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Abstract. Methods of optical tomography of biological
tissues are considered, which include pulse-modulation and
frequency-modulation tomography, diffusion tomography
with the use of cw radiation sources, optical coherent tomog-
raphy, speckle-correlation tomography of nonstationary
media, and optoacoustic tomography. The method for con-
trolling the optical properties of tissues is studied from the
point of view of increasing a probing depth in optical coherent
tomography. The modern state and prospects of the develop-
ment of optical tomography are discussed.
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1. Introduction

One of the fields of modern biomedical optics is the
development of methods for probing biological tissues with
radiation in the visible and near-IR regions to visualise their
structure. Interest in such studies is caused by the following
reasons:

(1) the development of safe methods for diagnostics of
tissues; (ii) the outlook for imaging biological structures
with a spatial resolution comparable with the wavelength of
probe radiation; (iii) the possibility of multifunctional diag-
nostics of biological objects; and (iv) the existence of a
unique transparency window of tissues in the spectral range
between 650 and 1200 nm.

A combination of optical methods for visualisation of
tissue structures, which are based on various effects of the
interaction of light with scattering media, is called optical
tomography. Compared to conventional methods (X-ray
tomography, ultrasonic tomography, etc.), optical tomog-
raphy is characterised by some special features. Among
them is a variety of approaches for obtaining information
on the object structure from the properties of detected
radiation. At present, the optical tomography methods such
as optical coherent tomography, modulation tomography,
optical tomography of nonstationary media based on
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speckle-correlation methods, etc. are being developed, as
well as methods using the conversion of probe light to fields
of other nature (for example, optoacoustic tomography). By
comparing the principles of optical tomography and other
methods for visualisation of tissue structures, note that there
is no substantial difference in obtaining information on the
object structure in these methods, which involves a series of
successive measurements of the characteristics of trans-
mitted or reflected probe radiation at different positions
of a source and a detector.

The main problem of optical tomography is related to
the properties of light propagating in tissues as inhomoge-
neous media with the inhomogeneity scale of the order of
the wavelength of light. A light field transmitted through
such an inhomogeneous object is characterised by a con-
siderable excess of multiply scattered components over the
non-scattered (ballistic) component. This complicates the
application of conventional methods for reconstructing
images by detecting the non-scattered component of radia-
tion transmitted through an object (X-ray tomography) or
reflected by the boundaries of layers with different wave
impedances (ultrasonic tomography).

At present, two main trends in the development of
optical tomography exist. The first one, which is called
optical diffusion tomography, deals with the visualisation of
large-scale objects (brain tomography, mammography) with
the aim of detecting newgrowths (hematomas, tumors, etc.).
The second trend is the morphological studies of relatively
thin (~ 1 mm) tissue layers with the help of coherent and
polarisation methods. The rapid development of this field
during the last decade due to the advancement of optical
coherent tomography and applications of this method in
practice was stimulated by a low efficiency of methods of
optical microscopy for studying tissue layers of thickness
0.5—1 mm and thicker.

At the same time, optical diffusion tomography and
tomography methods based on the detection of the ballistic
component of transmitted radiation have the temporal and
spatial resolutions that are insufficient for a morphological
analysis of such objects. In addition, a standard optical
coherent tomography system can be updated for endoscopic
studies of real objects in vivo.

Concerning the development of optical diagnostic meth-
ods, note that biological tissues are characterised by intense
scattering of light in the visible and near-IR regions, and in
some cases, by selective absorption of light caused by the
presence of natural chromophores in tissues (first of all,
hemoglobin and melanin) [1-3]. Light in the visible region
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is absorbed by hemoglobin. Melanin strongly absorbs light
in the short-wavelength visible region, its absorption being
gradually decreased with increasing wavelength. Scattering
of light in biological tissues is caused by a spatial inhomo-
geneity of their structure at the cell and subcell levels, which
is manifested in fluctuations don of the refractive index. The
components of the cellular structure of tissues such as cell
membranes, cell nuclei, mitochondria, and other organelles,
as well as melanin granules are considered as main scatterers
of light.

The relation between the scatterer size and fluctuations
on results in anisotropic scattering of probe radiation. The
degree of scattering anisotropy g = (cos ), which is expres-
sed in terms of the average value of the cosine of the
scattering angle, is large, amounting to 0.65-0.9 (predo-
minantly forward scattering) and even to 0.96-0.98 for
some scatterers (erythrocytes) [4]. In most human tissues,
scattering dominates over absorption outside the absorption
bands (typical values of the scattering coefficient for soft
tissues lie in the range from 10% to 10* cm ™!, while those of
the absorption coefficient yu, are 1072 =10 ecm™) [3].

Due to the absence of noticeable absorption in the
spectral region between 0.65 and 1.2 um, there exists the
so-called transparency window, where the penetration depth
of radiation into a tissue achieves 8§—10 mm. Fig. 1 illus-
trates the existence of the transparency window in biological
tissues. Outside this window, the penetration depth is
limited by absorption of IR radiation by water, which is
one of the main components of tissues (4 > 1.5 um) and
absorption of the short-wavelength components of visible
light by different chromophores, including water [3]. The
existence of the transparency window favours the develop-
ment of optical diagnostics because a variety of lasers are
available emitting in this region.

In this review, we consider various methods of optical
tomography using incoherent and coherent probe radiation.
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Figure 1. Absorption spectra of different tissues showing the transpa-
rency window in the visible (VR) and near-IR range.

2. Physical foundations of optical tomography

The propagation of light in biological tissues can be
described by using the theory of radiation transfer in
random media. There exist two approaches for the des-
cription of this phenomenon [5, 6]: the theory of radiation
transfer, which considers the evolution of the energy flux of

radiation propagating in a random medium, and the theory
of multiple scattering, which describes the wave properties
of scattered light fields in random media. Although, unlike
the theory of multiple scattering, the theory of radiation
transfer cannot describe interference effects upon scattering
of coherent radiation, a fundamental interrelation exists
between these two approaches, which is determined by the
relation between the angular spectrum of the ray intensity,
obtained within the framework of the radiation transfer
theory, and the spatial correlation function of fluctuations
of a scattered field, which is obtained in the theory of
multiple scattering [6]. This interrelation allows one to
introduce a universal characteristic for the description of
light propagation in a random medium — the density p(s) of
distribution of the optical paths of components of the
scattered field [7—10]. This universal characteristic makes it
possible to obtain the parameters of the scattered field as
the integral transformations of p(s) with the corresponding
kernels [7, 8, 11—13], while the function p(s) can be obtai-
ned within the framework of the radiation transfer theory.

The most rigorous analysis of the propagation of light in
a random medium involves the solution of a radiation
transfer equation, whose scalar form, in the case of mono-
chromatic light, is [5, 14]

sVI(r,s, 1) 0I(r,s, 1)
Iy
Hy ot

Hg
4mpy

=—1I(r,s,1) +

t .
XJ {J I(r,s', Op(s’ t' s, 0)dt’ dQ—i—M, (1)
4n

4n Hy

where I(r,s, ) is the ray intensity of light scattered at the
instant of time ¢ at the point r in the direction s; p(s’, t', s, 1)
is a time-dependent phase scattering function, which cha-
racterises the angular distribution of the radiation flux
scattered by an elementary volume; Q is the solid angle;
= M, + 4 1s the extinction coefficient; S (r, ¢) is the source
function; #; = I/uc is the characteristic time of radiation
propagation in a medium between the successive events of
interaction with local inhomogeneities; and c¢ is the speed of
light in a medium. In the general case, the solution of
equation (1) with arbitrary boundary conditions in the
analytic form is impossible. For this reason, Monte Carlo
simulations of the photon transport in media are most
convenient for analysis of radiation transfer in media with a
complicated structure [15—17]. In the case of an adequately
chosen scattering model, in particular, the phase function
p(s’,t',s, 1), the Monte Carlo simulations allow one to
obtain an exact solution of the photon transport problem,
whose macroscopic form corresponds to equation (1) with
specified boundary conditions. This is used in verifying the
validity of approximations of the radiation transfer equa-
tion, when the analytic solution is compared with Monte
Carlo simulations [18, 19].

When the directed component 7(r, s, t) can be neglected
compared to the isotropic component, equation (1) is
transformed to the diffusion equation [5, 6]
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where U(r, ?) is the diffusion component of the ray intensity;
Uy = Uy + (1 — @ug; and Sy(r, ¢) is the diffusion radiation
source function.

The function U(r, t), obtained by solving equation (2), is
associated with the photon density at the point with
coordinates r at the instant of time ¢, which is obtained
by the Monte Carlo method. Outside a scattering medium,
U(r,t) = 0. The condition of applicability of approximation
(2) to the description of the intensity distribution of
radiation scattered in a random medium can be formulated
as L>[(1 —g),us]fl, where L is the distance between a
source and a detector. The parameter [* = (ul) ' =
[us(1 —g)]_l, which is called the transport length, plays
an important role in the description of radiation transfer, by
determining the path of a light beam in a medium at which a
collimated light beam is transformed to diffuse radiation.
Another condition of the applicability of the diffusion
approximation is a weak absorption in a scattering medium,
which is expressed by the condition /* < u, h

When these conditions are violated (for example, when
radiation scattered near sources or radiation transmitted
through a thin scattering layer with anisotropic scattering
are detected), the diffusion approximation leads to sub-
stantial discrepancies with experimental data or Monte
Carlo simulations (‘the crisis of the diffusion approxima-
tion’ takes place) [20, 21]).

Despite these limitations, this approach can be applied
to a number of problems of the propagation of light in
biological objects (for example, in brain), which allows the
use of the method for solving the boundary problems of
diffusion and thermal conductivity in optical diffusion
tomography. The solution of equation (2) for specified
boundary conditions is related to the probability density
p(s). In the simplest case of an isotropic point source
1,6(r) (") embedded into an infinite medium, when scat-
tered radiation is detected with a point detector, the
function p(s) can be found from the Green function of
equation (2) by making the substitution s — c(z — t').

To solve diffusion equation (2) for media with a
restricted geometry, it is necessary to specify the boundary
conditions and source functions taking into account the
following restrictions [22—24].

(1) Upon probing a medium with a collimated light
beam, a source of the diffusion component is localised not
on the medium surface but at some depth z, ~ [*, because
the directed component is transformed to the diffusion one
at the depth of the order of /*. Therefore, the source
function should have the form I;d(z — zp)p(x, V(). Tt is
also possible to use not a localised source but a source
exponentially distributed over the depth, which corresponds
to the transformation of the directed component to the
diffusion one in a near-surface layer.

(2) The boundary condition for a classical diffusion
problem is written as U(r,1)|,_o =0 (2 is the boundary
surface of a region where diffusion occurs). As applied to
the diffusion of radiation, this condition should be modified
to take into account the influence of reflection of light from
the boundary. For example, in the case of diffusion of light
in a semi-infinite medium, which is of interest for applica-
tions in diagnostics, when backscattered radiation is
detected, this results in the boundary condition in the

form U(r, t)\_,:fzp =0 (z, is the extrapolation length), i.e.,
the diffusion component vanishes not on the geometrical
boundary but at some distance z, from it. The ratio z,//"
depends on the reflectivity of the boundary.

The problem of diffusion of radiation in restricted
regions can be solved using a standard method for solving
boundary problems; for example, for regions representing a
half-space or layers, the method of sources is used [9].

The influence of absorption on the transport properties
of a scattering medium is an important question. The
diffusion coefficient in the diffusion theory is D = ¢/3[u,
+(1 — g)u]. At the same time, it was shown in papers
[25—28] that the best agreement between the experiment
and diffusion theory was achieved when D was assumed
independent of y, (i.e., D = ¢/3(1 — g)p). This allows one
to analyse the statistics of optical paths in an absorbing
medium by calculating the probability density p(s) for a
non-absorbing medium with the specified values of p and
g, and then take into account absorption by introducing the
Bouguer factor exp (— ugs) in the expression for p(s).

A number of attempts have been made to modify the
diffusion approximation and to use other methods for
approximate solving equation (1) in order to obtain an
analytic description of radiation transfer near the bounda-
ries of a scattering medium, as well as in the cases of strong
absorption and anisotropic scattering. Some results were
obtained using the P, approximation [29] based on the
representation of the radiation flux in a medium expanded
in spherical functions to take into account the scattering
anisotropy (the diffusion approximation is equivalent to the
P, approximation).

The radiation transfer described by a three-dimensional
telegraph equation was considered in paper [30]. According
to this approach, the derivative 32 U(r, t)/@t2 in the right-
hand side of this equation takes into account the evolution
of the ballistic component because the behaviour of the
solution of the telegraph equation at small space-—time
scales is similar to that of the wave equation. At large times
and distances, the solution of the telegraph equation tends
asymptotically to that of equation (2).

The presence of regions with the values of u, and
different from the average values in a scattering volume
results in the difference of the function U (r, 1) and, hence,
the probability density of optical paths p(s) from U (r, t) and
p(s) for a homogeneous medium under similar conditions of
irradiation and detection:

Ulr, 1) = Ulr, 1) + AU(r, 1), pls) = p(s) +Ap(s),  (3)

where AU(r,t) and Ap(s) are the perturbations of the
functions caused by inhomogeneities. The problem of
optical tomography can be formulated as the reconstruction
of the distributions p,(r) and p,(r) from the scattered
radiation intensity or the probability density p(s) measured
at a finite number of points at the boundary of a scattering
volume.

3. Pulse-modulation optical tomography

Fig. 2a illustrates the principle of probing scattering media
by short light pulses, which are used in pulse-modulation
tomography [31-38]. Upon detection of radiation trans-
mitted by an object in the direction of propagation of a
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probe beam, a pulse of diffusely scattered radiation is
preceded by a ballistic precursor, which is caused by a non-
scattered component and is delayed relative to a probe
pulse by the time 7~ L/c¢ (where L is the thickness of a
scattering medium).

ty~ Lfc
L tg~L* e
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Figure 2. Pulse-modulation probing (#, and ¢4 are the delay times of the
ballistic and diffusion components) (a) and the shapes of pulses of
diffusely scattered radiation upon probing a semi-infinite medium by a
localised source and detecting radiation by a point source (b) and detec-
ting backscattered radiation from the entire surface (c). The medium
parameters: u, =6 cm™', g, =0.004 cm™', g =07, n =14, d is the
distance between the source and detector, R(7) = I(1)/I.

The amplitude of the ballistic precursor upon probing
extended objects (for example, brain) is substantially smaller
than the amplitude of the diffusely scattered component. In
particular, for typical values of the extinction coefficient of
biological tissues p, = pig + g, ~ 10 — 100 cm™' within the
transparency window and L = 0.2 m, the intensity of the
non-scattered component will be only 107 — 107°% of the
probe-beam intensity, which imposes very strict require-
ments to the detection sensitivity. The shape of the pulse of a
diffusely scattered component is determined by the proba-
bility density p(s) for the specified observation conditions:
I(t —ty) ~ plc(t — 1y)], where ¢, is the arrival time of a
probe pulse to a medium.

Figs 2b, ¢ show the shapes of pulses of diffusely
scattered radiation calculated in the diffusion approxima-
tion upon probing a semi-infinite medium by a short pulse
emitted by a localised source (for example, from an optical
fibre). The curves in Fig. 2b correspond to the detection of
scattered radiation with a detector with a small area, which
is located at different distances from the source. The curve
in Fig. 2c corresponds to the detection of scattered radiation
from the entire surface of the medium. The function R (¢) =
I(t)/1, can be interpreted as the time-dependent diffuse
reflection factor of the medium. The measurements of
characteristics of the diffusely scattered radiation pulse
can be used for determining the optical parameters of
scattering media.

The tomographic images of scattering objects can be
reconstructed by detecting both the ballistic component and
the diffusely scattered component. The choice of probing
method imposes certain restrictions on the parameters of
sources and detectors used in experiments. The ballistic
component is detected by using the absorption tomography
involving the formation of ‘shadow’ projections of the
object structure. The brightness of an image in a given
point is determined by the integrated absorption of the non-
scattered component transmitted by the object along the
chosen direction. This allows the reconstruction of images
by using conventional methods of absorption tomography
based on the Radon transformation.

This method imposes stringent requirements on radia-
tion sources and photodetectors. To separate a ballistic
precursor, it is necessary to use gating matched with the
duration of a probe pulse. When the gate width is increased,
the contribution to the detected signal from components
that have experienced a few scattering events also increases,
as well as the contribution from components that have
experienced many scattering events but propagate predomi-
nantly along the probe beam. This reduces the contrast of
the object image. The gating of the ballistic precursor should
be performed with the gate width of the order of (u,c) ™", i.e.,
of the order of time of the light propagation between two
successive scattering events. The estimate of the gate width
for typical values of p, for biological tissues within the
transparency window gives the value of the order of 1 ps.
The authors of papers [39—41] studied the possibility of
separating the ballistic and diffusion components of radia-
tion transmitted through an object. In particular, the
relation between the properties of the medium and the
parameters of a probe pulse was found [40], which allows
one to obtain the real bimodal shape of the detected pulse,
whose first peak corresponds to the non-scattered compo-
nent (see Fig. 2a).

Another circumstance, which plays an important role in
tomographs based on the detection of first arrived photons,
is the necessity of detecting small-amplitude pulses. This
problem is solved by using photomultipliers operating in the
photon counting mode and the correlation processing of
successive photocounts. In the case of a considerable optical
thickness of objects and biologically safe power densities of
probe pulses, this requires the accumulation of many
realisations of the detected signal.

The discrimination of the diffusion component for
separating the ballistic precursor can be performed elec-
tronically or optically. For example, it is possible to use
interference between the non-scattered component and a
specially formed reference beam, in particular, in nonlinear
optical media [42, 43]. The detection of a ballistic compo-
nent by the method of heterodyne interferometry was
considered in paper [44]. The polarisation discrimination
of detected radiation [45, 46] provides an additional increase
in the signal-to-noise ratio upon separation of the non-
scattered component, because upon probing scattering
media by linearly polarised radiation, the polarisation of
the ballistic component corresponds to that of the probe
radiation, whereas the diffusion component is almost
completely depolarised.

Another approach to the optical gating of a ballistic
precursor is the use of the light-controlled optical Kerr
switches. This method was first used by the Alfano group in
the USA [47—-49]. It was shown that detection of the first
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photons incident on a tissue sample in vitro containing an
anomalous region with the high value of yg, which consisted
of cancer cells, allows one to obtain more contrast projec-
tions of the object compared to the detection of the diffusion
component. It is also possible to amplify the ballistic
precursor selectively (for example, using Raman scattering
[50, 51] or parametric light conversion [52].

The pulse-modulation method of probing based on the
detection of the diffusion component can be also used for
tomographic imaging of scattering media. This was first
demonstrated in paper [53]. The requirements imposed on
the time resolution and sensitivity of a pulse-modulation
tomograph are not very stringent because the duration of
the pulse of a diffusion component can achieve hundreds of
picoseconds and its amplitude is several orders of magnitude
greater than that of a ballistic precursor. The main problems
encountered in this approach are related to the development
of the algorithms for the reconstruction of images from the
pulsed responses of the source-object-detector system meas-
ured at different points. The reconstruction procedure
involves the following basic stages: (i) the subdivision of
an object under study into a set of finite elements and
specification of the initial values of x, and uy for each of the
elements; (ii) the choice of the optimal arrangement of
sources and detectors on the object surface, which allows
probing of all elements; (iii) measurements of pulsed res-
ponses for each position; (iv) calculations of pulsed
responses for each position based on the specified values
of u, and uj for each element of the object; (v) comparison
of the calculated and measured pulsed responses and (if
necessary) correction of the initial set of values of p, and pu?.

The last two stages are repeated until the minimum of
the deviation of the calculated pulsed response of the
scattering medium from the measured pulsed response is
found. The pulsed response can be calculated by solving
numerically the nonstationary diffusion equation or using
the Monte Carlo simulation. In the last decade, many
efficient algorithms were developed for solving an inverse
problem of the pulse-modulation optical diffusion tomog-
raphy, including calculations based on the inversion Monte
Carlo method.

Picosecond diode lasers emitting ~ 50-ps, 10-pJ pulses in
the region from 600 to 1500 nm, Q-switched solid-state
lasers (in particular, a Ti:sapphire laser tunable between
690 and 980 nm), and dye lasers are used in pulse-modu-
lation systems as radiation sources. Avalanche photodiodes,
photomultipliers, and image tubes with image intensifiers
(streak cameras) are used as photodetectors.

The development of modern systems of this type is based
on the common principles implying the use of a multi-
channel system for coupling radiation to an object under
study, the presence of several sources of probe radiation at
different wavelengths, and the use of a multichannel system
for collecting and detecting scattered radiation.

In one of such systems, radiation emitted by three diode
lasers is delivered successively through an optical demulti-
plexer to 64 input points, which are uniformly distributed
over the object surface [54]. The radiation source is con-
nected to the corresponding input point with the help of a
1 x 64 switch. Scattered radiation is detected simultancously
with 64 photomultipliers operating in the photon counting
mode. Photocounts are subjected to a simultaneous corre-
lation processing in each of the 64 channels. The time of
reconstruction of the object image from a set of 63 x 64

realisations of detected signals is approximately 30 min.

A pulse-modulation tomograph described in paper [55]
also uses multichannel probing and detection. A radiation
source is a Ti: sapphire laser, which provides probe pulses of
a higher energy compared to diode lasers and is tunable in a
broad spectral range. Laser radiation is delivered to an
object through a fibre switch and 32 fibres. The scattered
light is detected with a photodetector consisting of 32 fibre
bundles and multianode microchannel photomultipliers.
The total data accumulation time during the image recon-
struction is approximately 10—20 min and is determined by
the data collection time for each position of the radiation
source and by the switching time of the channels of the
illuminating system. Tests revealed the following problems,
which are typical for pulse-modulation multichannel sys-
tems: (i) the necessity of taking into account the differences
in time delays upon propagation of a probe pulse in fibres
from a source to an object and from an object to photo-
detectors; (ii) the presence of time drifts (approximately
equal to 5 ps h™!) even in the case of a long warming up of
the equipment; (iii) the interchannel interference of measu-
red signals; (iv) the presence of reflections from fibre ends,
which distort detected pulses.

After data accumulation, an image is reconstructed with
the help of the TOAST (Temporal Optical Absorption and
Scattering Tomography) program [56].

A factor that substantially restricts the real-time appli-
cation of pulse-modulation optical diffusion tomography is
the type of object probing — a cycle of successive switchings
of a source between fibres that deliver radiation to different
regions of the object. In paper [57], another method was
proposed in which an illuminating system consisting of
fibres of different lengths was used. The length of each of the
fibres was chosen so that to provide the required delay upon
propagation of pulses in adjacent fibres. Upon coupling
radiation into fibres, an object is probed by a sequence of
pulses, and the position of each pulse in the sequences of
pulses of scattered radiation detected by photodetectors
corresponds to a certain source—detector pair.

Nitrogen laser-pumped dye lasers emitting at 750 and
820 nm were used as radiation sources. The probe-pulse
duration was 500 ps and the pulse repetition rate was
40 MHz. The authors note that the image reconstruction
time increased when strongly scattering objects were probed
because it was necessary to accumulate the realisations of
detected signals.

Note that companies IDS (USA) and Philips (Holland)
manufactured in 1995-1996 pulse-modulation tomographs
for diagnostics of milk gland cancer [58]. An IDS tomo-
graph uses a Q-switched Ti:sapphire laser, and the light
transmitted by an object is detected with an avalanche
photodiode array. Clinical tests of this tomograph revealed
some technical problems caused by the instability of laser
radiation and losses in optical fibres. Philips also ceased
recently to manufacture its tomograph.

Nevertheless, the successful clinical applications of
pulse-modulation tomographs for diagnostics of milk gland
cancer and tomography of the brain of newborns were
reported in Refs [58 —60]. The prospects for the development
of this field depend on the improvement of the equipment
(the advent of reliable and low-cost short-pulse radiation
sources and fast detectors, an increase in the data processing
rate) and the creation of multifunctional systems for a
biochemical analysis of biological tissues in real time.
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4. Frequency-modulation tomography

Another method of the modulation optical tomography is
based on the use of microwave-modulated probe radiation
and analysis of the amplitude-phase characteristics of
scattered radiation for different positions of a source and
a photodetector relative to an object. Upon the diffuse
propagation of modulated radiation in a scattering
medium, described by equation (2), this equation in the
frequency domain takes the form that is equivalent to the
Helmholtz equation [9, 61]

SO ("7 CO)

(V2 + K U(r0) = ===,

“4)

where K2 = (iw — cu,)/D. By considering the propagation
of radiation with the spectrum P (w) in an isotropic infinite
medium from a point source located at the point r = 0, we
can easily obtain that, upon the harmonic modulation of
the source P(w) = Ppcd (w) + Pacd (@ — @g) (Ppc = Pac),
the solution of equation (6) is a spherical wave, whose
amplitude is described by the expression [61]

P
Unc(r,mg) = 2%
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and the wave phase is
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where ¢, is the initial phase of the wave specified by the
source.

This allows us to consider transfer of harmonically
modulated radiation in a medium by using the decaying
photon-density waves , which are characterised by the value
of the wave number equal to [ex,/(2D)]"{[1 + o x
(c?u2)'1%° = 11°°. The parameter cu, can be treated as
a critical modulation frequency, which determines the decay
of photon-density waves in the medium. Thus, for y, =
0.1 cm™' and the refractive index of the medium n = 1.4, the
critical frequency is o, = 2.14 GHz. For w; < o, the
decay coefficient of photon-density waves weakly depends
on the frequency and can be estimated as {3u,[u, + (1—
)}

It follows from the general properties of the solution of a
scalar wave equation that photon-density waves should
exhibit a number of the ray and wave effects, such as
reflection and refraction at the interface of two media with
different properties, interference of the waves from two
sources, and diffraction from local inhomogeneities [62—65].

The frequency dependences of the wave number and of
the decay coefficient of photon-density waves determine the
relation between the resolution of the frequency-modulation
method and the maximum thickness of a layer being probed,
which is typical for the methods of probing scattering media
with the use of wave fields. For most applications in medical
diagnostics, the optimal frequency of probe radiation lies in

the range from 50 to 500 MHz. Upon probing an inhomoge-
neous medium with a restricted geometry, the scheme of the
image reconstruction is similar to that described in this
section. In this case, the amplitude and phase of the detected
signal are used as characteristics measured at different
positions of a source and a detector [65—72]. The possi-
bilities of this method can be expanded, for example, by
probing an object at two different wavelengths, when the
phase difference of probing signals is equal to 180°.

Clinical applications of frequency-modulation optical
tomography is mainly related to brain tomography (detec-
tion of endocranial hematomas, functional brain
diagnostics, in particular, analysis of hemodynamics) and
diagnostics of milk gland cancer (optical mammography).
Fig. 3 shows the scheme of a Siemens AG optical tomo-
graph (Germany) [73]. Four laser diodes emitting at 690 nm
(the modulation frequency is 69.50 MHz), 750 nm (69.80
MHz), 788 nm (70.20 MHz), and 856 nm (70.45 MHz) are
used as radiation sources. Laser radiation is delivered and
scattered radiation is collected with optical fibres. Synchro-
nous mechanical scanning of an object by transmitting and
input fibres makes it possible to obtain two-dimensional
projections of the inner structure of the object. The scan
time required for obtaining a two-dimensional image is
2 min. Comparison of X-ray and optical tomograms of the
same object shows that, in the case of a sufficiently high
contrast of the latter allowing reliable diagnostics of new-
growths, their spatial resolution is worse due to the diffuse
propagation of light in the object. Despite this fact, optical
diffusion tomography represents a promising trend in
clinical diagnostics, first of all due to the use of biologically
safe probe IR radiation.
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Figure 3. Scheme of a Siemens AG optical mammograph: (/) object
positioner; (2) fibre delivering radiation to an object; (3) fibre for
receiving radiation; (4) fibreoptic 4 x 1 multiplexer; (5—8) laser diode
array; (9) control and processing unit; ( /0 ) photomultiplier.

One of the promising trends in the development of
frequency-modulation tomography is related to the use of
multielement phased radiation sources (method of ampli-
tude —phase compensation) [74—76]. This approach allows
one to increase the spatial resolution due to interference of
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photon-density waves from different sources. When two
sources are used, which emit photon-density waves of the
same amplitude and frequency with the phase shift 180°, and
a detector is located in the region where the path difference
of the waves from the sources is zero, the amplitude of the
detected signal in an isotropic scattering medium is also
zero.

The presence of inhomogeneities in the region of
propagation of photon-density waves results in the violation
of phase matching. Experiments with model media showed
that the spatial resolution in the case of localisation of an
absorbing inhomogeneity achieves 1 mm; similar values are
expected in the case of scattering inhomogeneities.

Fig. 4 shows the scheme of a frequency-modulation
tomograph with the use of the amplitude—phase compen-
sation [77]. The probe radiation was formed and scattered
light was detected by using the principle of heterodyne
processing of signals, which allows one to perform high-
precision phase measurements in a low-frequency range.
Eight laser diodes emitting at 780 nm were used as radiation
sources. The carrier frequency was 50 MHz, and the
detected frequency was 1 kHz. Radiation was detected
with four photomultipliers. The laser diodes and photo-
multipliers were accommodated in a housing of size
9 x 4 cm. The measurement cycles, corresponding to 16
different combinations of laser diodes and photomultipliers,
were repeated each 16 s.
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Figure 4. Scheme of an optical tomograph with phase compensation: (/)
generator; (2) phase detector; (3) heterodyne; (4) modulator; (5)
processing unit; (6) phase divider; (7, 11) switches; (8,...,8,) laser
diodes; (9) object; (104, ...,10y) photomultipliers.

The use of several laser diodes emitting at different
wavelengths instead of each laser diode extends the func-
tional possibilities of the tomograph. A tomograph for
functional brain diagnostics of newborns was discussed
in paper [78]. In this tomograph, two lasers emitting at
750 and 830 nm were used instead of each laser diode. The
use of 750-nm radiation instead of radiation at 780 nm
results in a more than twofold increase in the intensity of a
detected signal due to a weaker attenuation of probe
radiation. A two-wavelength (750 and 830 nm) tomograph

with compensation containing nine laser diodes and 21 sili-
con photodiodes is described in paper [79]. This tomograph
is used for diagnostics of milk gland cancer and produces
high-quality images for a sampling time of about 8 s.

The authors of papers [80, 81] described a frequency-
modulation tomograph for visualisation of extended scatter-
ing objects (of size up to 140 mm) with parameters that are
typical for tissues within the transparency window. The
probe radiation modulated at 100 MHz was produced by
diode lasers emitting 15—30 mW at 775, 808, and 818 nm.
The radiation was coupled to an object through 12 fibres of
diameter 600 pm, and 32 fibres were used to collect scattered
light. Scattered radiation was detected with a Hamamatsu
R636-10 photomultiplier operating in the photon counting
mode. The sequence of photocounts was processed by the
method of time-resolved photon counting, which gave the
histograms of distribution of photocounts over the modu-
lation period. These histograms were used to obtain the
amplitude—phase characteristics of the detected signal.
Images were reconstructed by means of a specially develo-
ped fast projection algorithm; the reconstruction time of an
object of size up to 140 mm was 5—10 min.

5. Optical diffusion tomography with the use
of cw radiation sources

This method of diagnostics does not use modulated probe
radiation, but is based on the measurement of the intensity
of diffusely scattered radiation at different positions of a cw
radiation source and a detector. The intensity distribution
at the detection points for given positions of the source can
be obtained by solving a stationary diffusion equation with
the corresponding boundary conditions or by the Monte
Carlo method. The visualisation of the object structure
consists in the obtaining of the distribution y,(r) by solving
the inverse problem of radiation diffusion using the
intensity values measured at a finite number of points.
The first attempts to obtain the images of biological objects
by this method were made in 1984—1991 [82-83].
However, because the diffuse propagation of radiation
hinders the reconstruction of images with the resolution
and contrast that would be adequate for medical diag-
nostics, a further progress in optical diffusion tomography
was determined mainly by the development of modulation
methods.

Nevertheless, optical diffusion tomography using of
continuous radiation in the wavelength range from 650
to 1200 nm is applied at present in medicine for the
functional diagnostics and visualisation of the object
structure. An obvious advantage of this method is its
simplicity: the method does not require short laser pulses,
fast photodetectors, and high-frequency devices for data
processing. One of the laboratory and clinical applications
of this method is the monitoring of the activity of the
cerebral cortex, which does not require a high spatial
resolution and is performed by the oxygenation level by
measuring absorption of probe radiation at several wave-
lengths [86—89]. In [89], a tomograph is described in which a
radiation sources (incandescent lamps) and detectors (pho-
todiodes) are accommodated in a housing of size 9 x 4 cm.
Nine sources and eight detectors combined in pairs were
used. In each pair, scattered light was detected at wave-
lengths 760 and 850 nm through interference filters with the
half-width of the transmission band equal to 9 nm.
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The authors of paper [90] described a simple tomograph
with a cw He—Ne laser and a CCD camera for detecting
scattered radiation. In this tomograph, imaging was per-
formed in diffusely scattered light. The tomograph allowed
the visualisation of inhomogeneities in a strongly scattering
medium at the depth up to 1.5 cm. A fast algorithm for the
reconstruction of quasi-three-dimensional images of optical
inhomogeneities was developed.

6. Algorithm for solving inverse optical diffusion
tomography problems

At present, many algorithms for solving inverse optical
diffusion tomography problems have been developed [91 -
103]. A detailed description of these algorithms is beyond
the scope of this review. We will consider here the principles
of solving inverse problems, which can be used in different
optical diffusion tomography modifications, for some
examples characterised by original approaches. In particu-
lar, the authors of paper [96] proposed the method for
reconstructing images in frequency-modulation tomography
from a set of the measured values of the amplitude and
phase of scattered radiation. The algorithm is based on the
methods of the perturbation theory, according to which the
spatial distributions of x, and u. in the volume being
probed can be represented in the form

(1) = gty + Apy(r); pl(r) = ui + Apg(r). (7)

The Helmholtz equation should be replaced by the equation
for the perturbed values of the intensity of the diffusion
component

V2 +K?|U(r) = % + 2A(r) U(r), (8)
0

where A is a parameter; K and D, correspond to the
unperturbed parameters of the object; the function A(r) is
determined by the perturbations of y, and u%. The complex
amplitude of a photon-density wave can be expanded into a
series in powers of A

Uac(r) = Unco(r) + AUnci (r) + 27 Upca(r) + ..., (9)

where a term of the order N is determined by the recurrent
expression

Unen(re) = [G(w)A(v) Uncyor(nde; (10)

ry determines the position of a detector; and G(r,ry) is the
Green function for the Helmholtz equation.

The coefficient u; can be considered constant over the
volume for many applications, and fluctuations of x, can be
assumed small and gradually changing. In this case, A(r) =~
¢Ap,(r)/ Dy, and only the linear term in expansion (9) can be
considered in calculating the amplitude and phase of the
photon-density wave. By dividing the volume being probed
into n elements of size i, we can reduce the problem of
reconstruction of p,(r) to the solution of a system of linear

equations
U, (rs, 1), Ty ... Ty, Ap, (ry)
Uilrgra)y | _ | Tor---Ton || Apa(ra) (1
U] (rw’d)m Tml Tmn A:ua(yn)

where the matrix elements 7}, can be represented in the
form

h3

Ty = G(rdkv Vm) Uy (rsk - rm) C_Do .

The authors of papers [97—100] considered the efficient
algorithms for solving inverse optical diffusion tomography
problems using the method of ‘average trajectories’. The
method is based on the fundamental property of the
solution of the diffusion equation, which is manifested in
the relation between the functions U (r, t) and U (1, 7) in the
form of the integral transformation with the Green function
of the diffusion equation as a kernel. This relation allows
one to represent the relative change Al/1 in the optical signal
caused by inhomogeneities of the object in the form of a
curvilinear integral over the trajectory describing the posi-
tion of the centre of a photon cloud propagating in the
medium from a source to a detector:

—In <1 fAJ) - frp"w di,

7) =l ) (12)

where Ly, is the mean photon path in the medium; v (/) is
the instant rate of propagation of the photon cloud along
the trajectory; and (du,)(/) is the change in the absorption
coefficient along the trajectory. Here, we can see the
analogy between diffusion tomography and absorption
tomography, when the signal attenuation is caused by
absorbing inclusions along the probe-beam trajectory.

Nonlinear statistical algorithms for solving inverse
optical diffusion tomography problems in real time were
described in papers [80, 81, 101, 102]. The algorithms are
based on the hypothesis about the interrelation between the
probability P,~]’» of detecting an inhomogeneity in the ijth
measurement and from the difference between photon fluxes
detected in the presence or the absence of an inhomogeneity
in the object: Pj; ~ @; — @;. The spatial distribution Pj; is
determined by the probability density p; () ~ Py fi(r),
where f,} (r) is the three-dimensional distribution of the
probability of propagation of photons through the point
with the coordinate r of the object detected in the ijth
measurement.

The reconstruction of the image of the object structure
consists in the determination of a complete three-dimen-
sional distribution of the probability of finding
inhomogeneities at different points of the object, which is
defined by the product [];P;f;(r). The values of
Ad; = tpi;—d)i,- required for this are obtained from the
experiment, while the values of f,;; (r) are determined from
Monte Carlo simulations or by using approximate analytic
methods. Experiments with model objects containing
absorbing inhomogeneities have demonstrated a fast opera-
tion of the algorithm along with an adequate quality of
reconstructed images.
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7. Optical coherent tomography

The method for studying tissue structures, which is called
optical coherent tomography and is based on the low-
coherence interferometry, was first proposed in papers
[104, 105]. At present, several hundreds of papers devoted
to the application of optical coherent tomography for a
morphological analysis and visualisation of tissue structures
have been published. We will mention here only the most
important papers. These are the studies of the groups at the
Vienna University (Austria) [104—107], Massachusetts
Institute of Technology (USA) [108—110], and at the
Institute of Applied Physics, RAS (Nizhnii Novgorod,
Russia) [111-115].

Fig. 5 shows the scheme of a fibre interferometer with a
low-coherence source applied for the visualisation of the
object structure. Scanning of the object over the depth (in
the z direction) is performed by moving a reflector in a
reference arm of the interferometer. In this case, the
amplitude of the detected signal is proportional to the local
value of the reflection coefficient of the medium at the
probing depth. Scanning in the transverse direction is
performed by moving the probe-beam axis with the help,
for example, an electromechanical scanning system.

0 60 120 180 z/um

Figure 5. (a) Scheme of a fibreoptic interferometer with a partially cohe-
rent radiation source used in optical coherent tomography: (/) source;
(2) fibreoptic interferometer; (3) object channel; (4) object; (5)
detector; (6) reference channel; (7) processing unit. (b) Typical pulsed
response of the optical coherent tomography system.

The presence of local regions in the medium under study
with optical characteristics that differ from the average
values leads to a change in the amplitude of the detected
signal. Therefore, the time dependence of the signal
amplitude during one cycle of longitudinal scanning can
be used for the reconstruction of the distribution of the
reflection coefficient over the depth for a specified position
of the probe beam.

In practice, the signal-to-noise ratio is increased by
averaging the local values of the reflection coefficient, which
were obtained from the sequence of realisations of the
detected signal upon periodic scanning the given region of a
sample. Fig. 6 shows the shape of the output signal of the

optical coherent tomography system obtained for model
media (gel base with polystyrene microparticles as a filler).
The peaks of the detected signal at the initial and final stages
of the longitudinal scan cycle are caused by reflections from
the walls of a cell with a sample. The attenuation of the
signal with depth is determined by the distribution of u,.
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Figure 6. Shape of the output signal of a low-coherence interferometer
upon probing a model object.

The maximum probing depth of scattering media is
small and comparable with the transport depth /¥, i.e., it is
of the order of millimetre. For this reason, optical coherent
tomography is now applied in medicine mainly for optical
biopsy of the surface layers of tissues in vivo. A specific field
is a visualisation of the inner structure of the human eye.
The eye tissues, except sclera and retina, have small
extinction coefficients, so that a high signal-to-noise ration
can be achieved upon probing over the entire depth. Papers
[104—-107, 109, 116—121] are devoted to various applica-
tions of optical coherent tomography in ophthalmology.

An important parameter of an optical coherent tomo-
graph is its resolution over depth, which depends on the
width of the source spectrum and is described by the
expression

22 ¢

A
TTLOAY

(13)

where /. is the central wavelength and AZ is the half-width
of the emission spectrum. Therefore, if a superluminescent
diode with /. =820 nm and AZ=20nm is used as a
radiation source, then Az will be approximately 15 pm. The
resolution of optical coherent tomography systems can be
improved by using broadband radiation sources and
detectors. As radiation sources, either cw laser diodes
(superluminescent diodes or lasers operating below the
threshold) or repetitively pulsed lasers emitting ultrashort
pulses are used. In the latter case, it is necessary to use
picosecond and subpicosecond probe pulses to obtain a
sufficient resolution over depth.

The development of an optical coherent tomography
system with a micron resolution was reported in paper [122].
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A radiation source was a Q-switched Ti: sapphire laser with
A/ ~ 350 nm and /. =800 nm, which gives the resolution
Az ~ 1 pm. Such a broad laser emission band was achieved
due to the use of specially manufactured cavity mirrors and
intracavity dispersion compensators. The design of a fibre
interferometer was optimised (Fig. 7) to reduce the dis-
persion distortions of an optical signal. This was achieved
by using fibre polarisation elements and compensators of
phase distortions. The half-width of the pulsed response
function of this system was 1.5 um, which provides the
visualisation of the tissue structure with the intracell
resolution. In particular, the tomographic images of cellular
structures of a tadpole of the African frog are presented in
[122]. They were obtained with a resolution of 1 x 3 pm and
allow one to identify different organelles inside cells and to
analyse the dynamics of the development of the cellular
structure (different stages of mitosis for several cells are
shown). However, paper [122] only demonstrates the
possibilities of the method, because the complexity of
such systems and a high cost of radiation sources and
optical elements of the interferometer restrict their use in
clinics.

Figure 7. High-resolution femtosecond laser optical coherent tomo-
graphy system: (/) Ti:sapphire laser; (2, 5, 16, 17) lenses with com-
pensation for dispersion distortions; (3, /3) fibreoptic couplers; (4, 14)
fibreoptic polarisers; (6, 7) dispersion—distortion compensators; (&)
reference mirror; (9) processing unit; ( /0) amplifier; ( /1, 12) detectors;
(15) system for transverse scanning of a sample.

The use of additional devices, in particular, fibreoptic
endoscopes and catheters extends the field of clinical
applications of optical coherent tomography. Fibreoptic
endoscopes and catheters developed for the optical coherent
tomography diagnostics, including endarterial endoscopy,
are described in papers [123—125]. In the case of endarterial
probing [123, 124], the transverse scan of a part of the vessel
surface is performed by the axial rotation of the light-
guiding single-mode fibre-microprism system with the help
of a step motor via a reduction gear. Various fibreoptic tools
for optical coherent tomography systems are described in
paper [125]. The transverse scan of a region under study is
performed with a piezoelectric microscanner by moving the
output end of a single-mode fibre in the object plane of a
single-lens or two-lens optical system. In this case, the size of
the scanned region is determined by the transverse magnifi-

cation of the lens system used and can be varied depending
on the problem to be solved.

A variety of diagnostic possibilities of optical coherent
tomography systems in stomatology, urology, otolaryngo-
logy, and gastroenterology were demonstrated in paper
[126]. The optical coherent tomography monitoring of
processes of laser interaction with tissues (laser modification
and ablation) was described in papers [127—129]. The real
time optical coherent tomography control of laser ablation
of tissues was demonstrated in paper [130]. Fig. 8 shows the
scheme of the setup for laser ablation of tissues with the
optical coherent tomography system used for feedback. The
local ablation is performed with a 1 -3 W argon laser. Laser
radiation is delivered to a sample through a fibre and is
focused to a spot of diameter 0.8 mm on the sample surface.
A superluminescent diode emitting at 1.3 um is used as a
radiation source in the optical coherent tomography system.
The width of its emission spectrum corresponds to a
longitudinal resolution of 18 pm (in a free space) and the
signal-to-noise ratio is 115 dB for the diode power of 5 mW.
Ablation experiments were performed with a muscular tissue
of rats, which was exposed for 10 s to 3-W laser radiation.
After irradiation, a sample was displaced with the help of a
scanner to obtain a three-dimensional image of the ablation
crater. The image of the ablation region was reconstructed
by using 60 sections obtained at 100-um intervals. The
sequential images of the region allow the identification of
different stages of laser interaction with the tissue, till the
tissue charring inside the ablation crater.

Figure 8. System for laser ablation of tissues with optical coherent
tomography monitoring: (/) argon laser; (2) fibre for delivering
radiation from an argon laser; (3, 5, 9, 11, 15) collimating lenses; (4)
beam chopper; (6) mirror; (7) superluminescent diode; (8) fibreoptic
interferometer; ( /0) two-coordinate scanner; ( /2) dichroic mirror; (13)
sample; ( /4) detector; (16) optical delay line; (/7) processing unit.

8. Various modifications of the optical coherent
tomography method

The successful applications of optical coherent tomography
for morphological analysis of tissues stimulated the further
development of this method, resulting in the appearance of
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some modifications of optical coherent tomography with
additional functional possibilities.

(1) Multiwave, or spectrally sensitive optical coherent
tomography. The potential possibilities of low-coherence
interferometry with two radiation sources (830 and
1285 nm) for a noninvasive morphological analysis and
visualisation of tissue structures in vivo were considered in
paper [131]. Two fibreoptic Michelson interferometers were
used, with a common reflector in reference channels. The
probe beams were made coincident with the help of a
dichroic mirror. A two-wavelength scheme was used in [132]
for analysis of the concentration of water in model intralipid
media. The possibility of analysis of optical coherent
tomography images in the spectral range from 650 to
1000 nm using a femtosecond Ti:sapphire laser was con-
sidered in paper [133].

The detection method based on the spectral selection of
radiation in the optical coherent tomography system was
described in paper [134]. The detection system consists of a
beam-expanding telescope, a diffraction grating, and a CCD
camera. The CCD camera detects the wavelength-dependent
intensity of the interference pattern produced due to a
superposition of the object and reference beams. The
window Fourier transform of the interference patterns
was used for analysis of the absorption spectra of objects
at different depths. Thus, the spectrally sensitive low-
coherence probing of tissues expands the functional possi-
bilities of the conventional optical coherent tomography
method.

(2) Polarisation-sensitive optical coherent tomography.
This method also provides additional possibilities compared
to the conventional optical coherent tomography. It was
shown in paper [135] that the polarisation selection of
detected radiation in a low-coherence interferometer during
the formation of an interference signal with the use of a co-
polarised or a cross-polarised component can be applied for
the size discrimination of scattering centres in a region being
probed during imaging. This is possible because the degree
of residual polarisation of radiation scattered by large and
small particles is different.

Another, polarisation-sensitive optical coherent tomog-
raphy method for studying structural variations in the skin
caused by burning was proposed in paper [136]. The method
is based on the analysis of variations in the birefringence of
the skin collagen caused by its thermal denaturation. The
polarisation of the source radiation at 1310 nm with the
half-width of the emission spectrum equal to 75 nm was
modulated. By detecting the interference signals for ortho-
gonally polarised components of the detected radiation at
different polarisation states of the incident beam, the
authors [136] determined the Stokes parameters of the
scattered light, thereby measuring the optical anisotropy
of the tissue as a function of the penetration depth. The
tissue structure was visualised by reconstructing the dis-
tributions of the phase difference of two orthogonally
polarised components of scattered radiation. The slope of
the dependence of the phase difference on the penetration
depth yields the thickness of the burnt skin layer.

A similar method of low-coherence in vitro diagnostics of
various tissues (human tooth enamel and dentine, pig and
chicken cardiac muscles, etc.) based on the measurements of
optical anisotropy at different depths was considered in
papers [137, 138]. The schemes of the optical coherent
tomography systems used in these papers differ in the

method of analysis of the polarisation state of scattered
radiation from that applied in [136]. They use circularly
polarised probe radiation and the detection of two orthog-
onally polarised components of radiation scattered by an
object. In addition, unlike a conventional optical coherent
tomography system, not only the signal envelope is analysed
but also the amplitude—phase characteristics for both
detection channels. The application of polarisation-sensitive
optical coherent tomography for diagnostics of burns by
measuring the optical anisotropy of a thermally denaturated
collagen as a function of depth was described in paper [139].

(3) Doppler optical coherent tomography. By combining
optical coherent tomography with Doppler diagnostics, it is
possible to develop multifunctional systems for visualisation
of morphological properties of tissues and the hemody-
namics at different depths in tissues. This method was first
applied in paper [140], where the velocity of liquid flows was
measured in model media with the 5-pm resolution and the
measurement error 7%. The physical foundations of
probing of nonstationary scattering media, in which the
dynamics of scattering centres substantially depends on the
depth, by using partially coherent radiation, were discussed
in paper [141].

The authors of [141] studied aqueous suspensions of
polystyrene spheres with different diameters in a two-section
cell, which was divided by a glass plate. The probing at
different depths was performed by adjusting a low-coher-
ence interferometer, and the dynamics of scattering centres
was studied using the spectral analysis of fluctuations of the
detected interference signal (without scanning over the
depth).

The low-coherence Doppler tomography of tissues with
the use of picosecond probe laser pulses was performed in
paper [142]. The setup consisted of a Michelson interfero-
meter and a photomultiplier, whose output signal was fed,
after low-frequency filtering and amplification, to a spec-
trum analyser. The radiation sources were a laser diode (the
emission wavelength A, = 675 nm, the pulse duration 7, =
300 ns, the pulse repetition rate f, = 700 kHz, and the out-
put power P = 0.5 mW), a frequency doubled, Q-switched
neodymium laser (/. = 527 nm, 7, = 35 ps, f, = 76 MHz,
P =1-3 mW), and a dye laser pumped by the neodymium
laser (4, =578 nm, 1,=5-8ps, f,=3.8MHz, P=
205 mW). The measurements of the velocity of the scatter-
ing medium with accuracy sufficient for analysis of the
hemodynamics in tissues were demonstrated for all radia-
tion sources. The selection of a Doppler signal over the
depth can be performed by scanning a reflector in the
reference channel.

A group at the Beckman Laser Institute (University of
California, USA) [143—148] and a group [149] have recently
made substantial contributions to the development of this
field. Among the original approaches in the development of
new methods of Doppler optical coherent tomography are
the creation of a phase-sensitive Doppler optical coherent
tomography system [146] and a further development of this
approach with the use of an optical Hilbert processor based
on the interference of polarised light beams [147].

(4) The authors of papers [150, 151] proposed an inge-
nious modification of the optical coherent tomography
method, which they called the ‘photon horizon technique’.
The principle of this technique is illustrated in Fig. 9. An
object under study is used as a diffusion reflector in one of
the arms of a Mach—Zehnder interferometer. The intensity
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distribution obtained due to the superposition of scattered
radiation and a reference beam is detected with a CCD
camera. When the path difference between scattered radi-
ation and the reference beam is smaller than the coherence
length of the source, the speckle-modulation of the detected
image will be observed; otherwise the stochastic interference
modulation of the image is suppressed. By changing the
length of the reference arm, one can separate the compo-
nents of scattered light with a specified propagation time in
the medium. To exclude the background incoherent com-
ponent, two images are successively recorded at the two
lengths of the reference arm differing by A/2 (the mirror in
the reference arm is mounted on a piezoceramic translator).
Due to the subtraction of the images, the region of speckle-
modulation, corresponding to the specified time of radiation
propagation in the object, is localised (Fig. 10). The
application of this method for the visualisation of inhomo-
geneities in tissues (human skin) shows that it can be used
for diagnostics of skin tumors (in particular, melanoma).

(5) Optical tomography by analysing the speckle con-
trast upon partially coherent illumination. This method,
which was proposed in paper [152], also can be considered
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Figure 9. Scheme of a low-coherence interferometer [150, 151]: (/)
partially coherent source (laser diode operating below the threshold); (2)
collimating lens; (3) beamsplitter; (4) focusing lens; (5) object; (6)
movable cavity mirror; (7) objective; (8) CCD array.
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Figure 10. Localisation of the probed zone by the speckle-modulation
region on the object image (PH: photon horizon).

as a specific variant of optical coherent tomography. In this
method, the measurement of the contrast of speckle fields
upon multiple scattering of probe quasi-monochromatic
radiation as a function of the conditions of the object
illumination and detection of scattered light is used for
visualisation of inhomogeneities.

The influence of the width of the emission spectrum of a
source on the contrast of speckles observed in scattered light
is caused by the suppression of interference of the compo-
nents of scattered light under the condition that the path
difference for these components exceeds the coherence
length of radiation. Because the distribution of the paths
of the components depends on the distributions of parame-
ters of the scattering medium (u, and pl), the mea-
surements of speckle contrasts at different positions of
the source and detector can be used for the reconstruction
of the object image.

(6) Frequency-sweep optical tomography. This method
[153] differs from conventional optical coherent tomography
by the use of probe radiation with the coherence length
exceeding the maximum path difference between the inter-
fering reference and object beams. The selection over the
depth is performed by tuning linearly the probe frequency
during the scan cycle. The autocorrelation function of the
distribution of the reflection coefficient over the depth is
obtained from the inverse Fourier transform of the depend-
ence of the output signal of a detector on the instantaneous
frequency of probe radiation. The frequency sweep is
performed using a tunable laser diode (tuned near
852 nm within 0.8 nm) or a semiconductor laser with a
diffraction grating employed as an external cavity mirror
(tunable from 771 to 791 nm). Experiments with model
media have demonstrated the possibility to analyse the
dependence of optical characteristics (in particular, g) on
the depth, the maximum probe depth being approximately
2.4]*. The additional possibilities for analysis of tissues (for
example, bloodstream parameters) can be realised by
forming a train of probe pulses with alternating shapes
of frequency dependences (each even pulse has a constant
frequency for measuring Doppler shifts, while each odd
pulse has a linearly changing frequency for the structure
visualisation).

9. Speckle-correlation optical tomography

When coherent radiation is scattered in nonstationary
media, the dynamic speckle-modulation of scattered light
takes place. In this case, the correlation characteristics of
intensity fluctuations depend on the dynamic and optical
parameters of a medium and the scattering geometry. The
intensity fluctuations are caused by the stochastic interfe-
rence of the components of the scattered field with random
frequency shifts accumulated due to successive events of
scattering by moving scatterers. If the parameters of the
medium are known for a given scattering geometry, the
dynamic characteristics of a scattering system can be deter-
mined by measuring the correlation time of the intensity
fluctuations.

This method for studying scattering nonstationary
media, which is called diffusing-wave spectroscopy
(DWS), was proposed in papers [7, 154]. The models, which
are used to describe the quasi-elastic scattering of light, give
the relation between the dynamic characteristics of a scat-
tering system with the correlation function G (1) =
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(E(H)E™(t + 1)) of fluctuations of the scattered field, whereas
in experiments the correlation function G,(t) = (I (1)I(t + 1))
of intensity fluctuations is usually measured. The relation
between the normalised correlation functions g;(1) =
Gi(1)/G1(0) and g,(t) = G»(1)/G,(0) is described by the
Sigert formula [155] g,(t) = 1 + f|g1(2)|* (the coefficient f is
determined by the detection conditions), which is valid for
many scattering media.

Analysis of the correlation characteristics of a signal at
different positions of a source and a detector upon probing a
scattering medium with dynamic inhomogeneities (regions
where the mobility of scatterers differs from the average
mobility) can be used for the reconstruction of the object
image using the diffusion model of correlation transfer in a
dynamic scattering medium [156]. According to this model,
the space—time evolution of the correlation function G(r, 7)
in a nonstationary optically thick medium is described by
the diffusion equation

[DVZ — ClHy — V2(T)] Gl(rv T) = —CS(V), (14)

where the term 72(t), determined by the dynamic properties
of the medium, describes the additional effect of ‘absorp-
tion’ of the correlation in the nonstationary medium. When
a standard cw coherent radiation source is used, the prob-
lem of reconstruction of the distribution of dynamic
characteristics described by the parameter y2(r, 7) is reduced
to the solution of a standard optical coherent tomography
problem.

This method was used in [157] to obtain the tomograms
of a scattering object with dynamic inhomogeneities. A
model object was a cylinder made of a polymer with tita-
nium dioxide filler. A spherical cavity inside the cylinder was
filled with an aqueous solution of intralipid (Fig. 11). The
optical parameters uf and yu, of the cylinder and solution
were chosen so that to exclude the possibility of visuali-
sation of the cavity by the methods of modulation optical
tomography. The diffusion coefficient of scatterers in a
nonstationary medium was 1.5 x 1078 cm? s~!. Laser radia-
tion was coupled to the object through a fibre. Scattered
radiation was detected at points uniformly distributed (in
30° intervals) over the sample surface. Radiation was
detected with a photomultiplier operating in the photon
counting mode. The image of a dynamic inhomogeneity was
reconstructed using the calculated values of the diffusion
coefficient as the visualisation parameter (Fig. 11).

\.2

1.\_}

Figure 11. Tomogram of a dynamic inhomogeneity in a model object:
(1) coherent radiation source; (2) detector; the arrows show the
direction of the object scan.

Applications of correlation tomography for diagnostics
in medicine concerned first of all the study of the hemody-
namics in tissues at probe depth of the order of 1-2 mm. In
particular, the diagnostics of burns was performed for
measuring the thickness of a necrotic layer [158]. The
principle of this diagnostics is illustrated in Fig. 12. Clinical
experiments with animals have demonstrated the efficiency
of this method for probing skin burns at the depth up to
1.5 mm. The average value of the slope of the correlation
function in a specified interval T was used as a diagnostic
parameter.

Figure 12. Principle of the speckle-correlation probing of burnt tissues:
(1) fibre delivering coherent probe radiation; (2) fibre delivering
scattered radiation to a detector; (3) burnt necrotic tissue layer [scatte-
ring centres (red blood cells) are immobile; ([Ar(1)]?) = 0 is the disper-
sion of displacements of scattering centres for the time 7; (4) deep layer
of a healthy tissue with moving red blood cells (<[Ar(r)]2> #0). An
increase in the probe depth with increasing the distance Ax between a
source and a detector results in the penetration of probe radiation to a
healthy tissue layer and in faster decay of the autocorrelation function of
the scattered-field amplitude fluctuations with increasing 1.

A variant of the speckle-correlation functional diagnos-
tics of tissues containing dynamic scatterers (for example,
red blood cells in a microcirculatory vessel) is a simple
method based on local estimates of the contrast of time-
averaged speckle-modulated object images. This method
was proposed in papers [159-162] (Fig. 13) and is called
LASCA (laser speckle contrast analysis). It is based on the
use of the ergodicity hypothesis to the limited regions of
dynamic speckle fields for which the spatial distributions of
instantaneous intensities are statistically homogeneous. The
estimates of the static moments of intensity fluctuations,
obtained after processing of time realisations of the detected
signal at a fixed point, are equivalent to the estimates over
the spatial realisations of the intensity values (under the
condition of local stationary fluctuations during analysis).
This gives the relation between the contrast V(T) =
a(T)/{I) of the dynamic speckle pattern, detected with
a specified exposure time 7 [o(T) is the exposure-time-
dependent root-mean-square fluctuations of the brightness
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of a speckle-modulated image; and (/) is the average
brightness of the image], and the decorrelation time
[162], which is determined by the average value of scattering
centres at a distance of the order of the radiation wave-
length.

Figure 13. Visualisation of nonstationary scattering media using local
estimates of the contrast of time-averaged speckle-modulation images:
(1) laser; (2) telescopic system (beam expander); (3) object; (4) CCD
camera; (5) PC video-signal interface board.

In a number of papers devoted to the study of the
dynamics of red blood cells in microcirculatory vessels by
this method, a model of dynamic scattering with the
Lorentzian spectrum of intensity fluctuations and the
corresponding exponential function g,(r) was used. This
model correctly describes qualitatively the decay of the
correlation function. The exposure time T4, which corre-
sponds to a specified decrease in the contrast of the time-
averaged speckle-modulated image, and the velocity (v) of
red blood cells averaged over a layer being probed are
related by a simple expression Ty = K./(v), where K is the
normalisation coefficient. The exposure time Ty is found by
recording the sequence of images of the object surface
during different times 7. An important problem is the
measurement of the absolute values of (v), for which the
coefficient K should be known, which depends on the optical
characteristics of tissue in a complicated way. The calibra-
tion of the system with the help of models is not always
adequate for real objects. The errors in the measurement of
(v) by this method can be caused by the following reasons
[163]:

(1) depolarisation of scattered radiation, which reduces
the contrast;

(i1) the nonzero contrast for the values of T substantially
exceeding the decorrelation time, which is caused by the
presence of immobile scatterers in the probed volume along
with mobile scatterers (resulting in a substantial residual
contrast);

(iii) the instrumental components of the systematic error
caused by the dark noise and the CCD camera noise and the
nonlinearity of its transfer characteristics, etc.

For this reason, in these systems for diagnostics of the
hemodynamics in surface layers of tissues, as a rule, the
relative variations in the velocity (v) are analysed. The

method allows the functional visualisation of the analysed
region by reconstructing two-dimensional distributions of
the local estimates of V(T') for T being fixed. The size of a
spatial window for the local estimates of V(T') should exceed
considerably the average size of speckles in the image plane.
An important condition, which determines the image
quality, is the choice of the optimal size of speckles, which
will provide the minimal distortions of the statistics of
intensity fluctuations for the specified spatial resolution,
sensitivity, and dynamic range of the CCD camera. By using
the colour or brightness image coding, the two-dimensional
distributions of the level of blood microcirculation in the
surface layers of tissues can be obtained. Applications of
LASCA for the functional diagnostics and visualisation of
various tissues and organs were reported in a number of
papers. From the point of view of the clinical applications of
monitoring systems in cerebral surgery, it is interesting to
compare this method with other methods used for monitor-
ing the hemodynamics in the brain cortex of rats [164]. The
diagnostics of burns with the help of a modified LASCA
with the use of a focused laser beam was discussed in paper
[165].

10. Optoacoustic tomography

Optothermal or optoacoustic response of a tissue to pulsed
laser irradiation underlies optoacoustic tomography, which
combines the advantages of optical, thermal, and acoustic
probing of tissues [166—168]. Pulsed heating of a tissue
changes its own thermal radiation, and this effect is used in
pulsed optothermal radiometry. The maximum of thermal
radiation of living objects lies at 10 pm. The optothermal
radiometry signal is determined by the temperature distri-
bution in an object, the heat conductivity of a medium, and
the absorption coefficients at the probe wavelength (u,) and
the thermal radiation wavelength (u}) (10 pm). The spatial
distribution of p, is determined from the measured opto-
thermal radiometry signal [169].

The thermal response time 77 of an object of size 4 is
approximately equal to hz/aT. The typical value of the
thermal diffusivity for many tissues is ar~1.2x 107’
m? 5! [166, 167]. Therefore, the thermal relaxation time,
which is determined by the object size, is, for example,
1073 s for a cell, and is approximately 3 x 10> s for a small
artery. Irradiation of a tissue by short light pulses (much
shorter than t4) produces a temperature distribution in it,
which reflects the tissue structure.

The detection of the surface temperature (the optother-
mal radiometry signal) in time allows one to find the
temperature distribution inside the tissue, thereby visual-
ising hidden inhomogeneities caused by local variations in
the absorption coefficient at the wavelength of probe
radiation [169]. The main disadvantage of this method is
that it is quite difficult to find the temperature distribution
over the depth.

On the other hand, the pulsed optoacoustic method
yields reliable results in the case of strong scattering of light
[167, 168, 170]. The method is based on the thermal mecha-
nism of generation of acoustic vibrations in a medium upon
absorption of laser pulses and the detection of the time
profile of induced pressure waves. The optoacoustic signal is
proportional to the absorption coefficient and the local
intensity of light. When the laser pulse duration is sub-
stantially shorter than the time of propagation of acoustic
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waves in a medium, the profile of the induced temporal
distribution of pressure in the medium reflects the profile of
the spatial distribution of optical absorption by the medium
[170].

The principle of operation of an optoacoustic tomo-
graph is shown in Fig. 14. Fig. 15 shows the results of in
vivo diagnostics of a model carcinoma of the milk gland
[170]. An acoustic pulse excited by a short laser pulse
absorbed by a macroscopic inhomogeneity of the tissue
(tumor) was detected with a detector. The propagation
velocity of the acoustic pulse and its shape give information
on the type, size, and depth of the inhomogeneity position.

By detecting the time dependence of the acoustic signal
excited by laser pulses, one can visualise the local patho-
logical disorders in tissues at a depth of up to 2—3 mm with
a spatial resolution of 20 um.

The method based on irradiation of tissues by lasers and
simultaneous ultrasonic probing is also applied in medical
tomography [171, 172].
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Figure 14. Principal scheme of a pulsed optoacoustic tomograph [170].
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Figure 15. Optoacoustic signals measured in vivo for the tumor and
healthy skin for a carcinoma of the milk gland of a mouse: (/) skin
surface; (2) front part of tumor; (3) rear part of tumor; (4) healthy
tissue [170].

11. Methods for controlling the optical
properties of tissues as applied to optical
tomography

A conventional method for improving the image quality in
absorption tomography is the use of contrasting agents,
which are capable of accumulating in tissues. This method
can be also employed in optical diffusion tomography by
introducing into tissues the substances absorbing light at
the wavelength of probe radiation, as well as fluorescing
compounds [173—-180].

The optical properties of tissues subjected to diagnostics
can be also controlled by changing their scattering coeffi-
cient. By reducing the scattering coefficient of the main
component of the tissue, inside which inhomogeneities are
located, one can substantially expand the possibilities of
optical tomography, especially when coherent methods are
used [167, 181—-191]. The scattering coefficient p, is deter-
mined by the quantity m = ng/ny [167] (where n, and n, are
the refractive indices of scatterers and the environment):
ugoc(m — 1. Small variations in m cause substantial
variations in the scattering coefficient and the intensity
of a probe beam transmitted by the object (the number
of ballistic photons) [181, 183].

Typical values of the refractive indices of the compo-
nents of cells and tissues in the visible and near-IR regions
are 1.35—1.36 (extracell liquid), 1.36—1.37 (cytoplasm), 1.46
(membrane), 1.38—1.41 (nucleus), 1.38—1.41 (mitochondria
and other organelles), 1.47 (hydrated collagen), and 1.6—1.7
(melanin [167].

A substantial immersion bleaching of the human and
animal sclera and skin was achieved in in vitro and in vivo
studies by using some biologically compatible chemical
agents (X-ray contrast substances based on sugars (vero-
graphine and trasograph) and glucose, glycerol, propylene
glycol, etc.) [167, 181—186]. The immersion bleaching is
especially important for optical coherent tomography,
where it allows one to increase substantially the probing
depth and enhance the image contrast [187—191]. Fig. 16
shows in vitro optical coherent tomography images of the
human stomach tissue before and after applying the
immersion agent [188]. One can see that optical immersion

0.5
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1.0 1.0

Base

1.5
y/mm

1.5
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0 1 2 3
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Figure 16. In vitro optical coherent tomography images of the human
stomach bottom tissue in norm (vertical axis corresponds to the trans-
verse scan of the sample; horizontal axis corresponds to the longitudinal
scan) (a) without and (b) with immersion liquid applied (80% solution of
propylene glycol); E is epithelium; L is lamina propia; MM is muscular
part of mucous membrane [188].
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substantially increases the probing depth and enhances the
image quality. The probing depth without applying propy-
lene glycol is only 0.4 mm, whereas after its applying the
probing depth achieves 1.4 mm. A substantial enhancement
of the image contrast after applying glycerol on the skin is
demonstrated by in vivo images of the rat skin in Fig. 17
[186]. The depth profiles of the optical coherent tomography
signal, corresponding to images for the same point on the
surface, show the appearance of new details during the
action of the agent.

x/mm 0 0.5 1.0
At = 3 min

x/mm 0 0.5 1.0
At = 30 min

0 0.5 1.0
At = 20 min

x/mm

Figure 17. Dynamic in vivo optical coherent tomography images of the
rat skin at different instants of time (A7 =0 — 30 min) after glycerol
application [186]; vertical axis — transverse scan; horizontal axis —
longitudinal scan.

After injection of 40 % glucose to the skin (derma) of a T 9-

volunteer, the attenuation of the optical coherent tomog-

raphy signal x, at a wavelength of 820 nm decreased from TE10.

1.97 to 1.21 mm™"' for 13 min, which corresponds to a more g
:

than twofold increase in the transmission coefficient of the
tissie, 1/l exp (— u) [189].

The concept of immersion bleaching of a layer of moving
or sedimentation blood was successfully used in the optical
coherent tomography diagnostics [190, 191]. This bleaching
is important for obtaining distinct images of a vessel wall
(atherosclerotic plaque) through a blood layer with the help
of optical coherent tomography endoscopes. Glycerol and
dextran have a high efficiency in this respect [191].

12. Conclusions

The optical tomography methods used in medicine can be
divided into two main groups: incoherent methods, which
are used for probing tissues at depths of about several
centimetres and are characterised by a relatively low spatial
resolution (~ 1 mm), and coherent methods, which allow
one to analyse the structure of tissues and their dynamics
with a spatial resolution up to 1 um at depths of the order
of transport length, which is equal 0.5—1.5 mm in tissues.
Both these approaches are extensively employed in clinics,
as testified by many papers devoted to diagnostic applica-
tions of various modifications of optical diffusion
tomography and optical coherent tomography. A general
trend in the development of optical diffusion tomography
and optical coherent tomography technologies in medicine
is the creation of multifunctional diagnostic systems for in
vivo monitoring of various parameters of tissues and
organs.

Optoacoustic tomography is promising for the locali-
sation of optical inhomogeneities in comparatively thick
tissues (up to 1 cm) with a spatial resolution at a level of the
cell size (20—50 pm).

The method of optical immersion allows one to increase
substantially (by several times) the probing depth of tissues
and to enhance considerably the image quality (contrast).
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