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Abstract
Light scattering diagnostics of turbid media containing both structural and dynamic
inhomogeneities is currently of significant importance. One of the important directions in modern
light scattering diagnostics is the development of methods for probing biological media with
visible- and near-infrared radiation allowing for visualization of the biotissue structure. Optical
methods for studying the biotissue structure and characterization of its optical properties are very
promising and have been rapidly developing during the past decade. 

The present work is aimed at improving and discovering new potentials of currently existing
methods of laser diagnostics of biological tissues containing both structural and dynamic
inhomogeneities. In particular, the feasibilities of spatially resolved reflectometry and time-of-
flight techniques for the problem of noninvasive determination of glucose level in human blood
and tissues were examined both numerically and experimentally. The relative sensitivities of these
methods to changes in glucose level were estimated. Time-of-flight technique was found to be
more sensitive. 

The possibilities of Doppler optical coherence tomography for imaging of dynamic
inhomogeneities with high resolution were considered. This technique was applied for the first
time for the imaging of complex autowave cellular motility and cytoplasm shuttle flow in the slime
mold Physarum polycephalum. The effect of multiple scattering on the accuracy of the measured
flow velocity profiles for the case of single flow and for the case of the flow embedded into the
static medium with strong scattering was studied. It was shown that this effect causes significant
distortion to the measured flow velocity profiles and it is necessary to take this into account while
making quantitative measurements of flow velocities. 

Keywords: Doppler OCT, light scattering, Monte Carlo simulations, multiple scattering,
optical glucose sensing, spatially resolved reflectometry, time-of-flight technique
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1 Introduction 

1.1 Background and motivation 

Light scattering diagnostics of turbid media containing both structural and 

dynamic inhomogeneities is currently of significant importance. One of the 

important trends in modern light scattering diagnostics is the development of 

methods for probing biological media with visible and near infrared radiation [1, 

2] allowing for visualization of the biotissue structure. Optical methods for 

studying the biotissue structure, underlying the optical tomography (OT), are very 

promising and have been rapidly developing during the past decade. The main 

advantages of these methods are the possibility to obtain high spatial resolution 

(1–10 µm) and the nonionizing nature of the radiation (as compared to X-ray 

tomography). These features promise great prospects in terms of safety, simplicity 

and reliability of the optical devices. On the other hand, the optical methods are 

non-invasive, i.e. they provide a possibility to receive information about the 

object under study without disrupting it. 

Many biological tissues are considered as strongly scattering media. For their 

diagnostics it is preferred to use the laser radiation with the wavelength within the 

so-called "diagnostic window" of 600–1300 nm. The lower limit of this range is 

determined by the strong absorption of the light by blood and the upper limit is 

determined by the absorption of water. The use of radiation with a wavelength 

belonging to the "diagnostic window" allows one to reach the greatest penetration 

depths in the medium. 

Currently, the most popular methods of OT are optical coherence tomography 

(OCT) and Doppler optical coherence tomography (DOCT), optical diffuse 

tomography (ODT), OT of nonstationary media based on speckle correlation 

techniques and optoacoustic tomography. 

The main problem of OT is related to the specificities of the process of light 

propagation in biotissues as inhomogeneous media containing the 

inhomogeneities with the size of the order of the probing beam wavelength. As a 

result, the light field passed through the object is characterized by the significant 

domination of multiply scattered component over the nonscattered (ballistic) 

component. This fact makes the use of conventional methods for image 

reconstruction based on the detection of nonscattered component of the radiation 

passed through the object under study (X-ray tomography) or reflected by the 
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borders of the layers with different wave impedances (ultrasonic tomography) 

rather complicated. 

At the present stage there are two basic directions of OT development. The 

first one is ODT and it is related with the imaging of the large-scale 

inhomogeneities in the biotissues. The aim of the imaging is to detect the new 

growths, tumors and hematomas. The second direction is related to a study of 

rather thin (~ 1 mm) layers of biotissues based on coherent and polarization 

techniques. One of the tomographical techniques belonging to the first direction 

and intended for the imaging of the structural inhomogeneities is a spatially 

resolved reflectometry (SRR) and its modification with the resolution in time 

(time-of-flight technique (ToF)). An example of the tomography technique 

belonging to the second direction is OCT and its modification focused on the 

visualization of the dynamic inhomogeneities – DOCT. SRR/ToF techniques are 

based on the use of CW/pulsed radiation and the analysis of the parameters of the 

scattered in the back hemisphere radiation for different positions of the source and 

the detector. OCT and DOCT [3, 4] utilize the principles of low-coherence 

interferometry to form a tomographical signal. 

One of the priority directions for the development of the optical methods is to 

invent a technique for the noninvasive measurements of the blood glucose 

concentration. This direction has great social impact and is actively being 

developed by many research groups [5]. 

Currently, most of the techniques mentioned above are still under 

development and have not moved yet from the laboratories to the hospitals. 

Summarizing the mentioned facts it is possible to conclude that there is a growing 

need for improved methods of noninvasive biomedical diagnostics. 

1.2 Objectives 

The methods of the laser diagnostics in the areas mentioned above are currently 

not finally developed. Thus, the present work is aimed toward improving the 

currently existing methods of laser diagnostics of biological tissues containing 

both structural and dynamic inhomogeneities. In particular, consideration of the 

feasibility and determination of the sensitivity of SRR and ToF techniques for the 

problem of noninvasive measurement of glucose level in human blood, tissues 

and their phantoms has been planned. For this purpose development of a setup for 

probing the scattering medium with ultrashort optical pulses and ToF 

measurements is also planned. The other issue to consider is the utilization of 
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DOCT technique for the measurement of the flow velocity profiles of a scattering 

liquid and examination of the effect of multiple scattering on the reconstruction of 

the flow velocity profiles embedded into the scattering medium. At the same time 

the development of the methods of numerical simulation is of current importance. 

Such simulations allow one to evaluate the influence of different factors that are 

difficult to control experimentally and to give a correct interpretation of 

experimental results. 

1.3 Outline of the thesis 

Chapter 2 of the thesis describes the numerical methods frequently used for the 

simulation of the laser light propagation in strongly scattering media. The 

radiative transfer equation and different approaches to its solution are discussed. 

Chapter 3 is devoted to the experimental methods for optical diagnostics of 

inhomogeneous scattering media. The introduction to the method of spatially 

resolved reflectometry, time-of-flight technique and optical coherence 

tomography including its Doppler modification is given. 

In Chapter 4 the optical properties of biotissues and skin phantoms are 

discussed. The characterization of skin and blood structure and content is 

performed.  

Chapter 5 is devoted to the optical glucose sensing in biotissue phantoms by 

diffuse reflectance techniques. The relative sensitivity of the spatially resolved 

reflectometry method and time-of-flight technique to the changes in glucose level 

is assessed by Monte Carlo simulations. The latter technique was found to be 

more sensitive. The experimental validation was performed for this case. 

Chapter 6 considers the possibilities of Doppler optical coherence 

tomography for imaging dynamic inhomogeneities with high resolution. In the 

first part of the chapter DOCT is applied for the imaging of complex autowave 

cellular motility and cytoplasm shuttle flow in the slime mold Physarum 

polycephalum. The second part considers the effect of multiple scattering on the 

accuracy of measured flow velocity profiles for the case of single flow and for the 

case of the flow embedded into the static medium with strong scattering. The 

study was performed both numerically and experimentally. 

Chapter 7 summarizes the obtained results. 
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2 Numerical methods for the simulation of the 
laser light propagation in strongly scattering 
media 

2.1 Light scattering characteristics of biotissues 

Light scattering in biotissues is caused by spatial inhomogeneity of their structure 

at cellular and subcellular levels. Such an inhomogeneity results from the 

existence of variations in the refractive index δn. The main scatterers are the 

cellular membranes, nuclei, mitochondria and other organelles [6]. The relations 

between the sizes of the scatterers and the values of δn lead to an anisotropic 

scattering of probing radiation. 

Light absorption in biological tissues arises due to the presence in their 

structure of natural chromophores (mainly hemoglobin and melanin). However, 

within the so-called “diagnostic window” the absorption is rather low. This fact 

leads to an increase of the penetration depth of the probing radiation into the 

tissue up to 8–10 mm. The main parameters describing the process of light 

propagation inside scattering medium are the absorption coefficient, the scattering 

coefficient and the phase function of the scatterer.  

The absorption coefficient μa(λ) is the reciprocal of the distance at which a 

monochromatic collimated beam is attenuated due to the absorption in e times.  

The scattering coefficient μs(λ) is the reciprocal of the distance at which a 

monochromatic collimated beam is attenuated by scattering in e times. On the 

other hand, the scattering coefficient is the value which characterizes the mean 

number of scattering events during the propagation of a photon along the initial 

direction per unit length. 

The total value of μa and μs is called the attenuation (extinction) coefficient μt. 

The phase function ( , )p ′Ω Ω
 

 describes the scattering properties of the medium 

and represents the probability density function for the scattering of a photon from 

the initial direction Ω


 to the new direction ′Ω


. In other words, this function 

characterizes the elementary act of scattering. If the scattering is symmetrical 

relatively to the direction of the incident wave then the phase function depends 

only on the angle between the directions Ω


 and ′Ω


, i.e. ( , ) ( )p p θ′Ω Ω =
 

. For such a 

function the normalization requirement is as follows: 

 

(1) .1)sin(2)(
0

= θθπθ
π

dp
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In many practical cases the phase function is well approximated by an analytic 

Henyey-Greenstein function [7]: 
 

 (2) 
 

(3) 
 

where θ is the scattering angle, g represents the average cosine of scattering angle 

(anisotropy factor). The value of g varies from -1 to 1. The case when g = 0 

corresponds to isotropic (Rayleigh) scattering, g = 1 – to full forward scattering 

(Mie scattering on large particles), g = -1 – to full backward scattering. 

2.2 Radiative transfer equation 

Exact mathematical description of light propagation in optically inhomogeneous 

medium can be performed with the help of the radiative transfer theory (RTT). 

This theory is valid for an ensemble of scatterers which are sufficiently distant 

from each other. RTT is successfully applied in solving some practical problems 

of the optics of biotissues [8-11]. Classical RTT considers the wave field as a 

superposition of incoherent radiation beams. The assumption of total mutual 

incoherence of the fields allows for summation of the average intensities of the 

beams without taking into account phase relations. Thus, RTT does not include 

diffraction effects.  The basic equation of RTT for a monochromatic light has the 

form [12]: 

 
 (4) 

 

where ),,( trI Ω
  is the radiation intensity at the point r  in the direction Ω


 which 

has the dimension of W·m-2·sr-1, ( , )p ′Ω Ω
 

represents the scattering phase function, 

c is the speed of light in the medium, ( , , )Q r tΩ
 – the source term. 

If the process of radiation transfer is considered in a region G and ∂G is its 

border then the boundary conditions can be written in general form [13]: 
 

(5) 
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where ,r r G′ ∈ ∂  , n  is the external normal to ∂G, ( , , , )R r r′ ′Ω Ω
    is the reflection 

coefficient, ( , )q r Ω
 represents the radiation of the external sources. If the region G 

contains the surfaces reflecting or refracting the light, the analogous conditions 

should be applied to each of them. 

The exact solutions of the radiative transfer equation (4) and its stationary 

version are obtained only for a small number of special cases, for example, for the 

case of plane-parallel configuration and isotropic scattering. In practice, it is 

necessary to use approximate solutions or to solve the equation numerically. The 

most popular ways to solve the radiative transfer equation numerically are the 

Monte Carlo technique and the iterative approach based on the discrete ordinates 

method using the expansions in spherical harmonics. The details of the latter 

could be found in [14] and in Paper I. 

2.3 Approximate solutions of radiative transfer equation 

The Integro-differential equation (4) is difficult for the analysis and solution. 

Therefore for certain cases (e.g., media with high anisotropy, media with 

strong/weak scattering, etc.) it is advantageous to consider the approximate 

solutions of the equation. The widely used approximations are as follows: 

a) Small-angle approximation. In the case of scattering by a particle the size 

of which is large compared to the wavelength of the radiation and its relative 

refractive index is close to 1, the scattering phase function differs from zero only 

at small angles in the direction of radiation propagation (medium with high 

anisotropy factor g > 0.9). This fact allows one to significantly simplify the 

radiative transfer equation [15]. In this approximation, the transport equation has 

an exact, albeit complicated solution. Small-angle approximation is valid for 

relatively low optical thickness, as long as a beam is still rather collimated [16]. 

b) Diffuse approximation. With an increase of the penetration depth in a 

scattering medium, the radiation becomes more isotropic. At a certain depth it is 

possible to assume that the radiation "forgets" its initial direction. Such a regime 

of light propagation is defined as diffusive and described by the diffusion 

equation, which is much simpler than the original equation of radiative transfer. 

The diffusion equation can be derived from the transport equation and for a 

homogeneous isotropic medium it has the following form [12]: 
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where ),( tr
Φ  has the dimension of W·m-2, D = (3(μa+μs'))

-1 is the photon 

diffusion coefficient, μs' = μs (1-g)  is the reduced scattering coefficient, ),( trS


represents the source function. The boundary conditions and the matching 

conditions for the case when the medium under study consists of several layers 

could be found in [17, 18]. The value of l* = (μa+μs')
-1 is called the transport 

length and characterizes the distance at which the photon "forgets" its initial 

direction. The diffusion theory is a good approximation in the case when the 

following conditions are fulfilled: a) the source of radiation is isotropic or the 

distance between the source and the detector is much larger than l*; b) μa<<μs'; c) 

if the intensity of the radiation source is modulated with a frequency f then the 

modulation frequency should satisfy the relation cμs'/2πf >> 1 [19]. Thus, the 

diffusion approximation is valid only for media with a low anisotropy factor, at 

the same time the scattering should predominate over the absorption. For most of 

biotissues the anisotropy factor is in the range of 0.7–0.9 and for blood it may 

reach the value of 0.990 [6] which significantly limits the applicability of the 

diffusion approximation for such objects. The diffusion approximation is also 

inapplicable in the regions close to the surface where the low scattered photons 

dominate and the diffusion regime is not yet established. 

c) Other approximations. In addition to the small-angle and diffusion 

approximation there are many other approximate methods for a solution of the 

radiative transfer equation, e.g., first-order approximation, two- and multi-flux 

approximations. First-order approximation of the radiative transfer equation is 

valid for optically thin and weakly scattering media [12]. If the medium is 

illuminated by a diffuse radiation source and its scattering coefficient is high 

enough to establish the diffusive scattering regime then in this case the two flux 

theory of Kubelka and Munk becomes applicable [12, 20]. If the light beam is 

collimated then the four flux theory should be used [12]. There is also a seven 

flux theory which considers the scattering of a laser beam in a semi-infinite 3D 

configuration [12]. 

2.4 Monte Carlo technique 

One of the numerical methods to solve the radiative transfer equation is the 

Monte Carlo method (MCM). This method was proposed for the first time for the 

problem of neutron transport in nuclear physics [14]. Regarding the problem of 

laser light propagation in scattering media, using the approximation of discrete 

scatterers, this method is based on numerical simulation of photon transport in the 
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studied medium. The trajectory of a photon is a sequence of free random steps 

between the particles and interactions with them (Fig. 1). Random walk of each 

photon inside the sample is traced from the point of entry until the point of total 

absorption (A) or exit from the sample (R, T). 

 

 

 

 

 

 
 

Fig. 1.  Schematic representation of the photon’ random walk in a scattering medium  

(n2, n1- refractive indices of a studied layer and surrounding medium, respectively; A, 

T, R – absorbed, transmitted and back scattered photons). 

Let us consider MCM in more detail. Each photon is assigned weight W initially 

equal to unity. The current photon position is characterized by Cartesian 

coordinates (x, y, z). The initial values are equal to (0, 0, 0) which corresponds to 

the approximation of an infinitely thin beam. The current photon direction is 

characterized by the direction cosines (u, v, w): 
 

(7) 
 

where , ,x y z
  

 are the unit vectors of corresponding axes, r


is the unit vector of 

photon direction. The initial values of direction cosines are (0, 0, 1) for the case of 

normal incidence of probing radiation. The random free travel path of a photon 

lrnd is described by the probability density function [21]: 
 

P(l) = μt exp(-μt·l),                                             (8) 
 

where μt is the extinction coefficient. The random value lrnd which corresponds to 

this probability density function is determined according to the formula: 
 

lrnd  = - ln(1 - ξ)/μt ,                                          (9) 
 

where ξ is the random number uniformly distributed in the interval [0, 1]. After 

the determination of lrnd the new photon coordinates (x', y', z') can be calculated 

according to the relations: 
 

x' = x + u· lrnd,  y' = y + v· lrnd,  z' = z + w· lrnd,                    (10) 

,,, zrwyrvxru
 ⋅=⋅=⋅=
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where x, y, z - values on the previous step. Because of the interaction with a 

particle of the medium, the photon is scattered and partially absorbed, i.e. the 

photon weight is reduced by a certain value. The random scattering angle is 

determined using the scattering phase function. In the approximation when the 

scattering on the azimuthal and on the polar angle are mutually independent this 

function can be represented as: 
 

(11) 
 

Let us assume that in our case the particles are spherically symmetric, hence 

p(φ) = 1/2π. As a function of scattering p(θ) let us use the empirical Henyey-

Greenstein function (2). Random angle θ with probability density function (2) can 

be calculated as follows [21]: 

 
(12) 

 

The scattering angle θ in a general case is within the interval [0, π]. The azimuthal 

angle φ is uniformly distributed in the interval [0, 2π] and can be calculated 

according to the formula φ = 2πξ, where ξ is a random number uniformly 

distributed in the interval [0, 1]. After the calculation of scattering angles the new 

values of direction cosines (u', v', w') can be calculated as [21]: 

 

 

(13) 

 
 
 

where (u, v, w) – previous values of direction cosines. If the value of │w│is close 

to unity, i.e. │w│-1< 0.0001, then the following relations should be used: 
 

(14) 
 
When the photon scatters on a moving particle the appropriate Doppler frequency 

shift can be calculated as follows: 
 

(15) 
 

where k


and k ′


– the wave vectors before and after the scattering, V


– velocity 

vector of scattering particle. When the photon reaches the boundary of the 
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medium, it can be reflected or transmitted through this border. The reflection 

coefficient in this case can be calculated using the Fresnel formula [21]: 

 
(16) 

 

where αi is the angle of the photon incidence on the interface, αt is the angle of  

the photon refraction. The behavior of the photon on the border of the medium is 

determined by generating the random number ξ ∈  [0, 1]. If ξ ≤ R(αi) then the 

photon is considered as reflected, if ξ > R(αi) – the photon is transmitted through 

the border. 

When taking into account the absorption, the photon weight is reduced by the 

value of ΔW = W(μa/μt), i.e. W' = W – ΔW, where W' is the new value of the 

photon weight after the interaction with the particle. If the photon weight as a 

result of multiple interactions is less than a certain value, which in our case is 

chosen to be 0.0001, then the photon is completely absorbed. 

In Fig. 2 one can see the trajectories of twenty photons propagating in a 

three-layer medium. The calculations were performed using the technique 

described above. The first and third layers are transparent and represent the glass 

layers with the thickness of 0.25 mm. The middle layer is scattering (μs = 15 mm-1, 

g = 0.7) and has a thickness of 1 mm. The absorption effect was neglected.  

 

 

 

 

 

 

 

 

 

 

 

 

 

Fig. 2. Typical photon trajectories in three-layer medium. Upper and bottom layers are 

transparent (glass), middle layer is scattering (μs = 15 mm-1, g = 0.7). The probing 

radiation is shown with an arrow. 
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One of the great advantages of MCM is the possibility of using it for media with 

rather complex configurations (including the multi-layer case) at different 

boundary conditions. Moreover, MCM allows the effect of incident beam shape 

and the effect of the detector configuration (diameter, aperture, etc.) to be easily 

taken into account. The main disadvantage of MCM is the long calculation time 

required to achieve the required accuracy. The calculation time depends strongly 

on the size of the medium and its scattering coefficient. For example, the 

calculation of 100 million photon trajectories in a medium with the size of 

10x10x10 mm and the scattering coefficient of 4 mm-1 on Intel Pentium D 3GHz 

requires about 5 hours. In the present study the MCM was considered as a main 

tool for the simulation of the light propagation process. To accelerate the 

calculations, the algorithm of the Monte Carlo program was implemented on a 

multiprocessor supercomputer with parallel architecture (MVS-50k). Parallel 

computing based on MPI protocol allows for increasing the number of calculated 

photon trajectories and simultaneously reducing the calculation time. The results 

of calculations using the developed program were also compared to the 

experimental data as well as to the results of other calculation techniques (see 

paper I). The good agreement was achieved as a result of this comparison which 

proves that the developed program gives accurate and reliable results. 
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3 Experimental methods for optical 
diagnostics of inhomogeneous scattering media 

3.1 Spatially resolved reflectometry 

Determination of the optical properties of biological media is of importance both 

for diagnostic purposes (e.g., optical tomography [22–24], the analysis of whole 

blood [25, 26, 7]) and for the development of simulation methods of light 

propagation in biotissues for different types of laser therapy [27, 28]. One of the 

methods of optical diagnostics and determination of optical properties of strongly 

scattering media is a method of spatially resolved reflectometry (SRR) [29, 30]. 

The essence of SRR is in measuring the dependence of the diffuse backscattered light 

intensity on the source-detector separation r. Let us define such dependence as a SRR 

signal. In this method, the monochromatic radiation is guided to the medium 

under study by an optical fiber with an aperture characterized by an angle θs. The 

measurement of backscattered radiation is usually performed implementing an 

array of detectors located on the same side of the medium as the source. Typically, 

modern devices utilize the fiber-optic detectors directly attached to the studied 

object. The measuring head in this case represents a set of fibers of a certain 

diameter and numerical aperture, characterized by an angle θd (Fig. 3). To obtain a 

two-dimensional SRR signal, the CCD sensor might be utilized [31]. 

 

 

 

 

 

 

 

 

 

 

Fig. 3. Schematics of the experiment for the measurement of spatially resolved diffuse 

backscattering. The region of most probable trajectories of detected photons is 

indicated by dark color. 
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In terms of Monte Carlo simulation SRR signal represents the distribution of 

detected photons over the source-detector separation. 

Theoretical analysis based on diffusion theory has shown that in the case of 

semi-infinite homogeneous media the most probable trajectories of detected 

photons are located within the so-called banana-shape region [6, 32]. The curve 

describing this region reaches its maximum at the distance of r/2 from the source. 

The maximal penetration depth zmax in the case of weak absorption is determined 

by the formula                    [32]. This parameter can be used to estimate the 

maximal penetration depth of the radiation in a scattering medium for the SRR 

method. The advantage of this method for noninvasive diagnostics is also obvious 

because the source and the detector of the probing radiation are located on the 

same side of the medium. 

The SRR method allows for determination of not only the optical properties 

of the medium averaged over the entire volume but also the optical properties of 

each layer in the case when the medium under study is multi-layer. The inversed 

task solution and the determination of the optical properties is based on the fitting 

of the experimental data with the theoretical values. The method which is based 

on the analytical expressions for the SRR signal shows the highest performance. 

However, as it was mentioned above, such expressions are obtained only for 

simple particular cases. For example, in the diffuse approximation for the semi-

infinite homogeneous medium the expression for the SRR signal has the 

following form [33]: 

 

(17) 

 

where 

 

 

Here D is the photon diffusion coefficient; Reff represents the fraction of photons 

that is internally diffusely reflected at the boundary [34]. Thus, one can obtain the 

values of μа and μs' by fitting the results of SRR signal measurements with 

equation (17). There is also an analytical solution in the diffusion approximation 

for a two-layer and N-layer medium [35, 36], however, they are quite complicated. 

The original method used to determine the optical parameters of multi-layer 

media was proposed in [37]. At first, the distribution of detected photons over 

their maximal penetration depth was numerically investigated for different values 

of source-detector separation. Further, the area of SRR signal, which is formed 
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mostly by photons propagating only in the first layer, was selected according to 

the obtained distributions. The optical parameters of the first layer were 

determined by fitting the selected part of the signal with the analytical expression 

for a single-layer medium. It was assumed that the geometrical parameters of the 

medium (such as the thickness of the layers) are known, for example, from 

ultrasound study. In the next step, the signal area which is formed by the photons 

propagating only in the first and second layer was specified. The optical 

properties of the second layer were determined using the analytical expression of 

the SRR signal for a two-layer medium and taking into account the optical 

properties of the first layer determined in the previous step. When continue this 

procedure it is possible to determine the optical parameters of multi-layer medium. 

The proposed method was experimentally verified on a two-layer medium. It is 

shown that the optical properties can be measured within the uncertainty of 25%. 

Apparently, such a high uncertainty is caused by the utilization of the diffusion 

approximation as a theoretical model describing the propagation of the radiation. 

The SRR method can be used for the imaging of large-scale structural 

inhomogeneities of the medium. For example, in [38] this method was used for 

the imaging of blood vessels in a human forearm. The measuring head was made 

of two optical fibers located at a fixed distance from each other. One of the fibers 

was used for delivering the radiation to the tissue, and another was for collecting 

the radiation diffusely reflected from the medium. The surface of the forearm was 

scanned using this measuring head. The measured power was color coded to 

obtain the image of the forearm vascular structure. Experimental studies have 

shown the potentials of this method for monitoring biotissues, blood circulation, 

and blood oxygenation. 

In [39] the authors have presented another kind of measuring head consisting 

of several source-detector pairs arranged in the form of "asterisk". As it was 

shown in their earlier work [40], this approach enables the increase in spatial 

resolution of the diffuse imaging technique when using a special algorithm of 

signal processing. They also have shown that it is possible to distinguish the 

blood vessels embedded at different depths by implementing such a scanning 

system. 

The feasibility of SRR technique for imaging and sizing the blood vessels 

was also studied in Paper II. In this paper, the SRR signals were obtained by 

Monte Carlo simulation from a cylindrical vessel filled with a suspension of 

particles mimicking the nonaggregating erythrocytes. The vessel is embedded into 

a scattering medium with optical properties close to those of human skin (Fig. 4a). 



 30

The black arrow shows the incident radiation which was considered as a pencil 

beam impinging normally onto the surface. The optical properties of the 

considered media were chosen to be fixed. The 2D array of detectors for diffusely 

reflected radiation was located on the XY surface of the phantom. Fig. 4b shows 

the normalized SRR signals averaged over the Y axis for different embedding 

depth of the vessel. It was shown that the image blur, which can be characterized 

by the HWHM value of the signals shown in Fig. 4b, increases almost linearly 

with the increase of the vessel embedding depth Zcyl. This feature can be used to 

determine Zcyl. The analysis of the SRR signal dependence on the radius of the 

embedded vessel R shows that the HWHM of these signals does not exhibit a 

significant dependence on the radius within the considered range from 0.25 to 1 

mm.  However, the radius R can be determined by using the peak values of these 

signals. 

 

 

 

 

 

 

 

 

 

                                 (a)                                                                                     (b) 

Fig. 4. Schematic representation of the phantom consisting of cylindrical vessel 

embedded into the scattering medium (a); x-dependences of the averaged values of 

SRR signal for different embedding depths of the cylindrical vessel with a radius of 

0.5 mm (b) (Paper II, published by permission of SPIE). 

SRR technique can also be used to monitor activity of the brain cortex [41, 42] as 

well as to detect hematomas [43, 44]. The studies show that brain activity results 

in changes of the brain optical properties [42]. One of the mechanisms causing 

this effect is the change in the volume and in the oxygenation of the blood as well 

as in the ratio between oxy- and deoxyhemoglobin, which leads to a change in the 

absorption and scattering coefficient. The implementation of the optical methods 

in neuroscience is at an early stage of development. Nowadays they have lower 

resolution and penetration depth than the conventional techniques for functional 

brain imaging such as nuclear magnetic resonance tomography and positron 
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emission tomography. However, the optical methods have several advantages, 

such as compactness, which enables performing the measurements even on a 

walking person, and sensitivity to the biochemical processes that allows the 

determination of concentration of different analytes. 

3.2 Time-of-flight technique 

Optical properties of scattering media can also be determined based on time- 

resolved measurements of diffusely reflected radiation. In general, the 

experimental setup is similar to that for SRR technique except the fact that the 

radiation source is pulsed (e.g., picosecond or femtosecond laser) and the detector 

allows the measurement of the signals with resolution in time (e.g., 

photomultiplier (PMT) or streak camera) [45, 46]. Typically, PMT is used for 

detecting very weak optical signals. PMT contains a photosensitive surface called 

a photocathode which absorbs photons and emits electrons. The emitted electrons 

driven with the electric field propagate towards another electrode called a dynode. 

At the time when an electron reaches the dynode, it has sufficient kinetic energy 

to release a great number of electrons from the dynode surface. All the released 

electrons get into the electric field of another dynode and after the acceleration 

release an even greater number of electrons. Thus, a large number of electrons 

which can easily be detected reach the anode. The disadvantage of PMT is the 

relatively high response time (~ 100 ps). One of the modifications of a 

photomultiplier is PMT on microchannel plates (MCP). MCP are less sensitive, 

however their response time is much shorter. The extension of the idea underlying 

the MCP is a streak camera. The streak camera operating principle is shown in 

Fig. 5. 

Fig. 5. Streak camera operating principle. 
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The incident radiation releases the electrons from the photocathode surface. These 

electrons are propagated towards the sweep electrodes. Depending on the sweep 

voltage, the electrons are deflected at different angles. When the electrons are 

propagated through MCP their quantity is multiplied in 104 times. After that, they 

hit the streak camera phosphor screen and form an image on it. This image has the 

form of a luminous band. The intensity at each point of this band is proportional 

to the number of incident photons in a corresponding time instance. The screen 

image is captured by a CCD camera and transmitted to a computer for analysis. 

Using the streak camera it is possible to simultaneously monitor several 

independent optical signals separated in space. A typical view of the pulse 

diffusely reflected from a scattering medium is presented in Fig. 6. In this pulse 

one can distinguish several features typical of ToF measurements for strongly 

scattering medium. First, the beginning of the detected pulse is always shifted in 

time relative to the probing pulse. The shift is determined by the source-detector 

separation and the optical properties of the medium. Second, the rise time of the 

detected pulse is significantly shorter then its fall time which is determined by the 

diffuse photons’ contribution. 

 

 

 

 

 

 

 

 

 

 

 

 

Fig. 6. Typical view of the streak camera screen. Pulse image (from the right) and 

pulse intensity profile (from the left) are shown. 

In terms of Monte Carlo simulation a diffusely reflected pulse represents a 

distribution of detected photons over their travel time in a scattering medium for a 

certain source-detector distance. From a theoretical point of view, such a 

distribution is the response of the medium on the δ-pulse of a probing radiation. 
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The response on the pulse of finite duration can be calculated as a convolution of 

the response on the δ-pulse and the real shape of the probing pulse. 

To determine the optical properties of scattering media by ToF technique it is 

necessary to have a theoretical model describing the pulse propagation. Most 

researchers [47-49] use the diffusion model which, in fact, is not very accurate. 

However, the analytical solution in this case enables a fast solution of the inverse 

problem. Time-resolved diffuse reflectance from a homogeneous semi-infinite 

medium in diffuse approximation is determined by the formula [47]: 

 

(18) 

 

where z0 = (μs′)
-1. There is also an analytical expression for the coefficient of 

diffuse reflection from a two-layer medium [50] in the approximation of a semi-

infinite second layer. 

In [51] the determination of the optical properties was based on the Monte 

Carlo method. It was shown that the results obtained by this method are more 

accurate as compared to those obtained with diffusion theory, especially for the 

case when the scattering coefficient is rather small. Thus, when using the 

diffusion theory the uncertainty of the determined optical parameters was more 

than 30%, while using the Monte Carlo method it did not exceed 10%. However, 

it should be noted that there is a range of optical parameters when the accuracy of 

the diffusion theory is equal to that of the Monte Carlo method. 

A comparative study of the SRR method and ToF technique for determination 

of the optical properties of biotissue phantoms was performed in [52]. The results 

showed less than 10% difference in the evaluation of the reduced scattering 

coefficient among the methods for the phantoms in the range 0.9–2 mm-1, and 

absolute differences of less than 0.005 mm-1 for the absorption coefficient in the 

interval 0.005–0.030 mm-1. 

3.3 OCT and Doppler OCT 

Strong scattering in biological tissues makes the problem of their optical imaging 

rather complicated. A significant increase in resolution can be achieved by cutting 

off the multiply scattered component of detected radiation, for example, by time 

gating in ToF measurements. There is another technique which is capable of 

suppressing the multiply scattered component. This technique is called optical 

coherence tomography (OCT). It utilizes low coherence length of a broadband 
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light source as a spatial selector. OCT is used for imaging of the structural 

inhomogeneities in near-surface layers with a thickness of up to several 

millimeters. The extension of OCT, which takes into account the Doppler effect is 

called Doppler OCT. It allows one to perform imaging of dynamic 

inhomogeneities. 

3.3.1 Principles of OCT and Doppler OCT 

OCT is based on the principles of low-coherence interferometry. The heart of 

OCT setup is a Michelson interferometer. In the reference arm it has an optical 

modulator (e.g., mirror moving at constant velocity). The object under study is 

placed in the sample arm. Light from a low coherent source is divided into two 

equal parts by a beam splitter. One part is guided into the reference arm; another 

part to the sample arm. In the reference arm light is reflected by the mirror, in the 

sample arm – by the studied object. The reflected light from both arms is guided 

back to the beam splitter where the interference occurs. The interference signal is 

recorded by a detector.  If the probing light has a long coherence length then the 

interference occurs at any optical path difference of the waves in the reference 

and sample arms of the interferometer. In the case of low coherence length, the 

interference occurs only if this difference is within the coherence length (see 

Fig. 7). 

 

 

 

 

 

 

Fig. 7. Effect of the coherence length on the formation of an interference signal. 

In the case of conventional time domain OCT, longitudinal scan of the object (A-

scan) is performed by the motion of the reference mirror. The amplitude of the 

detected interference signal is proportional to the local value of the reflection 

coefficient of the medium at a certain depth determined by the position of the 

mirror in the reference arm. The local inhomogeneities with optical properties 

different from those of the surrounding medium cause a significant change in the 

amplitude of the detected signal. Thus, the time dependence of the amplitude of 
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the detected signal during the longitudinal scan can be used to reconstruct the 

depth distribution of local values of reflection coefficient in a point of interest. In 

a transverse direction (B-scan) scanning is performed by a consecutive 

displacement of the probe beam position. 

The important parameter of the OCT setup is depth resolution Δz which 

depends on the spectrum width of the light source [3]: 

(19) 

 

where λc is the source center wavelength, Δλ is the full width at half-maximum of 

the source spectrum. Resolution in the transverse direction is determined by the 

focusing properties of an optical beam [3]: 

 

(20) 

 

where d is the spot size on the focusing lens and f is its focal length. High 

transverse resolution can be achieved by using a large numerical aperture. 

Usually OCT utilizes a superluminescent light emitting diode (SLD) as a light 

source. SLDs are relatively cheap and easy to handle. The typical axial resolution 

of an SLD-based OCT setup is within 5–15 μm in air. However, it is possible to 

improve the resolution up to the submicron level by utilizing ultra-broadband 

light sources such as femtosecond lasers with photonic-crystal fibers for 

supercontinuum generation [53, 54]. The typical axial resolution in this case is 

less than 500 nm. 

Doppler OCT combines the OCT principles with laser Doppler anemometry 

[55] to measure the flow velocity of the scattering liquid with high resolution. 

Doppler OCT signal contains the information about both the structure of the 

medium under study and the velocities distribution of the flows embedded into 

this medium. The possibility of determining the velocity of a moving scatterer is 

based on the Doppler effect described by formula (15). Thus, by determination of 

the Doppler shift from the DOCT signal spectrum, one can calculate the velocity 

of the scatterer [3]: 

(21) 

 

where Δf is the measured Doppler shift, λ is the source wavelength, n is the 

refractive index of the medium, θ is the angle between the probing beam and the 

velocity vector of the particle (Doppler angle). 
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As an example, let us consider the structural and Doppler image of a plain 

glass capillary (0.32 mm x 3 mm) filled with a suspension of scattering particles 

(Intralipid 2%) and embedded into the slab of the same suspension at a depth of 

100 µm. The thickness of the glass walls is 0.23 mm. The suspension was 

pumped through the capillary at a pump rate of 100 ml/h. The Doppler angle was 

5 deg. The structural image in Fig. 8 consists of several consecutive A-scans 

placed one by one to form an OCT image. From this picture it is possible to see 

the multi-layer structure of the studied object. One can distinguish the inner part 

of the capillary, the glass walls and estimate the embedding depth. The Doppler 

image shows us the velocity distribution inside the object (Fig. 8, from below). 

From this picture one can see that the flow velocity profile has a parabolic form. 

The artificial peak in this profile at the rear border of the capillary arises due to 

the effect of multiply scattered photons which, in fact, partially contribute to the 

OCT signal. The photons reflected from the rear interface intersect the flow at 

least twice and acquire Doppler shifts which are manifested as a false velocity 

peak. The amplitude of this peak is proportional to the mean flow velocity.  

 

 

 

 

 

 

 

 

 

 

 

 

 

Fig. 8. OCT image (on top) and flow velocity profile (from below) in the glass capillary 

filled with the 2 % Intralipid solution and embedded into the slab of Intralipid solution 

with the same concentration at a depth of 100 µm. 
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Fig. 9. Schematic layout of the DOCT setup. SLD - superluminescent diode, CL - collimator, 

PL - polarizer, QWP - quarter wave plate, BS -  beam splitter, FL - focusing lens, PD - 

photodiode (Paper VI, published by permission of Wiley-VCH). 

These images were obtained using the laboratory-built DOCT system [56, Paper 

VI] based on the free-space Michelson interferometer (Fig. 9). The setup utilizes 

SLD with a central wavelength of 840 nm and spectrum band of 50 nm (full 

width at half maximum) as the light source. Depth resolution of the system is 6.2 

µm in air. Placed on a piezo translation stage, the measurement setup is capable of 

performing accurate and repeatable scans. Light from the SLD is first collimated 

and then transferred through an optical isolator to prevent optical feedback. 

Different from the conventional time domain DOCT, the mirror of the reference 

arm is fixed relative to the other components in the measurement setup. Depth 

scanning is performed by moving the scanning stage with the whole measurement 

setup on top of it. This type of scanning was chosen to minimize the number of 

moving parts and to achieve better lateral resolution by moving the focus point 

during scanning. In addition to the better lateral resolution, tracking the focus 

point also improves the signal-to-noise ratio of the setup. The acquisition time of 

the setup depends on the scanning stage velocity and the length of the scan. Thus, 

for the case which was mentioned above the scanning velocity was 1 mm/s, the 

length of the scan – 2 mm, so the acquisition time of one A-scan was 2 s.  

The interference signal resulting from mixing the light coming from the 

sample and the reference arm is measured by a silicon PIN photodiode (PD). The 

output current is first converted to the voltage signal by a transimpedance 

preamplifier. Then, the analogue voltage signal is filtered and amplified with a 
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voltage amplifier, before being transferred to a 12-bit A/D converter at the 100 

kHz sampling frequency.  

3.3.2 Numerical models and experimental investigations in OCT 
and Doppler OCT 

The interference of the light waves coming from the sample and reference arms 

forms an output OCT signal as a superposition of interference patterns (fringes). 

Each of the fringes is a signal from a single reflective surface (e.g., the boundary 

between two media with different refractive indices). The shape of the fringe is 

determined by the coherence function of the light source. Therefore, to simulate 

an OCT signal it is necessary to simulate the interference signal formation. Thus, 

the proposed algorithm for simulating the OCT and Doppler OCT signals consists 

of two parts: 

1) calculation of the trajectories of individual photons and acquired Doppler 

shifts during their propagation in the medium under study placed in the sample 

arm using the standard Monte Carlo algorithm described earlier; 

2) calculation of the resulting OCT signal on the basis of the data obtained in 

the first step and the analytical equations describing the interference process.  

Upon completion of the first phase of calculations we have a distribution of the 

detected photons over the travel paths and their Doppler shifts. On the second 

phase, the calculation of the interference signal is performed taking into account 

the coherence gating and the shape of the coherence function of the source. To do 

this, the whole scanning range is divided into a large number of equal subintervals. 

The total number of detected photons and their mean Doppler frequency are 

calculated for each of these subintervals. According to the formula for the 

interference term [3]: 

 

(22) 

 

where Ar and As are the amplitudes of the waves coming from reference and 

sample arms respectively, ∆l is the optical path difference of the waves, the 

interference signal taking into account the Doppler shift is calculated by the 

formula: 
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where Nr and Ns – the numbers of detected photons coming from the reference 

and sample arms with certain optical path difference for certain subinterval of 

scanning range, Δf is the mean Doppler shift value for these photons, lcoh is the 

radiation coherence length, Vm is the velocity of the scanning mirror, λ is the 

center wavelength of low coherence light source. The summation is taken over all 

the backscattering surfaces of the studied medium within the scanning range. The 

form of the coherence function is chosen to be Gaussian which is manifested in 

the exponential factor in (23). 

The first theoretical model [57] describing the OCT signal was based on the 

principle of single scattering. In this model, the authors consider the thin sub-

surface layers of highly scattering tissue where only single scattering occurs. The 

effect of multiple scattering has been studied experimentally [58], by Monte Carlo 

technique in conjunction with an analytical approach [59], using the Huygens-

Fresnel principle [60] and by Monte Carlo simulation [61-64].  

In [61] it is shown that for small depths (less than 3 mean free paths for 

Intralipid) the OCT signal slope corresponds to an exponential decay in the theory 

of single scattering. Within this depth range the backscatter positions of detected 

photons corresponded well with the nominal focus position of the probe. For 

propagation to deeper positions in Intralipid, localization of backscattering was 

quickly lost, and the number of detected photons remained constant with 

increasing depth in the non-absorbing medium. For the blood the single scattering 

approximation is valid only at very shallow depths (less than 2 mean free paths). 

However, backscattering positions for detected photons correlated well with the 

nominal focus position of the probe even for optical depths greater than 40 mean 

free paths. 

Alternatively, the Monte Carlo simulation of OCT is presented in [64]. The 

OCT signals from multilayer scattering medium were obtained on the basis of a 

developed model. The comparison of signals from the boundaries located at 

different depths in scattering medium shows the reduction of the depth resolution. 

In this paper, the authors have also observed two kinds of speckles in OCT signals. 

The speckles of first type have a size which is much larger than the wavelength of 

probing radiation. The size of the speckles belonging to the second type is 

comparable to the wavelength. It is shown that the speckle noise increases with 

increasing probing depth. Due to this fact the depth resolution is strongly reduced 

and the imaging of the deep layers becomes more complicated.  

OCT technique also allows one to determine the optical properties of the 

studied media [65-67]. For example, in [66] the determination of the optical 
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properties was based on small-angle approximation of radiative transfer theory. In 

[67] the accuracy of the optical properties determination is analyzed. It is shown 

that speckle noise has a significant effect on the accuracy. By suppressing this 

noise it is possible to determine the optical properties with the relative error up to 

0.8%. The possibility of determining the scattering coefficient with high accuracy 

enables the use of the OCT technique for the problem of non-invasive sensing of 

different analytes causing the change in the scattering coefficient (e.g., the 

glucose concentration [68]). 

In [69] the OCT and Doppler OCT techniques are applied for two-

dimensional imaging of complex flow of strongly scattering liquid. The 

converging flow with a compression ratio of 4:1 was investigated. Compression 

of the flow was produced by a step change in the diameter of the vessel. Complex 

geometry flow was scanned with 10 × 10 × 10 μm spatial resolution. Structural 

images of the phantom and specific velocity images were demonstrated. 

During the last years, the progress in OCT and Doppler OCT goes by the way 

of increasing the resolution [53, 54], sensitivity [70] and the imaging speed of the 

setups [71, 72]. The increase in the imaging speed is achieved by eliminating the 

mechanical scanning parts. In this case the mirror in the reference arm is fixed. 

The OCT signal is obtained using a spectrometer as a detector which gives to the 

output the Fourier image carrying the information about the spatial distribution of 

optical inhomogeneities inside the object under study. The structural image is 

calculated by a Fourier transform of the spectrometer data. This technique is 

called Fourier (frequency) domain OCT [73]. When using the swept sources it is 

possible to replace a spectrometer with a single PIN photodiode (swept source 

OCT) [70, 74].  

Another way for the development of OCT and Doppler OCT techniques is the 

extension of their application field. The capability of imaging with high spatial 

and time resolution of the scattering media structure and flows embedded into 

these media allows one to conduct detailed investigations of the structure and the 

functioning of the blood microcirculation system of humans or animals [75], 

imaging of embryonal development [76], as well as the study of cell motility 

dynamics [77]. Nowadays, OCT and Doppler OCT are widely used in 

ophthalmology, in particular, to visualize the anterior and posterior eye segment 

[78] as well as to measure the blood flow in the retina vessels [75, 79]. 
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4 Biotissues phantoms 

Construction and study of the biotissue phantoms [80] plays a very significant 

role in the field of biomedical optics. The fact is that real biotissue has a very 

complicated structure and fluctuating optical parameters. On the other hand, the 

solutions of the equations describing the fundamental physical processes 

(propagation of radiation, heat, etc.) are known only for relatively simple media 

configurations. When using numerical methods, it is possible to find the solutions 

in more complex cases, but even they are far from reality. Therefore, in 

biomedical optics, as well as in physics in general, the development of new 

methods and solutions for fundamental problems are carried out on simplified 

phantoms of the real media using a variety of approximations. The correctness of 

such models is limited to a specific case and is always a source of numerous 

discussions. 

There are two basic approaches for simulating biological tissues. First 

approach considers a tissue as a medium with continuous random distribution of 

the optical properties in space, Second one represents a tissue in the form of 

discrete scatterers. The choice of the appropriate approach depends on the 

structure of the considered biological tissues and the type of the characteristics 

required. In the present study we will mainly follow the approximation of discrete 

scatterers since the considered tissues (skin, blood) satisfy the criteria of this 

model quite well. 

The skin consists of three main layers: epidermis, dermis and subcutaneous 

tissue. The complex structure of skin is shown in Fig. 10a. However, for many of 

the problems in biomedical optics the skin can be considered as a single-, two- or 

three-layer medium using the effective averaged parameters for each layer. The 

optical parameters of the skin available from publications [81-85] vary a lot 

depending on the method used for their determination, theoretical models and 

experimental conditions. 

In practice, the newly developed methods are always tested on the tissue 

phantoms with well-known parameters and only after that they can be applied to 

in vivo measurements. The water solution of Intralipid is frequently used for the 

fabrication of biotissue phantoms. Intralipid is a polydispersed suspension of 

almost spherical particles of about 0.3 μm mean radius suspended in glycerine 

and water solution. The particles are soybean oil droplets covered with a 2.5-5.0-

nm-thick lipid membrane. In medicine this substance is used for intravenous 

feeding. The optical properties of Intralipid are well known [86-88], however 
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some fluctuations are possible among different manufacturers. As it is shown in 

[84] the scattering coefficient of 2% Intralipid solution is in good correspondence 

with that of human skin for NIR radiation. However, the absorption coefficient of 

skin is slightly higher. To match the absorption of skin and Intralipid the 

additional absorbers (usually inks) are used.  

 

                                     (a)                                                                          (b) 

Fig. 10. (a) – skin structure, (b) – blood flow in a vessel. 

Blood is a special body fluid which delivers necessary substances (nutrients, 

oxygen) to the body's cells and transports waste products away from those same 

cells. It is composed of blood cells (erythrocytes, platelets, leukocytes, etc., see 

Fig. 10b) suspended in a liquid called blood plasma. From an optical point of 

view blood could be considered as an erythrocyte suspension, the effect of other 

cells is negligibly small. Therefore, in experiments with biotissue phantoms the 

washed erythrocytes suspended in saline solution are frequently used instead of 

whole blood. When using such a suspension it is possible to avoid the 

uncontrollable changes in blood optical properties caused by aggregation. The 

fact is that during the washing the proteins causing the aggregation effect are 

removed together with the blood plasma.  

A human erythrocyte represents a biconcave disk with an average size of 7.5 

μm and a maximal thickness of 2.4 μm [89]. Erythrocytes are optically soft 

particles. Their refractive index nRBC = 1.42, which differs little from the 

refractive index of the environment (plasma) npl = 1.35 [89]. A systematic study 

of blood optical properties was performed in [26, 90]. The specific feature of 

blood is a very high anisotropy factor (up to 0.990). In [7] it is shown that the 

value of blood scattering coefficient determined from the experiment with the 

integrating spheres depends on the erythrocyte phase function used for 

calculations. Many researchers have worked on the problem of correct estimation 
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of erythrocyte phase function [91-93]. In the simplest model the erythrocyte is 

considered as a sphere of equal volume. In this case the phase function is known 

from the Mie theory. This function can also be determined from goniophotometric 

measurements, and finally, many researchers use Henyey-Greenstein 

approximation because of its simplicity and convenience. 
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5 Optical glucose sensing in biotissue 
phantom by diffuse reflectance techniques 

In recent years, the development of novel methods of measurement and 

monitoring of glucose level in human tissues is one of the hot topics of 

biomedical diagnostics due to an increase in the number of diabetes patients 

(more than 180 mln. worldwide [94]). Currently, there are a few tens of 

commercialized devices for monitoring blood glucose levels [95]. However, most 

of them are invasive. Non-invasive methods are the most promising because they 

potentially allow avoidance of necessary frequent blood sampling and provide 

continuous monitoring of the glucose level in blood. The major difficulty in 

optical glucose sensing is associated with very low optical signal alteration 

produced by glucose which results in low sensitivity and requires substantial 

effort in order to overcome this difficulty. In this connection many optical 

techniques were tested for sensitivity of the signal to the glucose level (e.g., IR 

absorption, NIR scattering, Raman, fluorescent spectroscopies, as well as 

polarimetric, optoacoustic, optothermal, and optical coherence tomography 

techniques [5, 96]). 

The origin of light scattering in biotissues is in the refractive index mismatch 

between their neighboring components (cells, nuclei, intercellular and 

extracellular liquids, etc). The amount of scattering is determined by the sizes, 

shapes and concentrations of the components and by the level of the refractive 

index mismatch. Being dissolved in water, blood plasma or interstitial fluid, 

glucose changes their refractive indexes, the value of this change being 

proportional to the concentration of the glucose in solution. 

The refractive index mismatch between intra- and extracellular liquids affects 

the cell’s phase function and scattering cross-section. The effect of glucose 

dissolved in a solution on the refractive index of the latter was studied 

quantitatively by Tuchin et al. [97]. It was shown that the glucose-induced change 

in the refractive index is δn = 2.73 × 10-5 mM-1. 

The effect of glucose concentration on the optical parameters μs, μa, g, and n 

of the media was discussed in [98-100]. The effect of glucose on the suspension 

of polystyrene particles was considered in [99]. It was shown that for this solution 

the changes in the scattering coefficient, µs, are of the order of −0.02% mM−1 

glucose concentration. The anisotropy factor g also changes with an increase in 

the glucose concentration by +0.0007% mM−1. It was shown [98], that an increase 

in the glucose concentration in the physiological range (3–30 mM) may also 
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decrease the scattering coefficient by 0.22% mM−1 due to cell volume change. 

The authors considered rabbit ventricular myocytes as an example of the 

scattering media, however they generalize the results to other solutions. The 

mentioned values for the effect of glucose on optical properties were further used 

by other authors, e.g., in [101, 102]. 

5.1 Glucose sensing with spatially resolved reflectometry 

In this section we shall consider the numerical study of SRR potentialities for 

glucose level detection implementing Monte Carlo technique. SRR is one of the 

simple and not expensive methods that can potentially be implemented for 

noninvasive measurements of blood glucose level [103, Paper III]. The essence of 

this technique is in measuring the dependence of the diffuse backscattered light 

intensity on the source-detector separation. The SRR technique was also 

demonstrated to be effective for blood oxygenation detection [104]. 

5.1.1 Multilayer biotissue phantom and its optical properties 

Let us consider a 3-layer skin model consisting of two layers characterized by 

averaged optical parameters of skin and one layer characterized by averaged 

optical parameters of blood between them. The schematic layout of the simulated 

experiment is shown in Fig. 11. 

 

 

 

 

 

 

 

Fig. 11. Schematic layout of the simulated experiment (Paper III, published by 

permission of Turpion-Moscow Ltd). 

In our calculations, the embedding depth L1 of the blood layer varied from 100 to 

300 μm which corresponds to the range of depths of the upper plexus in human 

skin. The thickness of the blood layer L2 was fixed and equal to 200 μm. The 

thickness of the lower skin layer was chosen so that the total thickness of the 

sample resulted in 10 mm allowing consideration of the lower skin layer as semi-
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infinite according to the values of its optical properties. The optical parameters of 

the skin-mimicking layers were averaged from the values reported in papers [6, 

65, 84], while for the blood-mimicking layer the values were chosen based on the 

data reported in [26, 105]. The values used for simulations are shown in Table 1. 

The wavelength was chosen as 820 nm which belongs to the so-called diagnostic 

transparency window (600-1300 nm) and is widely used in the non-invasive 

diagnostics of tissues. In the table the transport length in both media 

l* = 1 / (µa + μs’) characterizing the chaotization of the photon movement 

direction is also shown. 

Table 1. Optical parameters of the layers used in the simulation (λ = 820 nm). 

 µs, mm-1 µa, mm-1 g n l*, mm 

Blood 57.3 0.82 0.977 1.4 0.468 

Skin/Intralipid 10 0.002 0.9/0.7 1.4 0.98/0.33 

For the simulations, two values of the anisotropy factor characterizing skin (0.9) 

[6] and water solution of Intralipid (0.7) [86-88] were used. Because this 

parameter plays a significant role in the process of light propagation in a 

scattering medium, the analysis of its effect on the obtained results is of 

importance. The normal values of the glucose level in human blood range from 70 

up to 160 mg/dl [96]. In the present paper the variation of the glucose level is 

considered to be in the range from 0 to 500 mg/dl, the extreme low and high 

values corresponding to strictly pathological cases for a human organism. It was 

supposed that the change in glucose concentration does not affect the optical 

properties of the superficial skin layer because in human organisms the glucose 

level changes at first in blood and then in tissues neighboring blood vessels, while 

in a superficial layer the changes are late and non-significant. The number of 

launched photons in the simulation was chosen as 109. 

5.1.2 SRR Signal 

The signals obtained for the medium mimicking the skin with g = 0.9 for 

embedding depth of the blood layer of 200 μm and a glucose concentration of 0 

mg/dl and 500 mg/dl are shown in Fig. 12a, Fig. 12b shows the same signals 

scaled for the region where the relative signal difference is maximal. The 

presented results are normalized by the detector area and the probing beam power 

with an assumption that the numerical aperture of the detector NA = 0.24 which 
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corresponds to the detection angle of 14º (in air). Thus, the magnitude I in Fig. 12 

has the dimension of mm-2. Fresnel reflection from the detector surface is about 1% 

of the signal level; therefore it was not taken into account. Fresnel refraction can 

also be reduced by administering an index-matching liquid onto the surface of the 

object (optical clearing [106]).  
 

 

 

 

 

 

 

 

 

 

                                             (a)                                                                            (b) 

Fig. 12. (a) – SRR-signals for the 3-layered medium at the embedding depth of blood 

layer L1 = 200 μm for glucose concentration of 0 mg/dl (solid line) and 500 mg/dl 

(dashed line); (b) – the same signals for the region of maximal relative difference 

(shown in Fig. 12a with a rectangle). 

The scattered light power P registered by the detector can be calculated from data 

in Fig. 12 according to the formula: 
 

P = P0 (1 - R) I Sd,                                               (24) 
 

where P0 is the power of the probing radiation, Sd is the detector area, R is Fresnel 

reflection from the surface of the medium. It is obvious that the calculation 

according to this formula is correct only in the case when the linear size of the 

detector is less than the distance over which the change of the SRR-signals is 

significant.  

An important measurement parameter is the intensity of the probing radiation. 

In the case of glucose detection the limitations for this intensity are quite strict, 

because even an increase in the light-induced heating temperature of the probed 

medium by 1 ºС can cause changes in the optical properties of the object leading 

to an error in the determination of the glucose level [101]. According to [6], the 

maximal admissible intensity of the probing IR radiation for the considered 

problem is around 1 W/mm2 at the exposure time of 1 ms. 
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5.1.3 Relative sensitivity of SRR signal 

For optimizing the position of the detector relative to the source, an estimation of 

relative sensitivity S of the SRR-signal to the glucose concentration in 

dependence on the source-detector separation r can be performed according to the 

following expression:  

 

(25) 

 

where I0 and I500 – SRR-signals corresponding to the glucose concentration of 0 

and 500 mg/dl. The results obtained for three considered embedding depths of the 

blood layer are shown in Fig. 13.  

Fig. 13. Relative sensitivity of the SRR-signal to the change of glucose level from 0 to 

500 mg/dl for the embedding depths of the blood layer of 0.1, 0.2 and 0.3 mm; the 

anisotropy factor g = 0.9 (a) and 0.7 (b). 

From this figure one can see that for g = 0.9 (Fig. 13a) the relative sensitivity S 

has a local maximum at the source-detector separations below 0.5 mm. The 

minimum at r above 2 mm is due to the fact that the difference I0(r) - I500(r) 

changes its sign. However, the magnitude S is defined as nonnegative. One can 

see that the relative sensitivity S again reaches the value corresponding to the 

local maximum around r = 7 mm. At this distance from the source, the power of 

the detected signal decreases by three orders of magnitude in comparison to its 

value at r = 0.4 mm, which requires performing the measurements at r = 0.4 mm. 

For the case g = 0.7 (Fig. 13b) the relative sensitivity S also has a local maximum 

around 0.5 mm. However, as one can see from this figure, in this case the 

dependence of the maximum position and maximum value on the blood layer 

embedding depths is stronger. Moreover, S for small r values is lower than in the 
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case of g = 0.9, which is related to an increase in randomization of the photons’ 

directions before they reach the layers where the optical parameters are sensitive 

to glucose (blood layer and below). Although for the case g = 0.9 the photon 

transport length significantly exceeds the embedding depths of the blood layer, 

for g = 0.7 it is only 0.3 mm (see Table 1), which is comparable with the blood 

layer embedding depths. Thus, at the maximal value of the considered blood layer 

embedding depths, the photons’ directions are already chaotic before the entrance 

into the glucose sensitive layers. In this case, higher sensitivity to glucose is 

observed at larger r values, where the backscattering is quite diffuse. 

5.1.4 Dependence of SRR signal on glucose concentration 

Finally, let us analyze the dependence of the SRR signal on glucose concentration 

in blood and deep skin layers for the embedding depth of blood layer L1 = 100 μm 

at two combinations of parameters: (a) skin anisotropy factor g = 0.9 at r = 0.4 

mm; (b) skin anisotropy factor g = 0.7 at r = 0.3 mm. As it was shown before, 

these combinations are close to optimal. The simulation results are shown in Fig. 

14a and 14b, correspondingly. It is seen that in the range of glucose 

concentrations from 0 to 500 mg/dl a clear correlation exists between the detected 

SRR signal and the glucose concentration in the medium. The maximal relative 

change of the detected signal for this case is about 8% or 0.016% per mg/dl 

(relative change of the detected signal caused by the change in the glucose 

concentration of 1 mg/dl). 
 
 
 
 

 

 

 

 

 

 

 

                                         (a)                                                                            (b) 

Fig. 14. Dependence of signal intensity at a) g = 0.9 and r = 0.4 mm, b) g = 0.7 and r = 

0.3 mm on glucose concentration at the embedding depth of blood layer L1 = 100 μm. 

0 100 200 300 400 500
3.20

3.25

3.30

3.35

3.40

3.45

3.50

 

 

I,
 1

0-3
 m

m
-2

C, mg/dl
0 100 200 300 400 500

11.9

12.0

12.1

12.2

12.3

12.4

12.5

12.6

 

 

I,
 1

0-3
 m

m
-2

C, mg/dl



 51

5.2 Glucose sensing with time-of-flight technique 

In this section we shall discuss the applicability and advantages of the time-of-

flight technique in the problem of noninvasive glucose sensing taking into 

consideration a three-layer model of the skin described above (Paper IV). Fig. 15 

schematically represents the arrangement of the simulated experiment. The 

geometry and the optical properties of the skin phantom as well as the parameters 

of the detecting fibers and the number of launched photons in the simulation are 

similar to those described in the previous section.  

 

 

 

 

 

 

 

 

Fig. 15. Schematic layout of the simulated experiment (Paper IV, published by 

permission of Turpion-Moscow Ltd). 

The difference is in the type of a light source and the arrangement of the detecting 

head. The latter consists of 5 adjacent optical fibers with the diameter of 0.2 mm, 

placed in line on the top of a phantom as shown in Fig. 15. In this case, we 

consider the incoming (probing) signal as a δ- pulse in time domain. 

5.2.1 ToF signal 

The output pulses for all five fibers calculated at L1 = 100 μm and two glucose 

concentrations are presented in Fig. 16. From this figure one can see that for all 

considered fibers the time profiles of the scattered pulses corresponding to 

different glucose concentrations slightly differ. This fact allows one to consider 

the time-of-flight technique as potentially applicable for glucose sensing. The 

essential difference between g = 0.9 and g = 0.7 cases is that in the former case 

the scattered pulse has one peak while in the latter case it has two peaks. This 

effect is caused by the fact that the amount of light backscattered from a certain 

layer is characterized by the value of (1 – g). In this connection, the mismatch 

between these values for the skin and blood layers is larger in the case g = 0.7 
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causing a larger difference in the amounts of backscattered light and hence, in the 

amplitude of the detected pulse. For g = 0.9 this difference can be seen only for 

the first fiber. 

 

 

 

 

 

 

 

 

 

 

                                     (a)                                                                          (b) 

Fig. 16. Intensity of backscattered radiation for two different glucose concentrations: 0 

(solid line) and 500 (dashed line) mg/dl for g = 0.7 (a) and 0.9 (b). 

Once the difference in pulse shapes for different glucose concentrations is 

discovered the proper quantitative characteristics for recovering the glucose level 

value from the measured pulse shape should be found. ToF measurements allow 

the use of more parameters (e.g., total pulse energy, peak intensity, peak position) 

for signal characterization as compared to spatially resolved measurements and 

thus seem to be more informative for glucose sensing, however, they are more 

expensive. 

5.2.2 Relative sensitivity of ToF signal 

Let us consider the peak value of the measured pulse, the total time-integral value 

(total energy of the pulse) and the partial time-integrals in the intervals from τ to 

τ + Δτ (pulse energy within certain time gate where τ and Δτ determine the 

position and size of this gate respectively). Dependencies of the peak value and 

the total energy of the pulse on glucose concentration for the first fiber are 

presented in Fig. 17. One can see that both chosen values exhibit linear 

dependence on the glucose concentration.  

The relative sensitivity of the considered parameters to changes in glucose 

concentration is determined by formula S = |value0 - value500| / value0, where 

value0 and value500 are the values of one of the selected parameters at the glucose 
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concentrations of 0 and 500 mg/dl, respectively. Thus, the calculations show that 

the maximal relative sensitivity S of total pulse energy and the peak value of the 

measured pulse among all detectors can be reached at the second detector and 

equal to 7.2% (or 0.014% per mg/dl) and 10.9 % (or 0.022% per mg/dl), 

respectively. 

 

 

 

 

 

 

 

 

 

                                           (a)                                                                             (b) 

Fig. 17. Peak intensity (a) and total energy (area under temporal pulse profiles) (b) of 

the detected pulses at the first detector versus glucose concentration (L1 = 100 μm, 

g = 0.9). 

 

 

 

 

 

 

 

 

 

                               (a)                                                                             (b) 

Fig. 18. Relative sensitivity of the partial pulse energy (pulse energy in the time 

interval ∆τ) detected at first (a) and second (b) detectors to glucose concentration 

change from 0 to 500 mg/dl versus gate position τ and gate size ∆τ. The areas 

corresponding to the higher sensitivity are shown with dark red color. 

Another quantity studied as a potential parameter was the pulse energy in the time 

interval Δτ. The idea of this choice is based on the fact that time gating allows 
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which are the most sensitive to glucose level, thus increasing the sensitivity of the 

technique. The maps of the relative sensitivity of this value to glucose concentration 

for first and second detector for L1 = 100 μm, g = 0.9 versus the gate position τ 

and gate size Δτ are presented in Fig. 18. Similar maps are obtained for g = 0.7. 

The obtained maps allow one to estimate the optimal position and size of the time 

window in order to get the maximal sensitivity. The calculations show that the 

maximal value for S in this case can be reached for the 2nd, 3rd and 4th detector 

for the minimal size of the time gate (~1 ps) and the starting position of the gate 

(delay relative to the start of the initial pulse) of about 6, 9 and 11 ps 

correspondingly. The value of S reached in this case is about 12% (or 0.024 % per 

mg/dl) which is higher than the sensitivity of total pulse energy and peak value of 

the detected pulse. 

5.3 Experimental study of glucose effect on ultrashort laser pulses 
propagation in biotissue phantoms 

In previous sections the possibilities of detecting glucose in tissue phantoms by 

the methods of spatially and time-resolved reflectometry were studied 

numerically. The aim of this section is to experimentally study the influence of 

glucose on the diffuse reflection of femtosecond laser pulses from single- and 

three-layer media simulating biological tissues (Parer V). 

5.3.1 Experimental setup and biotissue phantoms 

The experimental setup (Fig. 19) was built on the basis of a femtosecond laser 

(Ti:Sapphire laser with central wavelength of 800 nm, pulse duration of 40 fs, 

repetition rate - 10 Hz, and pulse energy - up to 40 mJ) as the light source and a 

streak camera (VUV Agat) with 10 ps temporal resolution to visualize the 

detected pulses. Laser radiation emitted by femtosecond laser (1) is divided into 

two beams by a beamsplitter (2). One beam is delivered through the optical fiber 

(6) to the object under study (4) and the other is delivered through an optical fiber 

directly to the streak camera (7) and is used as a reference signal. The saturation 

of the streak camera was avoided by using an attenuator (3) consisting of several 

neutral filters. The diffuse backscattered pulses were collected by 10 adjacent 

optical fibers placed one by one in the measuring head (5) at different source-

detector separations from 0.53 to 5.3 mm and delivered to the streak-camera. The 

head was fabricated from ASF 300/330N fibers (Fiberguide Industries) in a 
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protective nylon jacket with the numerical aperture NA = 0.22 and diameters 

300/330/430/530 μm (core/cladding-1/cladding-2/buffer/jacket). The images of 

the streak camera screen were captured by CCD camera (U2C-14C415 Ormins) 

and transmitted to the computer for the analysis. 

 

 

 

 

 

 

 

 

 

Fig. 19. Scheme of the experimental setup. 1 – Ti:Sapphire femtosecond laser, 2 – 

splitter, 3 – attenuator, 4 – medium under study, 5 – fiber holder, 6 - fibers, 7 – streak 

camera, 8 – objectives for transferring the streak camera image, 9 - CCD camera, 10 – 

computer (Paper V, published by permission of Turpion-Moscow Ltd). 

The phantom was fabricated from a set of cells made of black plastic of different 

thicknesses, which were located one after another and fixed by screws, forming a 

multilayer medium. Each of the cells was filled with a certain light scattering 

liquid. The layers were separated by a 47-μm-thick transparent tape. In this study, 

a 5-mm-thick single-layer phantom and a three-layer phantom with 1-mm-thick 

first and second layers and 5-mm-thick third layer (Fig. 20) were considered.  

 

 

 

 

 

 

 

 

 

                                                     (a)                                                      (b) 

Fig. 20. Schematics of single- layer (a) and three-layer (b) phantoms (Paper V, 

published by permission of Turpion-Moscow Ltd). 
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The single-layer phantom was filled with Intralipid (lipofundin) 2% with 

additions of glucose at concentrations of 500 and 1000 mg/dl and without glucose. 

It is known that 500 mg/dl is the maximal admissible physiological concentration 

of glucose in the human blood. However, to study the dependence of the 

parameters of detected pulses on the glucose concentration in more detail, we 

considered concentrations up to 1000 mg/dl. In the case of the three-layer 

phantom, the first and last layers were filled with Intralipid 2%, the middle layer 

was filled with a suspension of washed erythrocytes with a hematocrit of about 

40%. Glucose at the concentration of 0, 250 and 500 mg/dl was added into each 

layer of the considered phantom. 

5.3.2 Measurement results  

The typical image of the streak-camera screen with the detected pulses is shown 

in Fig. 21a. The output signals of several first fiber detectors and the reference 

signal (on the right) are observed. The horizontal and vertical axes correspond to 

the spatial and time coordinates, respectively. The reference pulse is split into two 

parts due to reflections from the two surfaces of the beamsplitter. The position of 

the reference pulse along the vertical axis on the screen is determined by the 

relation between the distances from the beamsplitter to the corresponding 

coupling fibers and can be varied within the screen. One of the intrinsic 

characteristics of the streak camera is so-called jitter, which is manifested in the 

displacements of the detected pulses on the screen along the time axis with 

respect to their previous position by a random value. In our case, the typical jitter 

value was about 100 ps. This is a serious problem in measurements with a high 

time resolution. However, the position of all the pulses on the horizontal axis is 

fixed and is determined by the structure of the measuring head. To the left of the 

reference pulse (Fig. 21a) the images of the output signals of successively located 

fiber detectors of the measuring head are observed. One can see that the larger the 

source-detector distance, the weaker the peak intensity of the detected pulses and 

the higher the delay time with respect to the input pulse (the image of each 

successive signal is displaced along the time axis relative to that of the previous 

pulse). 

The measurements were performed in the following way. Several images of 

the streak camera screen were recorded on the PC. The jitter was eliminated by 

displacing all the pulses along the time axis to make their leading edges 

coincident. To exclude errors that could be caused by random jumps in the probe 
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radiation intensity during experiments, pulse intensities were normalized to the 

reference pulse. After that the corresponding pulses were averaged over all 

recorded images and the standard deviation was calculated. 
 
 

 

 

 

 

 

 
 

                            (a)                                                                            (b) 

Fig. 21. (a) – typical image of the streak camera screen obtained with the CCD camera. 

Several backscattered pulses and the reference pulse (from the right side) are show. 

(b) – backscattered pulses registered at the first, second and third detecting fibers of 

the measurement head at three glucose concentrations for a single-layer phantom 

(Paper V, published by permission of Turpion-Moscow Ltd). 

The results of measurements of diffuse reflected pulses from the single-layer 

phantom for different glucose concentrations are presented in Fig. 21b. The error 

of the intensity measurement at the pulse maximum is 15 %. One can see that the 

pulse intensity at the maximum decreases after the addition of glucose. 
 
 

 

 

 

 

 

 

 

 

                                            (a)                                                                           (b) 

Fig. 22. Peak intensity (a) and pulse energy (b) of the detected pulses at first, second 

and third fibers versus glucose concentration for the case of a single-layer phantom. 
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This is explained by the fact that the addition of glucose reduces the scattering 

coefficient of the medium and increases the anisotropy factor [99, 101]. As a 

result, the higher the glucose concentration, the higher “transparency” of the 

medium and the smaller the number of scattered photons returning back to the 

detectors. Fig. 22 presents the dependences of peak value (Imax) and total energy 

(W) of detected pulses on the glucose concentration. The relative sensitivities SI 

and SW of these parameters were estimated for different source-detector 

separations using the definition described earlier (see Table 2). One can see that in 

this case the peak intensity of the scattered pulse appeared to be the most sensitive 

parameter. The maximal relative sensitivity for this parameter is 0.027 % per 

mg/dl for the second detector (the distance from the source is 1.06 mm). 

Table 2. Relative sensitivity of peak intensity SI and pulse energy SW to the changes of 

glucose level in single-layer and three-layer phantoms. 

Fiber number 1 2 3 

Single-layer 

phantom 

SI,  % per mg/dl 0.025±0.005 0.027±0.007 0.022±0.005 

SW, % per mg/dl 0.019±0.005 0.016±0.004 0.010±0.003 

Three-layer 

phantom 

SI, % per mg/dl 0.012±0.003 0.014±0.004 0.024±0.006 

SW, % per mg/dl 0.013±0.003 0.015±0.004 0.030±0.008 

For the case of the three-layer phantom the shape of pulses diffusely reflected 

from this medium is identical to the shape of pulses reflected from a single-layer 

medium and therefore is not shown here. The estimated relative sensitivities for 

the selected parameters of detected pulses for this case are also presented in Table 

2. One can see that the sensitivities of both parameters are practically identical 

and depend only on the source-detector separation. In this case the relative 

sensitivity for the peak value is equal 0.012, 0.014 and 0.024 % per mg/dl for the 

first, second and third detector, respectively (the distances between source and 

detector are 0.53, 1.06, 1.59 mm, respectively). 

Thus, we can conclude that the measurement and simulation results 

demonstrate the sensitivity of the diffuse backscattered ultrashort laser pulses to 

the glucose level in biotissue phantoms. This technique potentially can be used 

for determination of glucose level in human tissues, however for this case the 

important issue is the repeatability of the measurements result. The uncertainties 

of in vivo measurements caused by different physiological processes are 

compatible with the estimated sensitivity of the considered methods. Only by 
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controlling these uncertainties one is able to noninvasively assess the glucose 

level in human tissue and blood. 
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6 Imaging of dynamic inhomogeneities using 
Doppler optical coherence tomography 

Optical coherence tomography (OCT) and its Doppler modification are nowadays 

rapidly developing tools for optical imaging. The capability of imaging with high 

spatial and time resolution of the scattering media structure makes these 

modalities very attractive for scientists and clinicians in different fields. As it was 

discussed in [107] these techniques nowadays are ready enough for translation 

from the laboratory to the marketplace. The focus of the growth of the OCT field 

as a whole will shift from technology development to applications research. Not 

only “obvious” applications (such as ophthalmic and tumor imaging) will be 

considered. 

6.1 Doppler OCT imaging of complex autowave cellular motility 
and shuttle flow 

In connection with the above facts, our laboratory was the first to implement 

Doppler OCT for imaging the complex autowave amoeboid type of cellular 

motility and cytoplasm shuttle flow in Physarum polycephalum, see Paper VI. 

Slime mold Physarum [108] in the plasmodium phase of the life cycle is a 

unicellular organism representing a nonstationary system of cylindrical strands 

which connect frontal zones of the migrating organism to the main body. 

Functionally, these strands resemble a blood capillary system. Inside the cell body 

the gel-like structures are continuously created and destroyed as a result of 

assemblage and dissociation of the actomyosin network. The local regions of such 

a network can spontaneously contract and relax causing the shuttle flows of the 

sol-like cytoplasm. One of the interesting features of biological motility of 

Physarum is its oscillating nature. The cyclic contraction of the gel-like walls of 

the strands generate the gradients of pressure which cause shuttle flow of the 

internal part of cytoplasm along the strands. The typical period of the oscillation 

of the strand with a diameter of about several hundred micrometers at room 

temperature is about 1 min. 

Physarum is a good model to study different cell processes (synchronization, 

migration, etc.). The dynamics of the wall contraction and the cytoplasm shuttle 

flow in Physarum have been studied by numerous researchers implementing 

phase-contrast microscopy [109], laser Doppler microscopy [110, 111] and image 

analysis [112] aiming, in particular, to assess the mechanism of synchronization 
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of the oscillations and the nature of the pacemaker and synchrofactor. 

Mathematical models have been designed to describe complex dynamic 

phenomena [110, 113]. However, many problems have not been solved so far due 

to limited possibilities of the applied measurement techniques. In these 

circumstances, Doppler OCT is an advantageous technique for deeper assessment 

of the interrelations of structural and dynamic alterations in the plasmodial 

cytoplasm, which form the basis for the variety of autowave phenomena in this 

object. It is important to note that many tissue cells of animals and humans (e.g., 

cancer cells) exhibit an amoeboid type of motility, thus, more detailed assessment 

of its motion is an important task for developing the theoretical bases of 

nonmuscle biological mobility and for medical applications in particular. 

6.1.1 Setup and object preparation 

For the measurements the laboratory-built DOCT system described in chapter 

3.3.1 was used. During the measurements the speed of the scanning stage was 1.6 

mm/s, which corresponds to a carrier frequency of 3810 Hz. The present setup 

allows for measuring the flow velocities in the range from 0.1 to 3 mm/s. The 

upper limit of this range is determined by choosing the upper filter limit which 

can be adjusted depending on our demands. 

The plasmodium of Physarum polycephalum was grown on filter paper and 

fed with oat flakes at a room temperature of 23 ºC in the dark according to [114]. 

Ten hours before the measurements a piece of filter paper with Physarum biomass 

on it was placed close to the border in a 5.5 -cm Petri dish. The piece of filter 

paper with wet oat flakes was placed on the diametrically opposite side of the dish 

to attract the Physarum and make its migration directed. The bottom of the Petri 

dish was covered with an agar layer about 1 mm thick. During about ten hours 

Physarum was allowed to move on the agar surface to form a strand network. Fig. 

23 shows an example of two strands connecting the larger parts of the Physarum 

spread upon two pieces of filter paper with oat flakes.  

Fig. 23. Photo-image of Physarum strands lying on an agar layer in a Petri dish. (Paper 

VI, published by permission of Wiley-VCH). 



 63

6.1.2 Measurement results 

The Petri dish with the plasmodium was placed into the measuring arm of the 

setup perpendicular to the probing beam. All the measurements were carried out 

at a room temperature of 23 ºC. The in-depth scanning was performed at a single 

point of the selected strand. Several consecutive A-scans were placed one by one 

along the time axis to form a time-resolved pattern resulting from the alteration of 

the strand thickness during the contraction-relaxation cycle at the point of scatting. 

In Fig. 24 one can see the obtained OCT patterns of the Physarum strand at 

different activity regimes within its life cycle. In Fig. 24a and 24b one can see the 

OCT patterns of local contractions of a strand with a diameter of about 300 µm. It 

is possible to distinguish the time course of the strand’s outer boundary at the 

point of scanning (yellow wavy band) from the inner part of the cytoplasm 

(region below the upper wall), to clearly see the contraction and to determine its 

amplitude and period. However in these patterns, the rear border of the strand is 

not clearly distinguished because of very small difference between the refractive 

indices of the cytoplasm and the agar-agar gel and strong light scattering by 

cytoplasm.  

 

 

 

 

 

 

 

 

 

Fig. 24. Time resolved OCT patterns of the Physarum strand pulsations at different 

activity regimes (Paper VI, published by permission of Wiley-VCH). 

In the course of migration of the plasmodium the contractile activity of a certain 

strand may decrease and the strand itself may become thinner. This case is shown 

in Fig. 24c and 24d. Here the contractions are very weak, however, one can see 

the rear wall more clearly. Thus, OCT technique allows one to perform local 

monitoring of different contractile activity regimes of the Physarum life cycle and 

thus gain better insight into the mechanisms of its machinery. 
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To perform the Doppler measurements the angle between the probing beam 

and selected strand was set to 40 degrees. Analogously to the OCT patterns 

described above, several consecutive flow velocity profiles were placed one by 

one along the time axis to represent the temporal variations of the cytoplasmic 

flow. A typical result of measurements is shown in Fig. 25. From this figure one 

can see the so called shuttle flow of cytoplasm inside the strand as well as the 

contraction of its upper wall. Dark spots and light spots are negative and positive 

flow directions, respectively. 

 

 

 

 

 

 

 

 

Fig. 25. Time resolved DOCT pattern of Physarum strand dynamics. In addition to the 

velocity variations one can also see the contractions of the upper border of the strand 

wall (Paper VI, published by permission of Wiley-VCH). 

 

 

 

 

 

 

 

 

 

 

 

                                            (a)                                                                              (b) 

Fig. 26. Time dependence of local cytoplasmic flow velocity variations in the center of 

the strand (a) and cytoplasmic flow velocity profiles at different time instances t1…t6 

(b). Solid lines are parabolic approximations of the measurement data (Paper VI, 

published by permission of Wiley-VCH). 
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From this picture, it is possible to obtain the dynamic characteristics of the flow at 

different depths inside the strand with high velocity resolution. For example, in 

Fig. 26a derived from Fig. 25 one can see the dependence of the axial velocity 

(velocity in the center of the strand) Vmax(t). The low frequency modulation of the 

velocity oscillation is clearly seen. This modulation is a consequence of the 

distributed and self-oscillating nature of Physarum contraction activity [110]. In 

Fig. 26b several flow velocity profiles measured at different time instances 

corresponding to t1…t6 in Fig. 25 are depicted. From this picture one can clearly 

see that the parabolic approximations (solid lines) fit pretty well to the measured 

velocity profiles. In accordance with this fact we can claim that non Newtonian 

behavior of cytoplasm in the strands of such diameters is negligible. 

Thus, in this section it was shown that modern OCT and DOCT techniques 

have the potential of yielding more informative experimental data on Physarum 

dynamics than conventional techniques used in earlier studies. OCT allows for 

obtaining cross sections of the plasmodium strands with a spatial resolution of 

about several micrometers and conducting in vivo measurements of their 

thickness simultaneously with local imaging of the strand wall contractions. From 

the obtained patterns it is also possible to determine the scattering coefficient of 

strands, which in our case is in the range from 12 to 19 mm-1. DOCT allows for 

investigating the protoplasm shuttle streaming with more detail, in particular, 

determining the flow velocity profiles with high spatial resolution at the same 

time with imaging of wall contractions. We believe that these possibilities will 

provide an impetus for further studies of the complex nonmuscle mobility of 

Physarum and other live objects with an amoeboid-type of locomotion. 

6.2 Effect of multiple scattering in Doppler OCT 

OCT and Doppler OCT techniques are intended for selecting mostly the single 

scattered photons from the whole amount of light backscattered from the studied 

object including both stationary and moving scatterers. When scattered from the 

moving scatterers, these photons contribute to the signal with well-defined 

Doppler frequency shifts directly related to their velocities. Hence, knowing the 

Doppler shift of a photon and its travel path length allows us to draw conclusions 

about the localization of flows and velocity distributions inside the studied object. 

In-depth scanning across the flow allows reconstructing the velocity profile. 

However, in real experimental setups, photons of a higher scattering order cannot 

be fully eliminated and they also contribute to the output signal. Because of the 
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random nature of their trajectories, these photons have random Doppler frequency 

shifts, resulting in distortion of the reconstructed velocity profile compared to the 

real one.  Since the contribution from multiply scattered photons to the output 

Doppler OCT signal cannot be fully eliminated in experimental setups, it is 

important to determine the quantity of multiply scattered photons contributing to 

the signal and to estimate the strength of the distortions caused by these photons.  

6.2.1 Effect of particle concentration in a flow on the reconstructed 
velocity profile 

One of the obvious parameters determining the amount of multiply scattered 

photons is the concentration of scatterers in the flowing fluid under study. In the 

present section let us consider numerically the effect of this parameter on the flow 

velocity profiles reconstructed from Doppler OCT signals, see Papers VII and 

VIII. 

The description of Doppler OCT setup used for simulation is given in [115]. 

The system is based on the open-air Michelson interferometer with a 

superluminescent diode as a light source emitting light with a coherence length 

lcoh = 15 μm at a wavelength of 822 nm. The velocity of the scanning mirror in 

the reference arm is 12 mm/s. The object of the investigation is a plain 1-mm 

thick layer of Intralipid solution in flow, located between two parallel 0.25-mm 

thick glass plates. The Intralipid concentration varied from C = 0.07 to 1.5 %. 

Light absorption in Intralipid is neglected. The refraction coefficients are: n = 

1.36 for Intralipid and 1.50 for glass. The real velocity profile across the capillary 

is assumed to be parabolic with maximal velocity at the center of the capillary 

Vmax = 256 mm/s. The angle between the incident beam and the flow velocity 

vector is 88°. In simulation, the photons scattered within the angular aperture of 6° 

with respect to the strictly backward direction are assumed to be detected. The 

angle between this direction and the normal to the surface of the medium under 

study was 2°. 
The optical properties of the simulated medium were calculated from the data 

known for Intralipid 10% [87, 88] assuming that μs linearly depends on the 

concentration, however the phase function and anisotropy factor remain constant 

for the considered Intralipid concentrations. This assumption is correct, since our 

consideration is limited by rather small Intralipid concentrations. The optical 

properties of the media used in calculations are shown in Table 3. 
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Table 3. Optical properties of Intralipid solution at different concentrations. 

 λ = 822 nm 

С, % 0.07 0.37 0.75 1.50 

μs, mm-1 0.2 1.0 2.0 4.0 

g 0.7 0.7 0.7 0.7 

As a result of the computations, using the parameters mentioned above and the 

algorithm of the DOCT signal simulation described in chapter 3.3.2, the signals 

from a plain Intralipid layer in flow for various concentrations were obtained. Fig. 

27 shows two typical time evolutions of the signal during scanning across the 

flow for maximal and minimal concentrations. In both cases, only a part of the 

signal corresponding to medium between the inner walls of the capillary is shown. 

Signals corresponding to the reflections from glass/Intralipid interfaces are not 

present in this figure. In Fig. 27b one can see that the signal strongly decays with 

time because of strong scattering at high Intralipid concentrations, which 

corresponds to a decrease in the intensity of a signal obtained from greater depths. 

This results in a decrease in the number of photons carrying information from 

large depths and in an increase in the error of velocity determination at these 

depths. 

 

 

 

 

 

 

 

 

 

 

Fig. 27. Typical DOCT signals (A-scans) from 1-mm thick Intralipid layer with the 

concentration of 0.07% (a) and 1.5% (b).  

To obtain the in-depth velocity distribution the simulated signals were divided 

into certain numbers of equivalent intervals, and then the Doppler frequency of 

each interval was calculated using the fast Fourier transform. The flow velocity 

for each scanning interval was calculated according to formula (21). The resulting 

velocity profiles are shown in Fig. 28. From this figure one can see that with the 
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increase of Intralipid concentration the deviations of the reconstructed profiles 

from the real one increase. This is because at higher concentrations the amount of 

double- and multiply scattered photons reaching the photodetector becomes quite 

high and the additional scattering events induce significant Doppler changes in 

the frequencies of these photons. This effect distorts the reconstructed velocity 

profile and leads both to the decrease of its maximal value (Fig. 29a) and to the 

in-depth shift of the position of this maximum relative to the real one (Fig. 29b).  

Fig. 28. Comparison of velocity profiles: real profile (- - -); profiles reconstructed from 

the simulated DOCT signals (■■■); and parabolic approximations of the reconstructed 

velocity profiles (—); C = 0.07 (a), 0.37 (b), 0.74 (c) and 1.5 % (d). l* is the 

corresponding photon transport path length, l’ is the corresponding mean free path of 

a photon. 
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                                             (a)                                                                             (b) 

Fig. 29. Relative decrease of maximal value of reconstructed flow velocity profiles (a) 

and relative in-depth shift of the position of profile maximum (b) for different Intralipid 

concentrations. 

With an increase of Intralipid concentration the relative decrease of profile 

maximal value reaches 16% and the shift of the profile maximum position 

increases up to 6% at C = 1.5%. This shift is caused by an increased contribution 

of multiply scattered photons which have a travel path that is on average greater 

than single scattered photons coming from the same depth. Therefore, the former 

photons contribute into the signal at later instants, which leads to the velocity 

profile stretching in comparison to the real one and shift of the velocity maximum 

position to a region of greater depths. 

Since the scattering order of photons contributing to the DOCT signal has a 

strong impact on the flow velocity profile reconstructed from this signal, an 

analysis of the contributions of the photons that undergo different numbers of 

scattering events was also performed (see Fig. 30). It is shown that for an 

Intralipid concentration of C = 0.07% the single scattered photons contribute 

about 99% of all detected photons and the distortion of the velocity profile is not 

significant. For Intralipid concentration of C = 1.5% the single scattered photons 

contribute only 48% and multiply scattered photons introduce significant 

distortion to the reconstructed profile.  
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                                   (a)                                                                               (b) 

Fig. 30. Contribution of photons with different scattering order to the DOCT signal (a); 

dependence of single scattered photons percent contribution to the DOCT signal on 

Intralipid concentration (b). 

Double scattered photons contribute 1 % of the number of all detected photons at 

C = 0.07%, whereas at C = 1.5% their contribution is about 30%. One can see that 

the higher the Intralipid concentration, the larger the contribution of multiply 

scattered photons and the higher the maximal order of scattering. For example, at 

C = 0.07% only single and double scattered photons contribute to the signal, 

while at C = 0.37% the contribution of double scattered photons increases and 

triple scattered photons appear. 

Thus, the conducted simulations show that the detection of multiply scattered 

photons at high concentrations of scatterers in the flow lead to a distortion of the 

reconstructed velocity distribution, decrease of the maximal measured velocity  

and in-depth shift of the velocity maximum position. However at concentrations, 

for which the single backscattering prevails, the reconstructed and the real 

profiles are in good agreement within the standard deviation of 3%. It is possible 

to conclude that at comparatively low Intralipid concentrations (below 0.4%) the 

described DOCT setup can be successfully used for full velocity profile 

reconstruction up to a depth of 1 mm. For higher concentrations, the reconstructed 

profiles are distorted and stretched toward the rear border of the flow, however, 

DOCT can be used for velocity measurements at smaller depths. 
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The same kind of flow velocity profile distortions caused by multiple 

scattering was shown later in [116, 4]. The results presented in these papers are in 

good qualitative agreement with the results reported above. 

6.2.2 Effect of the superficial layer thickness on the reconstructed 
velocity profile of the flow embedded into a light-scattering medium 

Another case that is interesting from the view point of in vivo applications is 

when the flow under study is embedded into a scattering medium at a certain 

depth, see Paper IX. Let us consider one and two plain flows of a non-aggregating 

particulate suspension mimicking blood embedded into a stationary light 

scattering medium (2% Intralipid solution) with optical properties close to those 

of human skin (see Fig. 31). 

 

Fig. 31. Schematics of the object under study with one (a) and two (b) embedded flows 

(Paper IX, published by permission of Turpion-Moscow Ltd). 

The optical properties of the considered media are shown in Table 4. The chosen 

value of hematocrit (Hct = 35%) is close to its physiological values of human 

blood in small vessels. The thickness of the both flows is fixed and equals to 100 

μm. In the case of one flow, the embedding depth L of the blood layer varies from 

50 to 300 μm and its thickness is 100 μm, which corresponds to the physiological 

parameters of blood vessels. The velocity profile in the blood layer is assumed to 

be parabolic (Poiseuille profile). Its maximal value is equal to 5 mm/s, which is 

close to actual blood velocities in small vessels. In the case of two unidirectional 

flows, the distance D between the flows and the embedding depth of the first 

blood layer L varied.  It was assumed that the velocity profile in the second flow 

was parabolic, with the constant maximum velocity V2 = 5 mm/s, while the 

maximum velocity V1 of the first flow, which also had a parabolic velocity 

distribution, varied from 0 to 10 mm/s. The parameters of the measuring setup are 

the same as it was described in the previous section 6.2.1. The angle between the 
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direction of probing beam and the normal to the surface of the medium under 

study is 15°. 

Table 4. Optical parameters of blood and Intralipid used for simulation of the DOCT 

signals (λ = 822 nm). 

The velocity profiles reconstructed from the DOCT signals for the case of one 

flow embedded into the scattering medium at different depths L are presented in 

Fig. 32. 

Fig. 32. Velocity profiles of the blood flow embedded into the scattering medium at the 

depth L. (- - - - real (Poiseuille) profile; —— - profile reconstructed from the DOCT 

signal) 

From this figure one can see that with the increase of the flow embedding depth 

the maximal velocity of the reconstructed profile decreases and its position 

slightly shifts to the region of greater depths, however, in this case the shift is 

within the resolution limit of the DOCT setup and can be considered as not 

significant. This is explained by the fact that the number of the photons carrying 

reliable information about flow decreases with an increase of the embedding 

depth. Photons coming from a greater depth have more complicated and longer 

Medium μs, mm-1 μа, mm-1 g n Ref. 

Blood (Hct = 35%) 57.3 0.82 0.977 1.4 [26] 

Intralipid (2%) 5.4 0.002 0.7 1.36 [87,88] 
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trajectories and thereby destructively affect the velocity profile reconstruction. 

Fig. 33 shows the dependence of the relative decrease of the maximal value of the 

reconstructed velocity profile on the embedding depth of the considered flow.  

Fig. 33. Relative decrease of the maximal value of reconstructed velocity profile 

versus the flow embedding depth. 

From Fig. 32 one can also see that in the region behind the flow the nonzero 

velocities are observed (Doppler noise), which appear because the photons 

coming from this region have crossed the flow at least twice and have acquired 

additional Doppler shifts manifested as false velocities. Obviously, this noise 

affects the detection and reconstruction of the velocity profiles of deeper flows. 

The presence of Doppler noise was experimentally demonstrated for skin 

phantom [117]. The results presented in [117] are in good qualitative agreement 

with the results presented above. 

Further let us consider the influence of the Doppler noise on the reconstructed 

velocity profiles in the case of two parallel unidirectional blood flows embedded 

into Intralipid 2% solution. The obtained profiles reconstructed from the 

simulated signals for the depth of the first flow L = 50 μm and distance between 

the flows D = 60 μm are shown on Fig. 34a. From this picture one can see that 

with an increase in the first flow velocity, the velocities of the reconstructed 

profile of the second flow also increase, however, in reality this value is fixed 

(Fig. 34b). This occurs because the velocity profile of the second flow is 

overlapped by the Doppler noise from the first flow, the magnitude of which is 

proportional to the velocity of this flow. Simultaneously with the increase in the 

reconstructed velocity, the boundaries of the second flow are blurred.  

It is also shown that with an increase in the embedding depth of the second 

flow (D = 100 μm), while L and V1 are fixed, its reconstructed velocity values 

decrease (see Fig. 34b). This is explained by the effect described above (the 
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maximal velocity of the reconstructed profile decreases with increasing the flow 

embedding depth). 

                                             (a)                                                                               (b) 

Fig. 34. (a) – velocity profiles of two unidirectional blood flows embedded into the 

scattering medium. V1 and V2 are the maximal velocities of the first and second flows. 

(- - -  - real profile; ——  - profile reconstructed from the DOCT signal) (b) – 

dependencies of the maximal velocity of the reconstructed profile of the second flow 

on the maximal velocity of the first flow for two distances between the flows: D = 60 

μm (▲▲▲) and D = 100 μm (■■■).     

To study the effect of superficial layer thickness on the reconstructed velocity 

profile of the embedded flow experimentally, a special cuvette was designed (Fig. 

35). The designed cuvette has the form of a rectangular parallelepiped containing 

a plain glass capillary (inner diameter 0.32 mm, wall thickness 0.23 mm) located 

along the side wall made of glass with a thickness of 200 µm. The distance 

between this wall and the outer surface of the capillary (embedding depth) varies 

from 0 up to 3 mm which corresponds to the tilting angle between the glass wall 

and the capillary of ~ 4 deg. A certain embedding depth can be chosen by the 

positioning the probing beam to the corresponding point along the capillary 

(along the y-axis). The cuvette was filled with the 2 % Intralipid solution. An 

Intralipid solution of the same concentration was pumped through the capillary at 

a constant flow rate of 100 ml/h. The designed phantom was placed into the 

measurement arm of the laboratory-built DOCT setup described in section 3.3.1. 

The angle between the glass wall of the phantom and the probing beam was set to 

90 deg. 
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The results of the flow velocity profiles measurements are presented in Fig. 

36a. The considered embedding depth of the capillary varies from 100 µm to 400 

µm. For comparison the obtained profiles were placed together starting from the 

same point. 

 

 

 

 

 

 

 

Fig. 35. Schematics of the cuvette with the embedded plain glass capillary. 

 

 

 

 

 

 

 

 

 

                                            (a)                                                                           (b) 

Fig. 36. Flow velocity profiles of 2 % Intralipid solution in capillary embedded into the 

slab of Intralipid solution with the same concentration at different embedding depths 

(a). Dependence of the maximal values of the measured and simulated flow velocity 

profiles on the thickness of static Intralipid layer between the capillary and front glass 

wall (embedding depth) (b). 

From Fig. 36 one can see that with the increase of the capillary embedding depth, 

the maximal values of measured flow velocity profiles decrease as it was earlier 

predicted from simulation. The profiles become asymmetrical. The measured 

velocity at the capillary rear border is different from zero and increases with the 

increase of the capillary embedding depth. The Monte Carlo simulations were 

also performed for the parameters of the designed cuvette. The dependence of 

maximal values of calculated velocities profiles on the flow embedding depth is 

shown in Fig. 36b. The simulated and experimental results are in good agreement. 
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7 Summary 

In this thesis, the Monte Carlo-based method for simulation of laser light 

propagation (CW and pulsed) in scattering media and modeling the signals of 

different experimental techniques (SRR, ToF, OCT and DOCT) for laser 

diagnostics of multi-layer media with strong scattering, was developed and 

implemented on a supercomputer with parallel architecture. The obtained signals 

are in good agreement with the available experimental data. 

The analysis of the possibilities of spatially resolved reflectometry for non-

invasive determination of glucose level in the three-layer phantom of biotissue 

was performed on the basis of the developed calculation technique. The results 

show that the maximal relative sensitivity to the changes of the glucose level in 

the considered three-layer model is observed at the source-detector separation of 

0.4 mm. It was shown that in this case the change of glucose concentration from 0 

to 500 mg/dl causes a change in the detected signal of about 7% (or 0.014% per 

mg/dl). A similar analysis was also performed for the ToF technique. It was 

shown that the peak value and the total energy of the detected pulse are sensitive 

to the glucose concentration. The maximal relative sensitivity of the total pulse 

energy is 0.014% per mg/dl for the source-detector separations 0.2-0.4 mm. 

However, the time gating technique allows one to increase this value up to 0.024% 

per mg/dl. 

An experimental setup based on a Ti:sapphire femtosecond laser (wavelength 

800 nm, pulse duration 40 fs) and streak camera (time resolution ~10 ps) was 

built to study layered media using ultrashort pulses. The fact that the peak value 

and the total energy of the detected pulse are sensitive to glucose level was 

confirmed experimentally for the case of single- and three-layer medium. The 

relative sensitivities of these parameters are in good correspondence to those 

predicted by numerical simulation. 

The measurement and simulation results demonstrate the sensitivity of the 

diffuse backscattered ultrashort laser pulses to the glucose level in biotissue 

phantoms. However, for the case of in vivo measurements on human tissues the 

important issue is the repeatability of the measurements result. The main problem 

is that the uncertainties of in vivo measurements caused by different physiological 

processes are compatible with the estimated sensitivity range of the considered 

methods. Only by controlling these uncertainties and combining different 

measurement techniques one is able to noninvasively assess the glucose level in 



 78

human tissue and blood. In this respect, an additional study in this direction is 

urgently needed. 

Doppler OCT technique was applied for the imaging of complex autowave 

cellular motility and cytoplasm shuttle flow in the slime mold Physarum 

polycephalum. Radial contractions of the gel-like walls of the strands and the 

velocity distributions in the sol-like cytoplasm streaming along the plasmodial 

strands were imaged. It was demonstrated that Doppler OCT allows for 

simultaneously investigating protoplasm shuttle streaming, in particular 

determining the flow velocity profiles with high spatial resolution, and the 

imaging of wall contractions. 

The developed algorithm for simulation of Doppler OCT signals allows for 

the study of the effect of multiple scattering on the flow velocity profile measured 

by this technique. It is shown that the increase in the concentration of the 

scatterers in flow distorts the reconstructed velocity profile and leads both to the 

decrease of its maximal value and to the in-depth shift of the position of this 

maximum relative to the real one. In the case when the flow under study is 

embedded into the scattering static medium, the increase of the position depth of 

this flow causes the stretching of the reconstructed velocity profile towards the 

region of greater depths and the decrease of the flow velocities. Thus, at the 

embedding depth of about half of the transport length in static medium, the 

maximal flow velocity is 1.5 times lower than the original value specified in the 

simulation. These results correspond quite well to the experimental data. 
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