phytochrome proteins show equivalent images of GFP fluorescence (D) and phytochrome fluorescence (F).

In work led by the UC-Davis group, directed evolution of cyanobacterial
phytochrome, a non-fluorescent red/far-red light absorbing photoreceptor, has been
successfully used to identify an intensely red fluorescent mutant Phytofluor Red 1
(PR1), documenting the glowing potential of a new class of phytochrome-derived
fluorophore for intracellular analysis. Ongoing research involves 1) characterizing the
biophysical properties of PR1 and the properties of subsequent generations of PR1derived phytofluors, 2) engineering new phytofluor variants by directed evolution, and
3) constructing PR1-target protein fusions for applications in live cells.
The long-term goal of this project is to establish the feasibility and applicability of
phytofluors as in vivo fluorescent probes. We also plan to investigate the development
of switchable proteins for applications in the structured illumination approach to ultrahigh resolution microscopy described above.
2.3 Optical Studies of DNA Damage Recognition and Repair
DNA damage, whether by natural or man-made causes, is estimated to occur in up to
20,000 different locations of the genome in every cell of the human body every single
day. Fortunately, cells have a built-in mechanism for automatically detecting and
repairing this damage. The molecular machinery is understandably complex, but
determining the factors that regulate this process could lead to new strategies and
approaches to certain genetic diseases, cancer and aging. CBST researchers are
developing new techniques (such as photon anti-bunching), which are designed around
methods of imaging single molecules in order to observe and study the assembly of
DNA-binding protein complexes onto single strands of DNA.
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2.4. Other Projects
Additional projects in this theme area include Raman measurements of ant-freeze
protein, optical measurements of protein folding and collapse, surfaced enhanced
Raman scattering (SERS) nanoparticle sensors (see the chapter Talley et al) for intracellular measurements, and photocatalytic nanolithography for molecular scale
patterning.

3. Medical Biophotonics
As modern medicine continues to evolve towards a quantitative and molecular-based
science, we believe that light and optical methods will play an increasingly important
role in advanced medical technology. Already, lasers are extensively used in surgery,
as is photodynamic therapy (PDT) to treat macular degeneration and certain forms of
cancer (see chapter by B.C. Wilson). Light-activated interventional tools are being
developed to treat stroke and other vascular disorders. Tissue spectroscopy, both in
vitro and in vivo, is proving to be a powerful analytical tool for optical biopsies and
minimally- or non-invasive measurements. While applications for biophotonic science
and technology can be found in nearly all aspects of clinical medicine, the Center is
investing a significant portion of its resources to the development of biophotonic
technology in the areas of neuroscience, cancer and cardiovascular medicine.
Each project in this theme area addresses the need to improve existing tools or to
develop new diagnostics or treatments for medicine and biotechnology. CBST is
especially well positioned for this task because of its proximity and association with the
UC-Davis Medical Center, Cancer Center and Institute of Vascular Medicine. The
following are representative examples of the major medical projects.
3.1. Optical Treatment of Epilepsy
This work is led by researchers at UC-Davis in collaboration with the University of
Toronto. The observation made by the UC-Davis group that the photodynamic therapy
agent ALA (aminolevulinic acid) is preferentially taken up by epileptic cells compared
to normal cells and, thus, produces elevated concentrations of the strongly fluorescent
compound protoporphyrin IX (PpIX), making these cells optically distinguishable
under the appropriate illumination conditions. Direct observation of epileptic cells in
this way could lead to a valuable adjunct to the surgical resection of epileptic cells.
Moreover, PpIX when irradiated with 630 nm light is known to produce singlet oxygen
in sufficient concentration to be lethal to the cell. Thus, the method would have a
therapeutic potential that might dramatically improve the treatment of epilepsy and
may even lead to the development of minimally-invasive procedures. CBST
researchers are studying the mechanisms of ALA uptake by epileptic cells using animal
models and cultured cells prior to planned human trials.
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Figure 5. Cross-sectional microscope images (20X) of hypothesized PpIX fluorescence in rat hippocampus.
When compared to control (A), the seizure focus (B) in a rat kindling model of epilepsy shows a dramatic
increase in fluorescence at 635 nm using 400 nm excitation light.

3.2. Laser-Trapping Raman Spectroscopy
This project uses spontaneous microRaman spectroscopy on laser-trapped single cells
to differentiate leukemic from normal cells (see the chapters by Chan et al. and Lane et
al. for details). The experimental system consists of a confocal microscope that focuses
30 mW of 633 nm laser light into the sample. This intensity is sufficient to trap single
cells within the solution. Some of the trapping laser light is Raman scattered (inelastic
scattering) and, when collected and analyzed, produces a complex spectrum that
contains information about the biochemical components of the cell. It has been
discovered that anomalous amounts of DNA and associated proteins are indicators of
leukemic B and T cells, as illustrated in Figure 6. It is expected that this finding will
lead to improved treatment of this disease.

Figure 6. Left: average Raman spectra from 16 normal T-cells and 16 Jurkat cells with the difference
spectrum shown underneath. Right: the use of principal component analysis to identify distinct Raman
features that distinguish these cell types.

3.3. Measurement of Flow and Temperature Near SMP Devices
CBST is participating in the development of vascular interventional devices made from
shape memory polymer (SMP) materials. These materials have one shape until heated
above a transition temperature, at which point they take on a second shape. Devices for
removing blood clots, deploying vascular stents and activating aneurysm-filling foams,
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are being made from these materials. These devices are delivered intravascularly and
activated by light from a fiber-optic cable contained within a catheter. CBST is
currently supporting a project to use flow visualization techniques and spatiallyresolved temperature measurements, combined with fluid and heat flow simulations, as
demonstrated in Figure 7, to quantify and understand fluid and temperature effects
caused by these devices. It has been found to be essential to understand the
photophysical interactions of the devices with the surrounding environment in order to
advance the acceptance of these devices in the medical community.

Figure 7. Simulated temperature distribution of the arterial surface during the SMP foam deployment (top).
The color contours represent the temperature in qC above body temperature. Measured particle streak-line
image of the flow within a model aneurysm dome (bottom).
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3.4. Synthesized Substrate-Reporter Complexes for Drug Screening and Disease
Diagnosis
A project lead by the Stanford group within CBST has been developing
applications of bioluminescence in mammalian cells using the ATP-hydrolysis of
luciferin by the enzyme firefly luciferase. Luciferin is a small, non-polar molecule
capable of crossing biological membranes, and in cells that are transfected to express
luciferase bioluminescence has been shown to occur spontaneously upon passive
diffusion of luciferin into the cells.
To make this process more useful for diagnostic and in vivo imaging applications,
control of the bioluminescent reaction through modification of the luciferin substrate is
being investigated. Substitution of the hydroxyl group at the 6-position of luciferin with
an amino group, results in an aminoluciferin (aLuc) molecule that can be readily
conjugated to a variety of peptide groups, while itself maintaining much of the
transport and bioluminescent properties of luciferin. For example, the attachment of Nacetyl phenylalanine to aLuc yields a conjugate, which is recognized by the proteolytic
enzyme chymotrypsin, as shown in Figure 8. The action of the protease cleaves the
peptide group, freeing the aLuc molecule to react with luciferase to produce light. The
net effect of this system allows the bioluminescent luciferase reaction to be initiated by
the activity of a “third-party” molecule such as chymotrypsin.
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Figure 8. Bioluminescence images of laboratory mice showing native bioluminescence from native luciferin
(A) bioluminescence from modified peptide-aminoluciferin (B) and bioluminescence from modified peptideaminoluciferin from a chymotrypsin injected mouse (C).

One direct application for this technique is the identification of cells expressing
prostate-specific antigen (PSA). Given that this particular cancer marker is a
proteolytic enzyme, it was shown that the PSA-substrate AcSKLQ-aLuc crosses the
plasma membrane and is catalyzed by luciferase. In the absence of PSA or other
proteases, the SKLQ-aLuc molecule can also apparently act as substrate for luciferase,
although this process yields 5-10 times less light than that produced with purified aLuc.
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The successful demonstration of the uptake and internalization of AcSKLQ-aLuc
into prostate cancer cells raises the possibility that aminoluciferyl peptides, in general,
may be useful as a new class of “carrier” proteins to transport small molecules into
targeted cells. Given the sensitivity of the luciferase reporter assay, this technology
will be useful, not only to study the transmembrane transport of these peptides, but also
as a high-throughput screening method to evaluate the relative efficacies of new
candidate proteins.
3.5. Other Projects
In the area of optical tissue characterization, there are projects that seek to
spectroscopically detect bladder cancer, quantify kidney ischemia and measure the
optical properties of eye tissue. Another project focuses on co-developing an advanced
dual-axis confocal microendoscope with a MEMS scanner that is designed for in vivo
imaging, and is being applied to visualize tumors of the skin, including squamous and
basal cell carcinomas.
Other projects are using fs pulsed lasers with microscopy to ablate precisely
small structures and/or organelles from inside living cells attached to glass slides. This
technique provides an entirely new level of control for studying cell physiology in vitro,
and will be used in conjunction with the above project on photodynamic therapy for
refractory epilepsy by examining the role of mitochondria in the metabolism of ALA.
Finally, in optical-based sensors and assays, there is the development of labelfree bioanalytic detection on prepared membrane surfaces, ultra sensitive detection of
microbial agents, the development of fiber-optic based enzyme sensors, multi-analyte
breast cancer immunoassays, and photodynamic therapy of osteosarcoma in veterinary
patients.

4. Concluding Remarks.
The Center for Biophotonics is an important venture by the National Science
Foundation and the scientific community to exploit the developments in photonics for
the use of biosciences and medicine. In addition to fostering its own projects, the
Center is also looking forward to partnering with many other researchers and
institutions to further the science and application of microscopy, sensors and
biomedical device development. To this end, it is creating new data-mining software
and applying to the entire field of biophotonics in order to develop an ontology of what
research is being done where and by whom. The Center also has vigorous education
and knowledge transfer programs to help develop a new generation of those who
understand biophotonics and who will create commercial products based on its promise.
We very much look forward to working the NATO community of researchers to build a
worldwide collaborative community in biophotonics research and application.
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