
Abstract. Optical bioimaging methods have a wide range of
applications in the life sciences, most notably including the
molecular resolution study of subcellular structures, small ani-
mal molecular imaging, and structural and functional clinical
diagnostics of tissue layers and organs. We review fluorescent
microscopy, fluorescent macroscopy, optical coherence tomo-
graphy, optoacoustic tomography, and optical diffuse spectro-
scopy and tomography from the standpoint of physical
fundamentals, applications, and progress.
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1. Introduction

As a light beam propagates in biological tissues, photons are
scattered bymicroinhomogeneities of the dielectric permittiv-
ity and absorbed by endogenous and exogenous chromo-
phores [1]. Photon absorption by tissue chromophores gives
rise to a variety of physical events, e.g., heat release leading to
local thermoelastic expansion of the tissue responsible for the
generation of an optoacoustic wave. There are also biological
structures exhibiting intrinsic fluorescence and emitting long-
wavelength photons when absorbing light (Stokes shift).
High-intensity radiation can induce multiphoton fluores-
cence in which coherent absorption of several photons at a
time results in the emission of a single photon with the
wavelength shorter than that of the exciting radiation. A
change in the wavelength of the probing radiation can also be
a consequence of inelastic (Raman) scattering of light. Elastic
scattering produces effects such as beam smearing, back-
scattering, and polarization.

Each of these physical events can be used as a contrast
agent to form images of the internal structure of a biotissue.
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Table 1 lists optical methods for the study of biological tissues
and presents data on their limiting imaging depths, spatial
resolution, and optical contrast with which an image is
formed. Each method is based on probing the tissue with a
probing beam and detecting scattered light, fluorescence, or
an acoustic wave.

The imaging depth and spatial resolution are limited by
absorption and scattering, with the biotissue scattering
coefficient exhibiting a smooth dependence on the wave-
length, and the absorption coefficient being a more complex
quantity, as shown in Fig. 1 [2]. In the wavelength range 600±
1300 nm, known as the therapeutic transparency window,
absorption by biological tissues is relatively low and becomes
even lower in the narrow range 700±900 nm, where most
studies are carried out at a maximum depth of 10 cm. The
light penetration depth in tissues closer to the short-
wavelength part (violet and ultraviolet end) of the optical
spectrum is limited by strong melanin and blood absorption.
Water is the main chromophore limiting the application of
optical methods for deep imaging in the long-wavelength part
of the spectrum.

The spatial resolution of optical methods drops with
depth due to strong light scattering responsible for the
smearing of the illumination beam. Different light propaga-
tion regimes are realized at different depths.

At a depth less than 1±2 photon mean free paths, the
probing beam propagates without scattering, which permits
achieving the limit optical resolution equivalent to the
diffraction limit. It is in this narrow surface layer
(� 100ÿ200 mm) that light microscopy studies are carried
out. In Section 2, we also discuss nanoscopic techniques
whose spatial resolution exceeds the diffraction limit; these
methods are applicable in an even narrower layer of about
1 mm.

At greater depths, the probing beam broadens due to
scattering, with small-angle scattering prevailing over the
large-angle one by virtue of the specificity of the scattering
indicatrix. The beam retains its structure at depths up to 1±
2 photon transport lengths (� 1ÿ2 mm). So-called coherence
techniques were shown to be especially suitable for studying

biotissues within this depth range, e.g., optical coherence
tomography (OCT) in which photons backscattered by the
tissue are detected in a time-resolved mode (see Section 3).

At depths of several photon transport lengths, light
becomes diffuse, i.e., photons completely `forget' their initial
propagation direction. Evidently, it is very difficult to achieve
an acceptable spatial resolution at such depths by purely
optical methods.

The problem of diffuse optical tomography (DOT) is ill-
posed, and solving it requires knowing the shape of the study
object, using a large number of projections obtainedwith high
signal-to-noise ratio, and relying on intricate iterative algo-
rithms essentially different from those used in X-ray tomo-
graphy. High spatial resolution at large depths (over 1±
2 photon transport lengths) can be achieved only by a
combination of optical and other (ultrasound, magnetic
resonance, X-ray) methods in which scattering does not
actually interfere with image formation. For example,
optoacoustic (OA) visualization techniques with ultrasound
location of light-absorbing chromophores have recently
found wide application.

Describing light propagation processes in biological
tissues is of primary importance for the identification of
physical limitations of imaging techniques, their design, and
elaboration of algorithms for reconstructing the internal
structure of the tissue. In most cases, except manifestations
of coherence effects, light propagation in biological tissues
is fairly well described by the radiative transfer equation
(RTE) [7]. In general, the RTE is an integro-differential
equation having no analytic solution. Therefore, its various
approximations (Bouguer±Lambert±Beer law, small-angle
and diffusion approximations) proposed earlier in under-
water and atmospheric imaging theory are typically used to
address problems pertaining to optical visualization of
biological tissues. Currently, Monte Carlo (MC) simulation
is considered to be themost efficient numerical method for the
statistical modeling of photon trajectories in scattering and
absorbing media. Recently, the developers of MC codes have
managed to significantly shorten the optical field calculation
time by using multiprocessors, such as a graphic processor

Table 1. Optical methods for the study of biological tissues with the

respective limiting imaging depths and spatial resolution.

Method Contrast Imaging
depth

Resolution*

Microscopy Fluorescence
brightness

1 mm 10 nm

200 mm 3(0.3) mm

1 mm 6 mm

Optical coherence
tomography

Backscattering
coefécient, degree of
depolarization

0.4 mm 1 mm

2 mm 10 mm

Optoacoustic
visualization

Absorption
coefécient

3 mm 15(45) mm

5 cm 700 mm

Diffuse optical
methods

Refractive index
and reduced
scattering coefécient

10 cm 1 cm

Microscopic êuores-
cence methods

Fluorescence
brightness

10 cm 1 cm

* Figures outside parentheses refer to longitudinal resolution; those
inside refer to transverse resolution.
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Figure 1. (Color online.) Absorption spectra of endogenous chromo-

phores. Red and dark-blue lines are oxy- and desoxyhemoglobins,

respectively (150 g lÿ1) [3]; light-blueÐwater, brownÐ lipids, greenÐ

melanin [4], violetÐcollagen [5, 6].
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unit (GPU) with more than 1000 cores [8], rather than by
increasing the processor speed (which has not changed much
in the past several years).

An optical image can form on scattering, absorption, and
fluorescence brightness variations characterizing functional
and structural properties of biological tissues. The high
contrast of these parameters is a distinctive feature of optical
imaging methods, in comparison with X-ray and ultrasound.
For example, malignant neoplasms are characterized by an
abnormally high scattering coefficient due to an increased
nuclear±cytoplasmic ratio. The main tissue chromophores
(oxy- and desoxyhemoglobins, water, lipids, melanin, col-
lagen) serving as indicators of the functional state of
biological tissues have different absorption coefficients,
which allows the component composition to be recon-
structed by optical spectroscopic techniques.

We note that assessing the absorption coefficient in a
biotissue requires that the probing light cover a rather long
distance because the absorption coefficient is much smaller
than the scattering coefficient in the transparency window.
This means that light must undergo multiple scatterings
before information about absorbed photons appears in the
beam. For this reason, biotissue spectroscopy is performed by
diffuse optical methods, described in Section 5.

In microscopy, where the imaging depth does not exceed
1±2 photon mean free paths, the component composition can
be reconstructed either by Raman spectroscopy [9] or by
fluorescence visualization, i.e., upon a change in the wave-
length of radiation being measured relative to the probing
radiation wavelength.

The highest contrast in biotissue visualization can be
reached by using fluorescence methods, because spectral
bands of probing and recorded radiation are easy to separate
by optical filters. There are many bright exogenous markers
besides endogenous fluorescent molecules, e.g., fluorescent
proteins (FPs), organic dyes, and synthetic nanoscale agents
that can be specifically bound to the biological structures of
interest. Such specific labeling can be referred to as molecular
imaging, comparable only to positron emission tomography
(PET) in terms of sensitivity (Fig. 2).

Optical visualization methods for biological tissues are
applied in a variety of biomedical research at different scales,
such as subcellular, cellular, tissue, and organismic levels in

small laboratory animals and human organs (breast, muscles,
brain). The optical methods for such investigations, their
physical basis, advantages, and disadvantages are described
in Sections 2±6. Fluorescence imaging techniques for biolo-
gical tissues are subdivided into microscopic (Section 2) and
macroscopic (Section 6), depending on the maximum attain-
able imaging depth: below 1±2 photon mean free paths in
microscopy and above that in macroscopic methods.

2. Fluorescence microscopy

It was noted in Section 1 that optical imaging methods for
visualization in narrow layers as thick as 1±2 photon mean
free paths do not yield information about scattering and
absorbing properties of an object. Phase contrast microscopy
using the refractive index discontinuity as a contrast allows
only the contours of a biological object to be seen, i.e.,
provides very poor information. Therefore, microscopy
mostly uses methods in which probing and recorded radia-
tion has different wavelengths, as in Raman and fluorescence
microscopy.

The main lines of development in modern microscopy
include multiphoton fluorescence (two- and three-photon
microscopy, generation of second harmonics), research with
spatial resolution higher than the diffraction limit (nano-
scopy), enhancement of the information content by addi-
tional measurements (fluorescence lifetime measurement and
Raman spectroscopy), obtaining dimensional images at the
organ and organismic levels, and the use of microscopy for
clinical diagnostics.

2.1 Multiphoton microscopy
Endogenous fluorophores, such as collagen and elastin, are
effectively excited in the wavelength range 400±450 nm, where
the tissue absorption coefficient is high enough to limit the
potential of single-photon microscopy for in vivo applica-
tions. Two-photon excitation partly eliminates this limitation
because excitation light has a doubled wavelength
(� 800 nm) and the absorption in this spectral range is
much lower. The quantum yield in multiphoton processes
being proportional to the intensity of exciting radiation, the
efficient generation of fluorescence requires a huge power
density of the order of 1 MW cmÿ2 [11], attainable by using
sharply focused femtosecond laser pulses [12]. An advantage
of multiphoton over single-photon microscopy is the
improved point spread function (PSF) with the structure
practically devoid of sidelobes due to a rapid decrease in the
fluorescence intensity far from the focus.

A commercial confocal laser scanning multiphoton
microscope for in vivo research was created by JenLab
GmbH (Germany). Such microscopes are used for in vivo
studies of stem cell migration in the tissues of laboratory
animals [13] and for clinical diagnostics of skin diseases
[14, 15].

The application of multiphoton microscopy of biotissues
is usually confined to the investigation of two-photon
processes. However, the first reports on the use of three-
photonmicroscopy of living objects published three years ago
presented images of the neuronal network labeled with a red
fluorescent protein at a depth of 1.2 mm in the brain of a
laboratory animal; excitation at a wavelength of 1700 nm
ensured a resolution of around 5 mm (Fig. 3). Such a large
imaging depth with a microscopic resolution was possible due
to the local water absorption minimum at this wavelength
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Figure 2. Comparison of molecular sensitivity of various visualization

techniques: CTÐcomputed tomography, MRIÐmagnetic resonance

imaging, SPECTÐsingle photon emission computed tomography. Cel-

lular and subcellular resolutions in optical microscopy are attainable only

at small depths.
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with the scattering coefficient roughly one third that in the
case of excitation in the wavelength range 800±900 nm
traditionally used in two-photon microscopy. Thus,
although the exciting radiation with a wavelength of
1700 nm attenuates faster than the 800±900 nm radiation, its
beam structure remains intact at much larger depths. More-
over, the emission spectrum of red fluorescent proteins lies in
the red range, where the absorption coefficient is relatively
small, which ensures the efficient reception of fluorescence.

2.2 Nanoscopy
Spatial resolution corresponding to the diffraction limit was
reached in microscopy long ago. Interference methods (I5M
and 4Pi-microscopy) improved the spatial resolution by a
factor of 5±7 (roughly 100 nm) in comparison with traditional
confocal microscopy [17]. However, interference techniques
did not find wide application due to difficulties of visualiza-
tion caused by variations of the refractive index in biological
objects.

A breakthrough in this field coincided with the advent of
microscopy based on STimulated Emission Depletion

(STED) [18]. In this method, a short pulse exciting fluores-
cence in the study object is followed by a STED pulse with a
wavelength in the range corresponding to the fluorophore
emission spectrum. The spatial distribution of the STED
pulse is such that the intensity in the beam center falls to
zero. Stimulated emission occurs in regions with a high
intensity of STED pulses, i.e., in regions with depleted
fluorescence. The higher the energy of a STED pulse is, the
smaller the fluorescence region in the center of the beam
where stimulated emission is absent and spatial resolution is
increased. This method made it possible to reach a spatial
resolution of 25 nm, or 25 times that of confocal techniques.

The traditional Abbe formula describing the resolving
power of a microscope Dr corresponding to the diffraction
limit at the wavelength l and the objective numerical aperture
NA,

Dr � l
2NA

; �1�

turns in STED microscopy into the relation

DrSTED � l

2NA
�����������������������������
1� ISTED=Isat

p ; �2�

where ISTED=Isat is the ratio of the maximum STEAD-pulse
intensity to the fluorophore saturation intensity.

Subdiffraction visualization is possible by virtue of an
enormously high signal/noise (S/N) ratio obtained by
application of short-pulse excitation and the detection of
fluorescence with single-photon sensitivity. Depletion of
fluorescence outside the excitation beam axis improves the
spatial resolution but decreases the S/N ratio. Methods for
improving the spatial resolution at a high S/N ratio are used,
for example, in remote sensing with special signal processing
algorithms; in STED microscopy, however, the diffraction
limit is overcome at the instrumental level.

Another nanoscopic modality is STochastic Optical
Reconstruction Microscopy (STORM), using photoacti-
vated labels whose fluorescence can be `switched on'
(activated) by irradiation at a certain wavelength lying
outside the excitation spectrum [19]. The intensity of an
exciting laser is chosen such that only a few molecules are
active simultaneously. Because the transition to the active
state is a stochastic uncorrelated process, the probability of
the presence of other active molecules within the radius of
the diffraction spot around a fluorescent molecule is
negligible. If the number of pixels per diffraction spot in
the photodetector is sufficiently large, this a priori informa-
tion permits finding the geometric center of the diffraction
spot, which is regarded as the position of the fluorescent
molecule. Finding such centers is a periodic process repeated
every time after the molecules are first inactivated and then
reactivated in a stochastic manner by the exciting laser. Such
a process of collecting data about fluorescent molecule
centers is a statistical procedure that takes much time to
construct their distribution. The drift of fluorescent mole-
cules in the course of data collection may distort the images.
A group headed by G V Gelikonov at the Institute of
Applied Physics, Russian Academy of Sciences, developed
a new method to compensate such drift, using the data
obtained without special fluorescent markers on the images
(Fig. 4).

The creators of nanoscopy S Hell (Germany), E Betzig,
andWMorner (USA) were awarded the 2014 Nobel Prize for
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Figure 3. Three-photon microscopy of a mouse brain: (a) vascular system

after administration of Texas Red dye, (b) the neuronal network expres-
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``the development of super-resolved fluorescence micro-
scopy.''

Onemore way to overcome the diffraction limit for spatial
resolution is based on structured illumination of a study
object (by patterns having a definite structure) followed by
image registration with the help of structured-illumination
microscopy (SIM). The structure of the illumination field
(patterns) is usually periodic with alternating dark and light
interference lines. In the k-space (spatial frequency plane), the
initial image obtained with the use of uniform irradiation
occupies a circle with the radius k0 corresponding to the
diffraction limit. Each image obtainedwith a pattern occupies
a region in the k-space shifted with respect to the origin by a
vector k1 determining the pattern spatial frequency. The circle
with the radius k0 � jk1j can be filled by patterns rotated with
respect to each other. Integration of the images obtained with
the use of different patterns results in an image with
subdiffraction resolution in the k-space. At jk1j � k0, the
resolution in this space is two times higher than the diffraction
limit. The authors of Ref. [21] argue that nonlinear excitation
of fluorescence allows increasing the resolution by a factor of
four or more.

Each of the above nanoscopic techniques for the investi-
gation of biological structures has advantages and disadvan-
tages, described in detail in Ref. [22].

2.3 Optical projection tomography
and light-sheet fluorescence microscopy
Certain biomedical problems require elucidating the struc-
tural and functional organization of relatively small (inverte-
brates, fish) or large (biotissue samples, embryos) optically
cleared biological objects on a scale comparable with their
size. Optical methods for such visualization with cellular

resolution were proposed not long ago. They are being
further developed along two lines: optical projection tomo-
graphy (OPT) [23] and light-sheet fluorescence microscopy
(LSFM) [24]. The latter method is being rapidly developed in
two versions: selective plane illuminationmicroscopy [25] and
ultramicroscopy [26]. The main difference between LSFM
and traditional confocal laser scanning microscopy or wide-
field microscopy is that fluorescence is excited only in a thin
layer of a biotissue due to the use of special illumination
systems and registration of fluorescence in the direction
orthogonal to the plane of illumination. This allows direct
laser radiation to enter the receiving channel and parasitic
background illumination outside the region of interest to be
avoided; in this way, three-dimensional images of large
optically cleared biological objects can be obtained (Fig. 5).

3. Optical coherence tomography

Optical coherence tomography (OCT) is based on low-
coherence reflectometry. The study medium is probed by a
broadband radiation source, and the scattered light coming
back from different depths with different time lags relative to
the incident radiation is detected by an interferometer [28]. As
in many cases of remote sensing, e.g., by radiolocation or
ultrasound, the longitudinal resolution in OCT is inversely
proportional to the radiation bandwidth, while the transverse
resolution is determined by the directional diagram of the
receiving and transmitting antenna. Femtocorrelated radia-
tion sources, such as femtosecond lasers, superluminescent
diodes, and supercontinuum laser sources, have been used to
design OCT devices with a longitudinal resolution of 1±
10 mm. This resolution is several times better than that of
modern high-frequency apparatuses for ultrasound studies

10 mm

a b

c d

Figure 4. Application of drift compensation in STORM microscopy. (a) Image of Alexa 647-stained tubulin obtained by fluorescence wide-field

microscopy. (b) The same object after administration of STORM buffer solution. Isolated fluorescent areas correspond to individual fluorophore

molecules. (c) Image of the initial object obtained by the STORMmethod as described inRefs [19, 20]. Image smearing due to the particle drift during data

acquisition. (d) Result of the drift compensation. The accuracy of molecule localization is roughly 25 nm at the initial resolution of wide-field microscopy

of 220 nm.
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(USSs). Because such a resolution corresponds to the cell size,
OCT is not suitable for visualizing subcellular structures
(except those in very large cells, e.g., plant cells) but allows
tissue layers to be fairly well distinguished. This is of primary
importance for obtaining intravital information about the
internal structure of complex biotissues (e.g., eyeballs, skin,
mucous and serous membranes of internal organs) needed to
address a number of human health problems. Specifically,
OCT of the retina is a standard diagnostic tool in
ophthalmology, making it possible to detect early changes
to vision [29±31].

Today, OCT is increasingly more widely applied in
clinical practice for diagnostics of both malignant neoplasms
[32] and benign pathology [33, 34]. In fact, OCT is becoming
the method of choice for the management and treatment of
patients with various diseases [35, 36].

The imaging depth in OCT is usually 1±2 mm, which
corresponds to a roughly 40±50 dB change in the signal
(equivalent to the device dynamic range). The most exact
analytic expressions describing attenuation of an OCT signal
(A-scan) with depth were derived in the small-angle approx-
imation of the RTE [37, 38]. The relations thus obtained show
that attenuation of the probing beam at a depth of 1±2 mm
occurs muchmore slowly than in the Bouguer±Lambert±Beer
(BLB) law

I � exp
�ÿ �ma � ms� r

�
; �3�

according to which a singly scattered photon leaves the beam
faster than in the diffuse approximation of the RTE:

I � m 0s
r
exp

h
ÿ

��������������������������
3ma�ma � m 0s�

q
r
i
; �4�

where the isotropized beam attenuates as a result of
absorption. In relations (3) and (4), ma and ms are the
absorption and scattering coefficients, m 0s is the transport (or
reduced) scattering coefficient, and r is the distance from the
source. The BLB law can also be realized in OCT (given an
optically narrow beam [39]) but only at small depths. AnOCT
signal proper forms on photons backscattered by a biotissue.
Inasmuch as the probability of backscattering is small, it can
be regarded as a single event at a depth of 1±2 mm.

3.1 Clinical applications of optical coherence tomography
An indisputable advantage of OCT is the possibility of
constructing all-fiber devices and miniature OCT probes for
examining difficult-to-access organs and tissues. The afore-
mentioned group headed by Gelikonov developed OCT
probes with a diameter of 2 mm compatible with the
biopsy channel of standard endoscopes for examining
mucous membranes of respiratory, digestive, and urogen-
ital organs [40]. Numerous clinical studies have demon-
strated that the transformation of intact mucosa into a
malignant neoplasm is associated with a change in its
layered organization, i.e., distortion of the clear-cut bound-
ary between epithelium and stroma (in agreement with
results of histological studies). As a consequence, an OCT
image of tumor is structureless (Fig. 6) [41, 42].

It follows from the foregoing that OCT permits accurately
determining the border of a tumor, thereby avoiding a
standard biopsy study taking much time and expense. It is
especially important for planning the extent of surgical
procedure and intraoperative control during organ-preser-
ving surgery [43, 44]. True, OCT cannot totally substitute the
`golden standard' (biopsy) because it is not fit for detailed
differential diagnostics. For example, it fails to reliably
distinguish between inflammation and malignant neoplasm.
Therefore, OCT needs to be further improved to provide
additional clinical information [45].

The diagnostic value of the method was enhanced by its
modification into polarization sensitive OCT (PSOCT)
based on the use of polarization-maintaining fibers. It is
known that various biological structures not only scatter
optical radiation but also depolarize it and even rotate the
polarization plane. Polarization effects are especially well
apparent in collagen fibers and cartilage. Derangement of
the collagen structure frequently associated with malignant
growth leads to impairment of depolarization that can be
visualized by PSOCT [46].

a b

Figure 5. (Color online). 3D visualization of the structure of a 14-day-old

mouse embryo in different projections (excitation at a wavelength

of 488 nm, detection of autofluorescence). Red arrow shows the liver

region [27].

a b c

0.5 mm 0.5 mm 0.5 mm

ÿ40 dB

ÿ90 dB

Figure 6. OCT images of uterine cervix: transition (a) from normal tissue (b, c) to the center of the malignant tumor.
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3.2 High-frequency optical coherence tomography
and analysis of speckle structure
The transition from the traditional time-domain OCT to
Fourier-domain OCT and spectral-domain OCT substan-
tially accelerated the scanning process. These high-speed
modes made it possible not only to obtain video information
but also to observe the dynamics of the speckle structure.
They are of special value for vascular structure visualization
deep in the tissues, which is impossible by conventional OCT.
The movement of blood cells in the vascular bed changes the
speckle structure in the respective area of the OCT image.
Due to this, the analysis of the speckle structure dynamics
reveals a vascular structure (Fig. 7). The correct analysis is
possible if the speed of OCT visualization is so high that the
speckle structure in the tissues surrounding blood vessels has
no time to develop appreciable changes under the effect of
spontaneous motion of the tissues always taking place in
biological objects.

To recall, speckle correlometry for microcirculation
research has a rather long history [48], but only two-
dimensional surface images have been available until
recently. Three-dimensional information became obtainable
only with the advent of high-speed OCT.

3.3 Spectroscopic optical coherence tomography
Because the longitudinal spatial resolution of OCT is
proportional to the coherence length of probe radiation, it is
necessary to use broadband sources, either pulsed (femtose-
cond lasers) or quasi-continuous (superluminescent diodes,
arc lamps, incandescence bulbs). In most cases, however, it is
impractical touse super-broadband sources having abandwidth
comparable to the central frequency. Even small dispersion of
the medium refractive index uncompensated in the inter-
ferometer can be responsible for a big difference between
phases gained by harmonics separated by a wide frequency
range and coming from the same depth. The result is a smeared
correlation function of the probing and detected signals.

The use of super-broadband sources, such as super-
continuum and frequency-tunable femtosecond lasers,
allows spectroscopic OCT, providing additional data about
a study subject. OCT images obtained with the use of
relatively narrow (10 nm) bands in neighboring spectral
ranges contain information on the spectrum of the extinction
coefficient depending on scattering and absorption coeffi-
cients of the biotissue containing information about the study
object [50]. To the best of our knowledge, this method has not
yet found wide practical application.

3.4 Optical coherence microscopy
While the longitudinal resolution of OCT is a function of the
radiation source bandwidth, its transverse resolution depends
on the probing beam geometry. The high numerical aperture

of the output lens, as in confocal microscopy, allows creating
a diffraction spot of minimal size. However, such fine
focusing is associated with a small depth of Rayleigh length,
which prevents observation of the biotissue structure with a
high transverse resolution outside the focal zone. In other
words, there is an optimal focusing for each imaging depth. A
high transverse resolution at all depths down to 1±2 mm is
attainable by dynamic focusing, i.e., by combining OCT with
confocal microscopy or so-called optical coherence micro-
scopy (OCM).

Visualization of biotissues by OCM has been reported by
several research groups [51±53], but this method is not yet
used in endoscopy, because dynamic focusing requires large
scanners with a lens-positioning mechanism and increases the
scanning time.

3.5 Contrast enhancement
in optical coherence tomography
It is worthwhile to mention avenues of OCT development
aimed at improving the contrast and imaging depth. The
group headed by V V Tuchin at Chernyshevskii Saratov
State University investigated the optical clearing effect and
showed that the use of agents such as glycerol, propylene
glycol, and strong glucose solution allows increasing the
OCT probing depth and image contrast due to the ability of
hyperosmolal substances to selectively correlate the refrac-
tive indices of background structures and scattering objects
and thereby decrease the scattering potential of tissue
components [54, 55].

Another area is the application of contrast agents, such as
gold and titanium dioxide nanoparticles, that have a large
scattering cross section. Their selective distribution after
surface application enhances the contrast of biotissue
structural elements [56, 57].

3.6 Automatic detection of diseases by analyzing
optical coherence tomography images
The huge amount of clinical material collected with the help
of OCT and confirmed histologically provides a basis for the
development of automated methods for the assessment of
pathological conditions of biotissues of a given localization.
Some of these methods are designed to evaluate scattering
and backscattering characteristics of layered tissue structures
[39, 58] using various analytic approximations of the RTE,
while others are based on the calculation of the parameters of
the OCT-image texture. The automatic analysis of the OCT-
image texture made it possible to increase the diagnostic
accuracy of the method used to detect Fallopian tube
pathology from 88 to 96% [59].

4. Optoacoustics

The spatial resolution of purely optical imaging techniques is
confined to scattering effects at depths larger than 1mm. This
limitation motivated researchers to develop hybrid optical
methods combining optical and other principles of visualiza-
tion. The greatest progress was achieved in optoacoustics
(OA). OA visualization is based on the detection of ultra-
sound pulses excited in a study medium upon absorption of
pulsed laser radiation by biotissue chromophores [60]. The
exited OA pulses have a small amplitude up to 10 kPa and a
broad band of a few tens of MHz. OA pulses are recorded on
the medium surface using ultrasound antennas with mechan-
ical or electronic scanning as in standard USS.

a b

Figure 7. (Color online). (a) C-scan of breast skin obtained in vivo byOCT.

(b) The same scan with the superimposed vascular pattern (red) obtained

by analysis of speckle structure dynamics as described in [47]. The OCT

image size 3:3� 1:0 mm.
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4.1 Imaging depth in optoacoustics
The imaging depth in OA research is determined by the
parameters of optical and acoustic attenuation in biotissues,
the energy of laser pulses, the sensitivity of the receiving
system, and the absorption coefficients of exogenous and
endogenous chromophores. Moreover, the imaging depth of
OA greatly depends on the wavelength, because the optical
absorption coefficient of a biotissue also depends on the
wavelength. Evidently, the imaging depth in the therapeutic
transparency window is much greater, for example, than in
the blue or green spectral ranges. At the same time, the
absorption coefficient of a chromophore being visualized
should be taken into consideration, because the OA signal is
proportional to this parameter. For example, the absorption
coefficient of hemoglobin (a major tissue chromophore) is
much higher in the green spectral range than in the
therapeutic transparency window. Therefore, the amplitude
of OA-signal generation during visualization of vascular
patterns in surface tissue layers (3±4 mm) is higher in this
wavelength range.

To reach the largest depth of OA visualization of a few
centimeters, the 700±900 nm wavelength range should be
used, in which biotissue absorption is minimal, along with the
maximum allowable energy of the laser pulse; also, maximum
sensitivity of the detector must be ensured. For example, an
imaging depth of more than 4 cm was reached during in vivo
breast examination with a 800 nm laser [61]. Because the
absorption coefficient of hemoglobin in this spectral range is
relatively small, the OA signal (and therefore the imaging
depth) can be increased by using contrast agents with high
absorption coefficients in this range, such as methylene blue,
indocyanine green, or gold nanoparticles with plasmon
resonance [62, 63].

4.2 Spatial resolution in optoacoustics
Similarly to USS, the depth resolution of OA is a function of
the spectral bandwidth of the acoustic signal being detected,
while the transverse resolution depends on the aperture of the
acoustic antenna and its focusing properties. Because the
acoustic absorption coefficient of biotissues is inversely
proportional to the wavelength, the number of elements of
ultrasound (US) resolution in an A-scan is the same for short-
wavelength (high-frequency) and long-wavelength (low-
frequency) acoustic antennas. Additional factors worsening
spatial resolution are the finite length of the probe pulse and
the limited working bandwidth of the receiving antenna. A
20 ns probing pulse restricts generation of an US pulse at the
frequencies above 50MHzUS, which exceeds the potential of
OA visualization for depths greater than 1 mm. Higher-
frequency receivers and shorter light pulses are needed for
investigations at smaller depths. Although the spectral band
of classical acoustic antennas does not exceed the central
band, some acoustic sensors based on optical interferometers
have a much broader spectral band [64]. The sensitivity of the
existing optical resonators is still below that of traditional
acoustic antennas.

4.3 Chromophore separation in optoacoustics
An advantage of OA visualization over USS is not only the
enhanced contrast but also the possibility of spectroscopic
measurements for the identification of individual tissue
chromophores. OA visualization is performed with the use
of lasers tunable in a broad wavelength range. Similarly to
diffuse optical spectroscopy, OA spectroscopy allows esti-

mating the degree of blood oxygenation, identifying exogen-
ous contrast agents with resonant absorption, etc.

Estimation of the concentration of various chromo-
phores from spectroscopic data requires measuring the
biotissue absorption coefficient and correctly taking the
optical fluence distribution inside the tissue into account
because the amplitude of an OA signal is proportional to the
optical fluence of a given area of the medium, differing for
different wavelengths. This problem has been encountered
by many researchers, but there are thus far no stable
algorithms, e.g., for assessing the blood oxygenation. To
assess the optical fluence distribution, it is proposed to
combine OA spectroscopy and diffuse optical tomography
(DOT), allowing the evaluation of scattering and absorption
coefficients for determining the optical field inside the
medium. But this approximation requires additional mea-
surements, which complicates the construction of the device
and (more importantly) increases the geometric size of its
scanning system. An original resolution of this difficulty was
proposed in Ref. [65], where backscattered light was detected
by an acoustic antenna designed to receive US pulses. To use
this information for calculating the optical fluence distribu-
tion, the complicated problem of three-dimensional DOT
reconstruction must be resolved.

4.4 Optoacoustic microscopy and tomography
There are a variety of technological solutions for OA
visualization of biotissues, which can be arbitrarily categor-
ized into tomographic and microscopic. OA tomography
implies recording US pulses by a multielement antenna or
several spaced antennas simultaneously with the reconstruc-
tion of the absorbing inhomogeneities in biotissue [66, 67].

In OA microscopy, A-scans are registered by a single US
sensor used for one- or two-dimensional scanning along the
object surface.

The main advantage of tomography is the absence of
mechanical scanning by a sensor, which increases the OA
visualization speed in comparison with microscopy; this OA
feature is of primary importance for clinical studies.
However, a tomographic system is very expensive due to
the use of a complex multielement antenna, multichannel
analog-to-digital converter (ADC), and reconstruction
algorithms. AO tomography is possible with the use of an
array of acoustic antennas (by analogy with standard US
diagnostics) or a two-dimensional multielement antenna [63,
68]. These are the most universal systems that can be used to
examine practically any open part of the body without
limitations on the thickness of the study object. It is
possible to design a tomographic system for a given object
geometry with several US sensors fixed on the object
surface. Such systems were created for diagnostics of breast
pathology [69, 70] and tomography of small laboratory
animals [71].

OA microscopy is a relatively inexpensive version of OA
visualization designed for the following studies: optimization
of systems for laser illumination of biotissues with a view to
creating a uniformly deep optical field or achieving a higher
spatial resolution [72]; the search for various materials and
amplifiers for acoustic antennas; and evaluation of new
opportunities for OA visualization and simultaneous genera-
tion of OA and US images [73±75] (Fig. 8). The high cost of
tomographic systems (around 700,000 EU) hampers the
conduct of extensive clinical trials and application of this
imaging technique in routine clinical practice. Therefore, less
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expensive high-speed systems for OA microscopy [76] may
be more in demand at the present stage of development of
this method. Moreover, there is a class of intravascular
OA-visualization systems in which a rotating US sensor is
used (as in US diagnostics of vascular problems) because of
the impossibility of accommodating a large multielement
antenna.

4.5 Biomedical applications of optoacoustics
OA visualization has a huge potential for investigations of
animal models. There are commercial systems for the so-
called real-time 5D monitoring of various processes, e.g.,
elucidation of spectrally and temporally resolved volumetric
distribution of chromophores. Such systems are indispensa-
ble for studies in experimental oncology, developmental
biology, pharmacokinetics and pharmacodynamics, etc.
Small laboratory animals are most suitable for the purpose
of OA visualization because the thickness of their body
corresponds to the maximum imaging depth. Therefore, this
method can be used for whole-body imaging, similar to
traditional CT and MRI.

However, progress in clinical OA applications is much
slower, probably due to the lack of clinical data confirming
the diagnostic efficiency of the method in various fields of
medicine.

The most promising clinical applications of OA imaging
are as follows [79]:

Ð diagnostics of breast cancer from enhanced vascular-
ization revealed byOAvisualization of tumor vasculature [80];

Ð monitoring of tumor growth and treatment response
by OA measurements of blood oxygenation in the surround-
ing vessels [81];

Ð targeted biopsy of signal lymph nodes with the use of
exogenous light-absorbing markers [82];

Ð diagnostics of melanin-containing neoplasms to facil-
itate preoperative preparation and surgical removal of the
tumor by simultaneous OA visualization of skin blood vessels
and melanoma [83];

Ð studies of brain hemodynamic reactions to external
stimulation and observation of epileptic symptoms by OA
visualization of cerebral vessels with simultaneous evaluation
of blood oxygenation [84];

Ð diagnostics of atherosclerotic changes in main blood
vessels by OA visualization of cholesterol and calcium
deposits [85];

Ð diagnostics of age- and diabetes-related impairment of
vision by OA imaging of retinal vessels with the evaluation of
their oxygenation status [86].

5. Diffuse optical spectroscopy and tomography

5.1 General information on diffuse optical spectroscopy
Diffuse optical techniques are based on registering the
multiply scattered diffuse component of light after it
passes through a layer of biotissue and solving the inverse
problem of reconstructing its scattering and absorption
coefficients [87]. The table shows that diffuse optical
methods ensure a deeper visualization of biotissues (down to
10 cm) than other optical techniques for the same purpose,
because diffuse light propagation in the tissue has the smallest
attenuation factor (4), which contains the product of
transport scattering and absorption coefficients (in the
therapeutic transparency window ma 5 m 0s). This means that
the optical fluence that passes through a biotissue is equally
sensitive to a change in each optical characteristic. The
scattering coefficient changes only insignificantly, depending
on the wavelength, typically in accordance with the power law
lÿb where b is 0.5±1.5 [88].

The spectrum of absorption coefficients depends on
concentrations of various chromophores present in biotis-
sues (oxy- and desoxyhemoglobins, water, lipids, collagen)
(see Fig. 1). Measurement of the spectrum of absorption
coefficients gives concentrations of these chromophores with
well-known partial spectra. As a rule, concentrations of oxy-
and desoxyhemoglobins are measured; their ratio charac-
terizes the blood oxygenation status. More accurate spectro-
scopic measurements allow determining water, hemoglobin,
and collagen content. Spectroscopic measurements in the
wavelength range 935±998 nm give the bound water
content [89]. All these parameters, including the scattering
coefficient, are of diagnostic value and can be used as
indicators of malignant growth. Specifically, concentrations
of water nH2O and blood nTHb (total hemoglobin mass)
increase, while the degree of oxygenation StO2 decreases in
the presence of a tumor.

It was shown that knowledge of a single diagnostic
parameter is not enough to make a definitive conclusion
about the presence or absence of a tumor because its values in
normal and pathologically changed tissues may overlap. The
so-called tissue optical index (TOI) taking all measured
parameters into account was proposed in [90]:

TOI � nTHb nH2O

nlipid StO2
; �5�

which reflects a much greater contrast enhancement in the
presence of pathological changes.

In vivo image of a rat's head
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Figure 8. (Color online). In vivo optoacoustic (OA) and ultrasound (US) images of a 3� 3 mmpart on the head of a 3 day-old rat. Scanning pitch is 30 mm,

imaging time is 20 min [78].
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5.2 Continuous wave, time-domain, and frequency-domain
approaches in optical diffuse spectroscopy
As was mentioned in Section 5.1, knowledge of the scattering
coefficient spectrum is needed to correctly reconstruct the
component composition of a biotissue. In most cases,
tabulated values of this parameter for different types of
biotissues are not enough to reconstruct the component
composition, even though scattering variations are not so
conspicuous as those of absorption. Therefore, additional
measurements are needed to determine the scattering coeffi-
cient.

The most consistent separate estimation of scattering and
absorption coefficients is obtained by frequency-domain or
time-domain methods [91]. Because DOS registers the multi-
ply scattered light component, its time delay with respect to
the probing pulse is much longer than that of the ballistic
component propagating directly from the source to the
detector. This delay can be determined either by measuring
the phase shift in the frequency-domain approach or from the
overall time distribution of photons in the time-domain
method. Using these measurements and the measured
extinction coefficient in a biotissue, it is possible to estimate
the scattering and absorption coefficients separately [92].

Both methods have advantages and disadvantages [93].
The frequency-domain approach is realized bymeans of high-
frequency modulation (of the order of 100±500 MHz) of the
probing radiation intensity followed by synchronous recep-
tion of diffuse photons. This method is relatively inexpensive,
but sophisticated high-frequency electronic equipment and a
large modulation depth of the laser source are needed for
stable signal detection and the phase separation measure-
ments with an accuracy reaching tenths and even hundredths
of a degree. The time-domain method is much easier to
implement, but its instruments (pulsed pico- or nanosecond
lasers and time-correlated single-photon counters) are very
expensive. The time-domain approach traditionally provides
muchmore information about a study object: a detected pulse
expanded in the Fourier series is a set of amplitudes and
phases that can be obtained by the frequency-domainmethod
at different modulation frequencies.

Separate determination of scattering and absorption
coefficients is also possible with the use of a continuous
radiation source, but measurements must be made at several
points located at different distances from the source. The
accuracy of separate determinations of these parameters in
such systems is much lower than by the frequency-domain
and time-domain methods. An important advantage of
continuous broadband radiation generated by halogen or
arc lamps is the possibility of simultaneous registration of the
optical spectrum with the help of an ordinary spectrometer.

The research group headed by Tromberg developed an
original system combining the advantages of frequency-
domain and continuous wave spectral approaches [94].
Bearing in mind that the scattering coefficient is fairly well
approximated in the whole spectrum by a power-law
wavelength dependence, it can be determined by the
frequency-domain method with measurements at several
points of the spectrum, i.e., by using a small number of laser
sources with intensity modulation. Characteristics of the
scattering coefficient obtained with the help of modulated
sources and of the light attention coefficient over the entire
spectral range obtained with a continuous broadband source
can be used to reconstruct the concentration of all the main
chromophores of the biotissue.

5.3 General information on diffuse optical tomography
DOS is applied under the assumption of the uniformity of
optical characteristics in the study medium, which restricts
the accuracy of the reconstruction of tissue chromophore
concentrations and does not allow evaluating their spatial
distribution. Diffuse optical tomography (DOT), unlike
DOS, allows reconstructing the spatial distribution of
scattering and absorption coefficients [95]. DOT is based on
obtaining projections, i.e., information on optical radiation
that passes through a biotissue at different positions of the
source and the detector, with subsequent application of
reconstruction algorithms [96±98].

Reconstruction algorithms are based on the assumption
that a biotissue is characterized by certain mean values of
optical parameters, such that deviations from these values in
different regions of a study medium are relatively small. It
permits expanding the RTE solution in the diffuse approx-
imation in a Taylor series and is confined to linear corrections
with respect to scattering and absorption coefficients. This
transition reduces the problem of finding the spatial distribu-
tion of optical parameters to a system of linear equations with
the sensitivitymatrix of sizeM�N, whereM is the number of
lines (projections) and N is the number of voxels in which
corrections for optical characteristics are evaluated.

Reconstruction algorithms in DOT are continuously
improving and have many modifications for the solution of
both direct and inverse problems. A complication arises from
the necessity of taking the medium geometry into account,
from the ill-posedness of the DOT problem, and sometimes
from a limited applicability of the diffuse approximation of
the RTE. We discuss these problems and approaches to their
solution in more detail in Sections 5.4 and 5.5.

5.4. Boundary conditions in diffuse optical tomography
The RTE solution is very sensitive to boundary conditions,
because the optical fluence near the scattering medium±air
interface increases due to reflection of photons from the
boundary. For an infinite homogeneously scattering and
absorbing medium, the diffuse approximation of RTE has a
simple analytic solution. For a semi-infinite medium or a
planar layer, this solution is readily modified by adding
negative or image sources of photons to the infinite-medium
problem in order to satisfy the boundary conditions. RTE
solutions for a semi-infinitemediumare used in bothDOSand
DOT for examining a small area of biotissue in the reflection
configuration when the source and detector are placed on the
same side of the study object (small scanners for breast
examination and the study of activity in a small brain area).

In the case of a conventional boundary, more intricate
numerical methods have to be used for the RTE solution; this
complicates the algorithms considerably and increases the
time for calculating the sensitivity matrix. Moreover, DOT
with an `antireflection' geometry, where the source and
detector are placed on different sides of the object, is some-
times performed with the use of matching liquids (usually a
lipofundin±Indian-inkmixture) having scattering and absorp-
tion coefficients similar to those of the biotissue. Thematching
liquid is poured into a rectangular cuvette and the study object
is submerged into thismedium. Thismethod simplifies solving
the problem but has a number of inconveniences when used
in working with living objects. Therefore, its application is
limited todiagnostics of breast pathology [99] and experiments
on laboratory animals [100]. Reconstruction algorithms for
arbitrary surfaces should be used in brain DOT.
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5.5 Solution of the inverse problem
of diffuse optical tomography
Researchers choosing to use DOT encounter a number of
difficulties (absent in other transmission problems, e.g., X-ray
tomography) when inverting the sensitivity matrix [101]. This
matrix in DOT is nonsparse, poorly conditioned, and some-
times underdetermined. Nonsparseness is attributable to the
diffuse character of light propagation: even when an absorb-
ing or scattering inhomogeneity is outside the projection axis
connecting the source and the detector, it still exerts influence
on the signal being detected. Poor conditioning is likewise a
consequence of diffuse light propagation: minor changes in
the detected signal may result in a marked alteration of the
reconstructed spatial distribution of optical inhomogeneities.

The above conditions dictate the necessity of measure-
ments with a high degree of linearity and good signal-to-noise
ratio, as well as obtaining comprehensive information about
the study object, including its geometry. Also needed aremore
accurate models of light propagation near the boundary
(where the diffusion approximation is inapplicable but the
sensitivity to optical inhomogeneities is very high), the use of
frequency-domain and time-domain approaches, and a large
number of projections measured with a high degree of
accuracy [102, 103]. Nevertheless, the instability of the
solution of the inverse problem remains very high in the
absence of additional information. Therefore, DOT should
be combined with other methods, e.g., magnetic resonance
imaging (MRI) or X-ray computed tomography (CT), which
allows elucidating the biotissue structure with good spatial
resolution. Determination of the object structure and surface
geometry by these methods is followed by its segmentation,
with optical characteristics in each segment being assumed
constant. This allows a significant reduction in the number of
unknowns in the inverse problem, thereby increasing the
reconstruction accuracy and stability. Such an approach is
used to study brain functional activity [104] and diagnose
breast pathologies (Fig. 9) [105]. This means that purely
optical methods generally fail to provide structural informa-
tion at large depths (from a few millimeters) but allow

extracting data on the functional state of a biotissue from the
information obtained by other techniques.

5.6 Other diffuse optical methods for the study
of biological tissues
The necessity of optical images, on the one hand, and the
difficulty of solving tomographic problems, on the other
hand, motivate the development of DOS modifications that
allow obtaining two-dimensional images of the absorbing and
scattering inhomogeneities present in biotissues. For exam-
ple, there are projection DOS systems with a trans-illumina-
tion configuration, besides manual scanners for diagnostics
of breast pathology [106]. In such systems, with the source
and the detector placed on different sides of the study object,
the time-domain [107] or frequency-domain [108] approach
is used. Similarly to X-ray mammography, this method,
known as optical mammography, yields information about
biotissue properties integrated over depth at each spatial
position of the source and the detector (Fig. 10).

Another approach is based on structured illumination of
biotissues and substitution of spatial frequencies for time
modulation [109]. It is used to examine the surface layers of a
biotissue (to a depth less than 1 cm) and, unlike the methods
described above, does not require mechanical scanning of the
object surface; due to this, imaging time is significantly
reduced.

6. Macroscopic fluorescence imaging techniques

Fluorescence imaging techniques, both microscopic and
macroscopic, provide data on the two- and three-dimen-
sional fluorophore distribution in biotissues. A comparison
of micro- and macroscopic methods in terms of imaging
depth (1±2 photon mean free paths) shows that in the latter
case, fluorophore excitation and/or detection of its fluores-
cence is performed by the scattering light component.

As mentioned above, both endogenous and exogenous
fluorophores can serve as contrast agents. The endogenous
ones are markedly excited only in the UV±blue region of the
spectrum, where the light absorption coefficient is rather high
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Figure 9. (Color online.) MRI and DOT breast studies. (a) T1-weighted

breast images in the axial plane obtained by MRI with dynamic contrast

enhancement (arrows show the plane in which DOT images were

obtained). (b) T1-weighted breast images in the coronal plane in the

projection of the tumor node prior to contrast administration. (c) Image

constructed by subtraction from the data obtained after and before

contrast administration. Reconstructed DOT images obtained with the

use of MRI segmentation: (d) hemoglobin level (mmol lÿ1), (e) oxygen
saturation (%), (f) concentration of water (%), (g) size of scattering

particles (nm), (h) concentration of scattering particles [105]. (Reproduced

with the permission of OSA publishing.)
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Figure 10. (Color online.) Optical mammography: determination of

scattering coefficients and blood saturation with oxygen in a breast by

DOS in antireflective configuration. (a, b) Normal breast (image size

50� 50 mm). (c, d) Breast carcinoma shown by the arrow (image size

90� 50 mm).
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and the imaging depth is confined to that of multiphoton
microscopy. For this reason, macroscopic fluorescence
techniques largely operate with exogenous markers (organic
dyes, fluorescent protein, synthesized nano-scale agents,
etc.) excited in the red and near-infrared spectral range or
having a very high brightness in the blue±green range. These
methods are subdivided into surface, projection, and
tomographic [110].

6.1 Surface fluorescence imaging techniques
for the study of biological tissues
The most widely used surface methods are based on the
excitation of fluorescence in a biotissue area of interest by a
wide light beam and its detection by a digital camera with an
optical filter that is transparent to fluorescence and blocks the
excitation light. A modification of this technique is raster
scanning based on the same principle as laser scanning
microscopy, i.e., point-by-point scanning with a narrow
light beam and simultaneous detection of fluorescence from
a given area.

Raster scanning permits decreasing the influence of the
scattering component coming from neighboring regions at
each measuring point [111]. Due to a high fluorescence
contrast, the surface methods yield a high-quality picture of
the fluorophore distribution in the tissue. They are widely
used in experimental oncology to observe the growth of a
tumor labeled with fluorescent proteins (FPs), to study
pharmacokinetics and pharmacodynamics of new fluores-
cent agents, etc. [112].

Clinical applications include intraoperative control dur-
ing tumor removal [113, 114] and monitoring photodynamic
therapy (PDT) with visualization using the fluorescence of a
photosensitizer (PS) administered to patients [115, 116]. Low-
intensity irradiation of PS does not cause a photodynamic
reaction but PS fluorescence can be recorded in the tumor and
the surrounding tissues. PDT is associated with photobleach-
ing, i.e., a reduction in the PS fluorescence intensity, whose
value can serve as a predictor of PDT efficiency [117].

6.2 Fluorescence tomography
Methods of fluorescence tomography use many projections
of a study object irradiated from a fluorescence-exciting
source and registration of emission with the subsequent
reconstruction of the fluorophore distribution in the tissue.
Fluorescence diffuse tomography (FDT) detects multiply
scattered photons, and therefore faces the same problems as
DOT, i.e., high sensitivity to boundary conditions, ill-
posedness of the inverse problem, and limitations on the use
of the diffusion approximation of the RTE.

However, the problem of reconstructing the fluorophore
concentration, unlike that of reconstructing the absorbing
and scattering coefficients, is solved more efficiently even in
the absence of additional data on the object structure.

First, it has been shown that the conditioning number of
the inverse FDT matrix is greater than in DOT because the
fluorophore concentration being reconstructed is nonnega-
tive [118].

Second, FDT provides the possibility of detecting not
only fluorescence but also exciting radiation; the use of an
additional source allows obtaining data on the passage of
radiation through a biotissue in the fluorophore emission
spectrum. These data permit normalizing the fluorescence
signal and thereby reducing the influence of boundary
conditions and variations of absorbing and scattering
coefficients on the resultant solution (the so-called normal-
ized Born approximation) [119]. Moreover, detection of
fluorescence by a spectrometer enhances the accuracy of the
reconstruction by the spectral FDT that uses the tissue
absorption coefficient dispersion [120] (Fig. 11).

Third, FDT typically allows the reconstruction of the
spatial distribution (presence or absence) of fluorophore
rather than its concentration for determining the geometrical
size and localization of a tumor labeled with a genetically
encoded marker. This problem is easier to address once a
priori information is available suggesting that the object
(tumor) being reconstructed is simply connected. FDT is
successfully used in experiments on laboratory animals
using various fluorescent agents [121] and in diagnostics of
breast pathology [122, 123] with the use of indocyanine green
(ICG).

The FDT signal must be strong enough for the correct
reconstruction of the fluorophore concentration, which is
possible only with the use of markers whose excitation and
emission spectra lie in the therapeutic transparency window.
This condition restricts the use of FDT for green, yellow,
and red fluorescent proteins. Far-red proteins, such as
Katushka, mCherry, mRasbery etc., although fluorescent in
the therapeutic transparency window, are excited in the
yellow spectral region, where the tissue absorption coeffi-
cient is still sufficiently high [124]. The higher the absorption
coefficient is, the more intense the background autofluores-
cence (i.e., tissue intrinsic fluorescence) that adds to the
signal being detected and thereby deteriorates the recon-
struction quality [125]. This addition can be subtracted by
means of multispectral measurements at three to six different
excitation wavelengths of an exogenous marker with well-
known spectral characteristics [126]. Such a procedure may
take much time (from 20 min to 1 hour), which is not always
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Figure 11. (Color online.) 3D reconstruction of the geometric size of the tumor expressing fluorescent proteinKatushka in a nudemouse by spectral FDT:

x, yÐtransverse coordinates, zÐdepth. The mouse's body surface is shown in grey color, the reconstructed fluorophore concentration in red.
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allowable in in vivo experiments. To improve the FDT
reconstruction quality, as with DOT, hybrid FDT±CT
systems are created, combining fluorescence and X-ray
tomography [127]. Studies of the distributions of biocompa-
tible nanoparticles containing radionuclide and a far-red
fluorochrome in laboratory animals by PET±CT and
FDT±CT show good correlation between the results
obtained by the two methods [128].

6.3 Fluorescence projection methods for the study
of biological tissues
Because surface methods do not allow studying fluorescence
deep inside biological tissues (down from a few millimeters)
and tomographic techniques are too complicated and time-
consuming, it is sometimes desirable to use an intermediate
approach, e.g., the projection method realized by point-to-
point scanning of a study object with the help of the source
and the detector in a trans-illumination configuration (an
analog of projection DOS). This method reveals the two-
dimensional fluorophore distribution while the Born normal-
ization practically excludes the influence of boundaries and
inhomogeneities of the object optical characteristics.

The projection method yields especially good results
when used to study deep-seated tumors labeled with far-
red proteins [129].

6.4 Spectral and time-resolved separation of fluorophores
Separation of autofluorescence and fluorescence of one or
several exogenous markers mentioned in Section 6.2 can be
realized either by spectral or temporal methods based on the
difference in the respective spectral (excitation and emission
spectra) and temporal (relaxation time) characteristics of
fluorophores.

Spectroscopic measurements are performed by rearrang-
ing the excitation wavelength of the source and/or emission
filters of the detector. Excitation and fluorescence spectra
being usually broad enough (a few tens of nanometers), it is
very difficult to resolve fluorophores with similar spectral
characteristics by this method. Measurement of the lifetime
permits distinguishing between fluorophores with overlap-
ping spectra and can be used to study intracellular processes
in vivo by Forster resonance energy transfer (FRET) between
fluorescent molecules [130, 131].

Temporal measurements became possible with the advent
of short-pulse (nanosecond) laser sources and detectors based
on a time-correlated single-photon counter or camera with an
image intensifier based on a microchannel photocathode
[132±134], allowing photon arrival time to be respectively
resolved up to 1 or 200 ps.

Another way to determine fluorophore lifetime is from the
phase shift between high-frequency (� 50 MHz) intensity-
modulated excitation light and the fluorescent signal being
detected by analogy with the frequency-domain in DOS.

6.5 Fluorescent markers
Studies are currently underway designed to create new bright
fluorescent markers excited in the near-infrared range. Of
special interest among genetically encoded markers (fluor-
escent proteins) are the aforementioned far-red FP and near-
infrared fluorescent proteins (iRFP) [135] with low brightness
but with the excitation spectrum lying in the red range.
Quantum dots are thus far not regarded as potential markers
for in vivo studies, despite their high brightness and the
possibility of generating narrow emission beams in the near-

infrared range, because their potential toxicity remains
virtually unexplored [136]. Indeed, indocyanin green is so far
the sole fluorophore approved by the US Food and Drug
Administration (FDA) for clinical applications in very low
concentrations (the maximum allowable dose is 2 mg/kg,
according to the instructions for use).

Worthy of note are extensively developed markers with
anti-Stokes fluorescence [137], the so-called up-converting
nanoparticles (UCNPs) having a higher-frequency emission
spectra than the excitation spectrum. The spectral properties
of these particles allow completely excluding autofluores-
cence of biotissues known to limit the sensitivity of fluor-
escent methods when fluorophores with the Stokes shift are
used. UCNPs are characterized by nonlinear excitation; the
quantum yield is proportional to the power density when it is
relatively low (below 1Wcmÿ2), as in classical two-photon
fluorescence, but its value can amount to several percent,
which suggests the possibility of using nanoparticles for deep
visualization [138±140]. The quantum yield is less dependent
on the high power density, i.e., the saturation effect takes
place.

Thus, anti-Stokes fluorescence permits excluding the
influence of autofluorescence on the signal being detected,
which restricts the imaging depth when using fluorescent
agents with the usual Stokes shift. Moreover, nonlinear
excitation of UCNPs can be used in FDT reconstruction
algorithms for more accurate localization of these particles
[141]. It was shown in Ref. [142] that UCNPs can be
attached to scFv4D5 mini-antibodies for specific binding
with HER2/neu receptors expressed in human SK-BR-3
adenocarcinoma cells; the imaging depth of these complexes
in the breast can reach 4 mm.

6.6 Near-infrared fluorescence imaging
In the past three years, fluorescence macroscopy, similarly to
microscopy, has extensively employed new spectral wave-
length ranges between 1200 and 1700 nm, where the water
absorption coefficient has a local minimum and scattering
coefficients are several times lower than in the 700±900 nm
range traditionally used for deep fluorescence visualization.

For example, in vivo surface fluorescence imaging with the
use of single-wall carbon nanotubes administered intrave-
nously revealed the structure of the cerebral circulation
system in laboratory animals at a depth up to 3 mm with a
10 mm resolution in the NIR-2a (1300±1400 nm) range [143].

7. Conclusion

It follows from the foregoing that optical methods are being
extensively developed to visualize biological objects at
various levels, from nanoscopy resolving individual mole-
cules to whole-body imaging of laboratory animals and
human organs. The images are constructed depending on
the method in use, based on varying parameters, such as
biotissue absorption and scattering coefficients and the
brightness of endogenous and exogenous fluorophores.

The use of fluorescent and absorbing markers makes
optical methods attractive for the study of molecular
processes. However, they cannot compete with traditional
PET and MRI of large objects due to the limited imaging
depth. This accounts for the great attention given to the
synthesis of new bright fluorescent agents having emission
and absorption spectra in the biotissue transparency window.
Specifically, the fluorescent protein iRFP has been obtained
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to serve as a genetic marker not only for fluorescence but also
for optoacoustic techniques by virtue of its large absorption
cross section and low quantum yield [144]. Another approach
is synthesis of up-converting nanoparticles with the fluores-
cence spectrum shifted toward the short-wavelength region
relative to the excitation spectrum. The use of such particles
practically excludes the influence of autofluorescence back-
ground, limiting the sensitivity of fluorescence techniques
during registration of emission.

One more important issue is the use of new spectral
ranges, e.g., 1300±1700 nm, where the water absorption
coefficient has local minima and scattering is much less
pronounced than in the 700±900 nm range.

It is worthwhile to note that improvement of the elemental
base of optical methods (creation of compact laser systems
and high-frequency detectors, the use of fiberoptic technolo-
gies) along with accumulation of preclinical and clinical data
promotes their increasingly wider application in medical
diagnostics, despite the strong competition of traditional
US, X-ray, and MRI techniques.

Analysis of the market of commercially available instru-
ments for optical biomedical visualization shows that their
application decreases with the size of study objects. In
microscopy, practically any new technology, e.g., STORM,
STED, selective plane illumination microscopy (SPIM), and
ultramicroscopy, is very quickly introduced into industrial
production by big companies such as Olympus, Zeiss, Nikon,
and Leica. In contrast, commercial devices for fluorescence
and optoacoustic visualization of laboratory animals are
much fewer, probably because the market for them is small.
Medical diagnostic tools (OCT, OA, fluorescence micro- and
macroscopy) are even less popular, in the first place because it
is very difficult to have them FDA-approved. Moreover, in
general, clinicians are virtually unaware of new optical
devices and their possible applications.

The present study was supported by the Russian Founda-
tion for Basic Research (grant 13-04-40306-H). The author is
grateful to N M Shakhova, P V Subochev, A G Orlova, and
M Yu Kirillin for their valuable comments and discussions.
Special thanks are due to G V Gelikonov, who provided
STORM and OCT images of biological objects.
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