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Abstract
The objective of this work was to investigate optical diffuse reflectance (ODR) and optical
coherence tomography (OCT) being an emerging technology in optical diagnostics. Both
methodologies were implemented for measurements of optical properties and glucose levels
respectively in biological tissues.
The reduced scattering, absorption and total attenuation coefficients for rat‟s liver have been
determined by using Mie-scattering theory, diffusion approximation equation and linear fitting
to the normalized intensity. These optical parameters for normal and thermally coagulated
chicken liver in the near infra red region were obtained by using Kubelka Munk Model (KMM)
in correlation with diffuse reflectance. The results show a significant increase in these
parameters after coagulation. Monte Carlo simulation for these results validates the
experimental measurements.
These optical parameters provide a base for extension of the work towards glucose monitoring
in blood present in the blood vessels underneath skin. A subclass of OCT called swept source,
SS-OCT was used in measurements of glucose levels in liquid phantoms and blood by
analyzing temporal dynamics of scattered light. Brownian motion of the scatterers (polystyrene
microspheres in phantoms and red blood cells in blood) is affected due to presence of glucose
as measured by SS-OCT. The temporal analysis of Brownian motion statistics yielded the
translational diffusion coefficient and viscosity of non-flowing and flowing fluids that were
observed in good agreement with literature. The increase in glucose concentrations deformed
red blood cells and caused rouleaux formations that were confirmed by imaging with inverted
microscopes. The OCT method was successfully implemented for in vivo case scenario to
obtain the translational diffusion coefficient in blood vessels. In case of in vivo application,
speckle variance (SV)-OCT was used to obtain three dimensional high resolution crosssectional imaging of blood vessels. This may be used to observe the blood viscosity
modulation based changes in blood vasculatures. OCT probes for percutaneous coronary
microstructures imaging have been discussed to be used for SV-OCT or Doppler OCT. This
phantom and blood OCT study demonstrates the technique‟s ability to detect and quantify
glucose presence in non-flowing and flowing liquid suspensions, and potential for in-vivo
applications.
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Chapter 1
Introduction
The optical parameters of biological tissues are important in treatment planning for early
stage disease especially in skin and liver. The liver‟s main functions include glycogen
storage, decomposition of red blood cells (RBCs), plasma protein synthesis, hormone
production, and detoxification. In liver, mitochondria are important content of the cells
that plays the main role in light scattering and absorption. Owing to the glycogen storage
and RBCs decomposition, the scattering and absorption coefficients of liver in ex vivo
case were investigated and these optical parameters under femtosecond laser pulses at
490 nm, 630 nm, 720 nm, 740 nm, 770 nm, 800 nm, 810 nm, 825 nm and 840 nm
wavelengths were obtained. Femtosecond laser was used as light source in diffuse
(multiple) scattered light from liver interior volumes of interrogations. A well know
techniques, optical diffuse reflectance (ODR) was used in correlation with Kubelka Munk
Model (KMM), Mie theory, and diffusion approximation equation (Chapter 2 and 3).
The same optical parameters were determined for skin where many scatterers like
keratinocyte are present in epidermis layer. The main objective for skin analysis was to
study blood vessel underneath of skin. Therefore, optical parameters were important to
determine before going into cellular level (red blood cells) deformation measurements or
blood glucose levels quantification. ODR is a simple and easy way to dig the absorption
and scattering from skin layers (Chapter 3).
After having probed the optical parameters with ODR, the work was moved towards
glucose monitoring in blood that is actually ministered in liver. Dynamic light scattering
(DLS) or ballistic photon (single scattering) using near infra red (NIR) light was made a
base of this investigation. A sub class of optical coherence tomography (OCT) known as
swept source optical coherence tomography (SS-OCT) with micrometer resolution and
cross-sectional imaging capability was used for glucose monitoring. Translational
Brownian motion of scattering particles in a liquid or turbid media was analyzed to yield
different glucose levels in phantoms, blood as an in vitro and in vivo study. The
translational relaxation or decorrelation time of scatterers was measured under DLS using
1

swept source OCT that provided the source of contrast between liquid and solid tissues.
The blood vessels were imaged by measuring the difference in voxel (three dimensional
volumes of pixels) intensities with speckle variance optical coherence tomography (SVOCT) (Chapter 4 and 5).
Well known mathematical relations of molecular diffusion in liquids (Einstein relations
and Stokes law) were used to determine blood viscosities by using experimentally
measured translational decorrelation time. The SV-OCT and microscopic images of
blood vessels were obtained to support our study in real times to visualize the blood
vessels of different sizes at different depths and red blood cells of micron sizes. We have
implemented the dorsal skinfold windows mouse chamber on animal model to minimize
motion artifacts for SV-OCT imaging (Chapter 5).
At the last of this study, future extension has been discussed for case of interior body
imaging. Different OCT probes and catheters have been discussed depending upon the
nature of application (chapter 6).
At the end of this thesis the whole research work is summarized in chapter 7 describing
the conclusive remarks about the results.

2

Chapter 2
Optical Imaging
New optical methods in light tissue interaction for the investigation of molecules, tissues,
and the treatment of many diseases are the consequences of advancement in science and
technology[1]. Knowledge of tissue optical properties plays a key role in effective and
safe applications of lasers in medical diagnosis[2]. These optical parameters characterize
the tissues for many therapeutical applications [3]. Optical diffuse reflectance (ODR)[4]
and optical coherence tomography (OCT) have been proved to be the reliable and less
invasive diagnostic methods aimed to record 2D or 3D image.
The objective of our work was development of an experimental set up for qualitative and
quantitative analyses of biological tissues such as exploring the optical properties of
biological tissues, quantification of dextrorotatory glucose in blood both in vitro and in
vivo case scenario before moving towards the clinical environment. The penetration depth
of femtosecond pulses was examined from optical properties measured with ODR using
different models including Kubleka Munk model, Mie scattering model and photon
diffusion approximation. The biological tissue measurements were validated using Monte
Carlo simulations as well.
Furthermore, the knowledge and quantification for optical properties can provide better
and useful understanding about the use of sensing probe within the range of millimeter
distances.

2.1 Optical diffuse reflectance (ODR)
The use of laser in diagnosis and treatment especially in skin conditions, including
vascular and pigmented lesions, tattoos, and scars is necessarily based on the optical
properties (absorption coefficient „  a ‟, scattering coefficient „  s ‟, reduced scattering
coefficient „  's   s ( 1  g ) ‟ which is the combination of scattering coefficient  s and
scattering phase function or anisotropic factor „g‟). The measured penetration depth
depends inversely on scattering coefficient „  s ‟. These intrinsic properties determined
from the distribution of light within tissue carry valuable information and explore new
3

tools to investigate molecules, analyze tissues and to identify the desired cells or tissue
[1]. Basically two techniques excisional biopsy and cytology bearing high spatial
resolution and morphological information are used in biomedical diagnostic. The
limitations include the reduction in diagnostic information due to removal of the tissue.
Hence, spectroscopic diagnostics and imaging techniques used to image 2D and 3D of
normal and abnormal tissues regions have been proved to be less invasive. These
techniques include for instance, fluorescence, elastic scattering, Raman scattering,
infrared absorption, optical diffuse reflectance (ODR), double integrating sphere
measurements,
microscopy,

laser

scanning

histopathology,

microscopy,

optical

confocal

coherence

microscopy,

tomography

multi-photon

(OCT),

computed

tomography (CT), magnetic resonance imaging (MRI), and ultrasound (US) etc. [4-6].
These techniques have their own set of advantages and disadvantages; for example,
florescence has advantages that it is fairly sensitive and thus can detect low quantities of
the compound in question. The disadvantage is that it requires expensive and somewhat
sophisticated equipment[1]. Microscopy comprises on many problems, (a) the imaging
time, it takes approximately one hour to image 5mm x 5mm, (b) leaking out of
fluorescent dyes making it difficult for longitudinal imaging and (c) impractical axial
scanning (limited penetration depth) but the advantage include the high lateral
resolution[5]. The potential of optical diffused tomography as a new diagnostic tool has
stimulated considerable interest. Although limited to about the first 5 mm of a tissue, the
technique offers several advantages often not available in established imaging modalities,
such as ultrasound, x-ray, computed tomography, and magnetic resonance imaging.
These benefits include nonionizing radiation, relatively inexpensive instrumentation, and
the potential for functional (i.e., spectroscopic) imaging of optical tissue properties [6-9].
OCT is a technique that makes it possible to examine high-resolution cross-sections of
biological soft and hard tissues using the low coherence interferometry principle. It seems
more reliable than histopathology, microcopy, and magnetic resonance imaging (MRI),
ultrasound (US). It is particularly important to use high-quality investigation techniques
to facilitate early detection of functional deterioration owing to the irreversible nature of
the abnormality [10].
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In ODR measurements the use of short pulse laser is more advantageous over long pulsed
or CW laser in multiples scattering diagnostics [11]. Alekhin

et al [12]

have

successfully fabricated femtosecond laser for in vitro micro incisions inside cornea and
inside sclera tissue. When short pulsed light passes through the tissue, it is divided into
two parts: (1) diffused components and (2) ballistic components while part of the light
gets absorbed. The diffused component suffers multiple scattering through the tissues and
has different path lengths while the ballistic path encounter only single scattering and
caries information from top layers only. The diffused part carries information about
optical parameters of the tissue [11, 13]. In this dissertation we will investigate both
components of light (a) using ODR technique[14] and (b) using SS-OCT[15].
Basically there are two type of data acquisition and analysis techniques (a) time domain
(b) frequency domain. Time-domain technique can be further classified into time-gated
and time-resolved measurement. Time-gated technique measures the ballistic photons
that produce the improved and informative image [13, 16].
Optical diffuse reflectance does not directly provide quantitative information underlying
biochemistry and morphology. From the measured ODR data of human and animal thin
tissues, in case of ex vivo, in vitro and in vivo[17], the optical properties can be extracted
with many models e.g. integrating sphere measurements [18], sized-fiber reflectometry
[19], and oblique incidence optical fiber reflectometry [20]. For thick tissues, the
methods like steady state [21], time resolved [22], and frequency domain reflectance [23]
along with Kubelka Munk model (KMM), inverse adding-doubling (IAD) method, Monte
Carlo simulation,

inverse Monte Carlo method, Mie theory, approximate transport

diffusion model, spatially resolved and optical coherence tomography (OCT) techniques
etc. are used to determine the optical properties [14, 21, 24]. These parameters are
extracted from observable quantities including transmission, reflection and scattering.
Among these quantities scattered light is more suitable for diagnostic purpose[25]. In
ODR, incident light photon undergoes multiple scattering and absorption. The partially
scattered light returns back to the surface carrying quantitative information about the
structure of the tissues. The scattering of light in ODR depends on wavelength. This
scattered light makes steady-state diffuse reflectance (ODR) spectroscopy less expensive,
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easily implementable with few optical fibers, less invasive and simple techniques for
identification,

diagnostics,

optical

properties

measurements,

quantification

of

chromospheres concentration, water, fat, real time information about scatterer‟s size and
possible marker used in optical biopsy [17]. ODR‟s capability to detect structural,
physiological and biochemical changes due to different types of lesions has made it
popular in research labs. The wavelength dependency of ODR has been used in optical
biopsy of both in vivo and in vitro case such as determination of blood contents in Hb
oxygen saturation in rat gastric mucosa, rat pancreas, and characterization of the rat brain
and human tissue such as skin, bladder, and colon by using semi-empirical models[26].
This method is less traumatic for patients because numbers of samples from the patient
are not needed for biopsy or confirmatory diagnosis. For example, ODR can be used to
detect the early stage cancer in breast tissues by extracting the featured parameters like
tissue optical properties. The other benefit of this steady-state ODR method is its ability
to probe changes in optical properties of individual tissues as well as their relative
concentrations [27].
The simplest optical set up for ODR experiment can be comprised of optical fibers (one
for incident light and others for data collection). Some experimental setups directly
(without OF) illuminate the sample. A visible or NIR laser can be used as light source
depending upon the nature of application. One dimensional (1-D) spatial mapping
profiles can be obtained by translating the probe fiber in lateral position until the noise
dominates the signal. For two dimensional (2-D) mapping the probes with NIR light
source can reliably detect sub-millimeter layers of biological tissues. In ODR, light is
collected from the tip of the fiber, therefore, the scattering nature of light in measured
data can adversely offset the spatial resolution[17].

2.2

Theories

Before going into the abstractive findings with ODR it is necessary to understand briefly
about ODR, tissues and models used for analysis of experimental measurements. The
Brownian motion and dynamic light scattering for OCT experiment is discussed in
section 2.6.
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In some ex vivo measurement scenarios only back scattering measurements are possible.
For these measurements ODR, R(ρ) is defined as the power of the backscattered light per
unit of area detected by a receiver at the surface of the tissue at distance ρ from the
source. R(ρ) is highly dependent on refractive index, absorption coefficient, scattering
coefficient and anisotropy of the medium. ODR is best described by diffusion
approximation relation or photon diffusion equation (discussed in section 2.2.2). The
measurement of backscattered intensity at different source detector separations ρ is the
basis of ODR making it spatially resolved technique. These measurements are further
processed using different models, for instance, Mie scattering, diffusion approximation
and Kubelka Munk Model etc. to determine optical parameters [15].

2.2.1 Mie scattering
The scattering of an optical wave from a scattering particle can be described by Mie
theory. Rayleigh theory is applicable where particle size is smaller than wavelength of
incident light and Mie theory is applicable for particle size comparable or larger than
wavelength of light. The scattering particles in biological tissues include mitochondria,
nuclei and extracellular components like collagen fibers. In epidermis scattering particles
such as stratum granulosum, stratum spinosum, and stratum basale [28] have sizes on the
order of hundreds of nanometers to a few microns, and are comparable to wavelength of
light used in diagnostic window. Though these structures are not necessarily spherical,
but can be modeled as spheres for Mie theory [15, 29-30].
The scattering efficiency (Qs) in Mie Theory for a spherical particle of any size was
calculated using Matlab code. Using the number density Ns and scattering cross section σs
=Qs x πa2, we calculated the reduced scattering coefficients  s' of scattering particles
hepatocyte, nucleus, mitochondria and peroxisomes for rat liver and stratum granulosum,
stratum spinosum, and stratum basale of epidermis layer for rat skin with the following
expressions[15];
s  N s x s , and s'  s (1  g ) .

(2.1)

The scattering efficiency (Qs) is given by the following expression
Qs 

2
x

2



 2l  1 a
l 1

2
l

 bl

2

 .


(2.2)
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where size parameter x = ka = 2πnma/λ, a being the radius of the sphere, nm is the
refractive index of the surrounding of the sphere, l is the order and the coefficients al and
bl are determined based on Ricatti-Bessel function [30].

2.2.2 Photon-diffusion equation
The photon-diffusion equation provides useful solution to evaluate optical parameters a
and  s for different source – detector separation, ρ. By neglecting the specular
reflectance at the surface the diffuse reflectance R(ρ) is [21, 31] ;
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Z A
0

d
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2
0

where Z 0  K / s'
  3a   s  a 
'

2
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2
0


  exp    
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2
0

  ,
1
2

(2.3)



is the extrapolation length, Ad is the area of the detector,
1

 3 a  s 
'

2

1
2

for a   s' , K is a dimensionless constant with a

magnitude that depends on the anisotropy parameter of the scatterers and the reflection
coefficient at the surface [15].
At large source-detector separation, i.e.  



 Z 0 equation (2.3) is simplified into;

1

1

R 

1

 3 2

Ad

2

2

  2
   exp(  ) ,
 

(2.4)

a
'

s

At small source-detector separation i.e. for ρ→0 and a  s' ;
1

R 

z0  3 2 Ad  s'
2 k

,

2

(2.5)

On further solving eq. (2.5) and using the value of Z0 
a  139.7 R    s  s (cm ) .
'

'

1

0.65
s  a
'

[21], we get;
(2.6)

The analytical solution of eq. 2.6 gives us to calculate the absorption coefficient  a of
both tissues due to the sub-organelles and extracellular medium for both liver and skin
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using the measured diffuse reflectance at very small source-detector separation.  s'
determined by the Eq. 2.1 is plugged into Eq. 2.6 evaluated at much smaller sourcedetector separation. The analytical solution at large source-detector separation was not
possible and it required Monte Carlo simulation or other methodologies and is beyond the
scope of this thesis [15].

2.2.3 Kubelka Munk model (KMM)
Kubelka Munk model is the simplest one dimensional and two flux model that can
account for incident and scattered light in ODR. KMM can model the absorption
(incident light penetrated into the tissue and lost) and backscattering which is detected
after multiple scattering within the tissue). When the scattering is dominant over the
absorption, KMM is used to separate  a and  s from diffusely reflected light. In this
model, the fraction of the flux lost due to absorption per unit length is denoted by K
whereas that for scattering per unit length by S. These parameters are assumed to be
uniform throughout the tissue. The reflection from tissue boundaries is not accounted in
this model and only diffused light from the tissue in which index of refraction mismatch
exists is used. The mathematical expression for KMM model for the extraction of  a and

 s is [14];
S

1 1  Rd ( x  y ) 
ln 
,
yt 
Td


(2.7)

 1  Td2  Rd2 
4S   a
K
2
a  , s 
, K  S( x  1 ) , x  
 , y  x 1.
2 Rd
3( 1  g )
2



(2.8)

where t is the thickness of the sample, Rd and Td are diffused reflectance and
transmittances respectively measured experimentally. The anisotropic factor „g = 0.8‟
was used to calculate  a and  s [14].

2.2.4 Skin
This soft tissue used in ex-vivo study has the complex structure. It has outermost
prominent cellular layer called epidermis consists of stratum corneum (SC) (mostly dead
cells and four layers of living cells). SC is a lipid-protein biphasic structure and dense
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medium with poor penetration of foreign molecules. Dermis the next layer of the skin
consists of mostly fibrous tissues well supply of blood. After dermis the third layer
consists of fats, a cellular layer which is less penetrative for diffusing molecules than
dermis. Optical clearing of the skin is defined by a structure that is related to immersion
of refractive indices of scatterers (keratinocyte components in epidermis, collagen and
elastin fibers in dermis) and ground matter. The number of keratinocyte (stratum
granulosum, stratum spinosum and stratum basale) for different layers of epidermis are
supposed to be main scatterers in the skin and were used to determine their optical
parameters with Mie scattering theory and diffusion approximation model or photon
diffusion equation[15].

2.2.5 Liver
Liver has mitochondria, relatively important content of the cell that contributes the main
role toward the light scattering and absorption of the whole organ [32]. Because the
reduced scattering coefficient of a highly scattering medium depends on a microscopic
scattering coefficient of the constituting particles, so we used two independent ways to
investigate analytically the optical parameters of liver sub-organelles. The first was based
on Mie theory and second on diffuse approximation model. We determined  's and  a for
hepatocyte (occupy approximately 80% of the organ volume) and the other major sub
cellular particles nucleus, mitochondria and peroxisomes (occupy approximately 22% of
the cell). It was assumed that there is no interference between different particles for light
scattering between hepatocyte, cytoplasm and other organelles [15].

2.3

Applications of ODR towards OCT

An important application of ODR is the measurement of tissue optical properties to
investigate the light distribution in femtosecond short pulse regime (details are discussed
in chapter 3). These parameters are useful to diagnose the early cancer and are the bases
of skin mapping with 3-D imaging modalities to see the changes in blood vessels under
hyperglycemic conditions. On the basis of these results, the diffuse reflectance provides
valuable information in real times as a non-destructive and quantitative mean [26] to see
the scattering from skin and liver for further investigations. The diffusion of glucose in
10

blood vessels has been quantified by keeping in view the optical parameters of skin.
Hence, the skin was investigated because blood vessel underneath of skin can easily be
diagnosed (details are discussed in chapter 4). Therefore, optical parameters before going
into cellular level (red blood cells) deformation measurements or blood glucose levels
quantifications were important to determine. The liver was investigated because liver‟s
main functions include glycogen storage, decomposition of red blood cells and was
necessary to probe for its optical characteristics so that the RBCs flowing in the blood
could be found to affect the D-glucose levels in blood[33].

2.4

Optical coherence tomography (OCT)

OCT is a high resolution imaging technique that uses ultra-short pulses or low coherence
source to perform imaging of biological tissues, especially transparent tissues in the field
of ophthalmology has been addresses elsewhere because of the ease of optical access to
the anterior and posterior eye [34]. To image the biological tissue we require to know
about image depth, resolution, contrast, acquisition rate, etc., that are important features
for subsurface layers with spatial resolution of 1−15 μm imposed with a source power
that does not damage the tissue. The other important parameter is small time of scanning
because of to prevent artifacts related to the mobility of living objects [35].
OCT based on the low coherence interferometry (LCI) techniques was subsequently
applied primarily to image transparent tissues. The in vivo measurements for
unanesthetized tissue with conventional OCT are rather tough due to the sensitivity of the
technique to longitudinal motion. Therefore both LCI and DOCT have been combined to
make a powerful instrument for investigation of the living human eye without any error
in results due to motion. These systems scan especially cross-sectional tomographic
imaging (in situ and real time) of the internal microstructure of biological tissues with
resolution one to two orders of magnitude higher than with conventional ultrasound [35].
The results obtained with this useful technique being highly depth resolved can be
applicable for early diagnostic. Therefore, OCT is a promising real time imaging
technique feasible for clinical research for a variety of imaging applications [36-37]. The
OCT system based on fiber optics can diagnose, screen, and monitor almost any anatomic
structure such as oral mucosa, eye, skin, gastrointestinal, respiratory, and genitourinary
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tracts, and the oral cavity in real time that can be accessed directly or by endoscopy [3839].

2.4.1 Optical coherence tomography: Mechanism of OCT
OCT is analogous to ultrasound that measures the backreflection intensity of light rather
than sound. Basically OCT is based on a technique known as low coherence
interferometry and is used to measures interference rather than backreflection through the
use of a Michelson interferometer. Fig. 2.1 shows a conceptual diagram of a simple
Michelson interferometer used in time domain (TD-OCT). The reference arm is needed
to measure the intensity of interference to assess backreflection intensity indirectly. In
TD-OCT, light from the source is divided evenly by the beam splitter, half towards the
sample and half towards a moving mirror [40]. Light reflected off from the mirror and
from within the sample is recombined by the beam splitter and directed at the detector. If
the pathlength matches to within a coherence length, interference will occur. OCT
measures the intensity of interference and uses it to represent backreflection intensity in
terms of phase difference [41]. The current is measured at the detector in terms of
intensity but in interferometer electric field of two beams is detected as given by [30];
2
2
I  t   ERO
 ESO
 2ERo ESO cos(2kS lS  2kRlR ) .

(2.9)

2
2
where ERO
, ESO
are the electric field amplitude of two beams. kS and kR denote the

propagation constant in the two beams. lS and lR represent the two arm lengths measured
from the splitting point at the beam splitter to the back reflection surface. The factor 2
arises from the round trip of light propagation in each arm. The terms in the bracket of
cosine function gives phase difference between two beams[30];

  2(kS lS  kRlR ) ,

(2.10)

The variation in this phase Δϕ causes the alternating current (AC terms) and produces the
interference, hence producing an interferogram. For kS=kR=2πn/λ0, where n is the
refractive index and λ0 is wavelength in vacuum,
  2k (lS  lR )  2

2nl

0

,

(2.11)
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and 2nl  lS  lR is round trip optical pathlength difference or mismatch. Hence the
interference varies periodically on the variation of l . In TD-OCT, a Doppler shift occurs
in the reflected beam from the reference arm and is given by [28];

fD 

2v



,

(2.12)

where v is the constant linear speed to change the path length of light in reference mirror.
As mentioned above in TD-OCT, the constructive interference is produced when path
length difference l is within the coherence length lC of the source [30].

4ln 2 02
lC 
,
 

(2.13)

The coherence length is extensively used to determine the axial resolution of the system
as given with following equation;

zR 

lC 2ln 2 02
.

2
 

(2.14)
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Fig. 2.1: Conceptual diagram of TD-OCT setup using a Michelson interferometer.
2.4.2

Low coherence interferometery (LCI) with same frequency

Low coherence interfrometry measures the field of the optical beam rather than its
intensity. In turbid media the velocity of light is reduced from its speed in vacuum
according to the index of refraction n of the medium, v = c/n. In LCI, when two beams
interfere their fields are added rather than their intensities. The reference beam Er(t) is
reflected from a reference mirror whereas the measurement or signal beam Es(t) is
reflected from a targeted biological sample. The beams then recombine and interfere at
the beam splitter. The output of the interferometer is the sum of the electromagnetic
fields from the reference beam and the signal beam reflected from the specimen or tissue.
A detector measures the intensity of the output optical beam, which is proportional to the
square of the electromagnetic field [35].
If light from the source is expressed in terms of the electric field Eso then the combined
signal (electric field) ED(x) at detector is give in terms of Er and Es [40];
ED ( x ) 

1
2

Er ( x) 

1
2

Es ( x ) .

(2.15)
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The reason for the factor 1/

is that half of the irradiance is reflected back to the source

while half reaches at detector. Using k =ω/c;
1
Eso ei xr / c
2
1
Es ( x ) 
Eso ei xs / c
2
Er ( x) 

,

(2.16)

Plugging (2.16) in (2.15) we get
ED ( x) 

1
1
Eso ei xr / c  Eso ei xS / c ,
2
2

(2.17)

The detector of the OCT system measures the irradiance and not the electric field, which
is the time average of the square of the electric field (i.e. ID(x)= <EDED*>)[40].
1
1
1
 1
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(2.18)

The first two terms are the dc signal collected from reference and sample arm
respectively giving no useful information. The third term is the interference signal.
I r ( x) Er Er* 
,

*
I s ( x) Es Es 


(2.19)

For θ = 0 or a multiple of ±2π, the cosine's value is maximum (i.e. 1) representing the
total constructive interference 1/4(Er Es*) whereas the waves are said to be in phase.
For θ a multiple of ±π, the value of the cosine is minimum (i.e. -1) representing a total
destructive interference -1/4(Er Es*). For equal reflectivity condition form both arms of
Eq. 2.19 yields;

15




 ,
 Er Er*  Es Es*


1
1
*
 Eso Eso  I so ( x ) 

2
2

I r ( x)  I s ( x)

(2.20)

Now Eq. 2.18 becomes
11
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 1
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(2.21)

For θ = 0, ID(x) = Iso and for θ = ± , ID(x) = 0. Hence, a combined dc signal at the
detector will increase or decrease depending on the type of interference[40].
Other types of OCT
Other than TD-OCT, the types of OCT include Fourier domain (FD-OCT), swept source
(SS-OCT) and speckle variance (SV-OCT). FD-OCT has become more popular in
biomedical imaging research and clinical site because of its high sensitivity and imaging
speed as an advantage over TD-OCT. A FD-OCT technique doesn‟t require scanning of
reference mirror while it needs the optical spectrum of the interferometeric signal
between sample and reference lights to achieve the depth range in a sample. FD-OCT and
spectral domain (SD-OCT) are fundamentally identical implementations based on
detector and light source. In SD-OCT, the low coherence light source is used and a
diffraction grating is used for dispersion of interferometeric spectrum in the detection arm
and then is detected by an array of detector like CCD. The disadvantage of SD-OCT is
the inherent autocorrelation noise and complex conjugate image in the final results. It can
make it difficult to interpret the image and degrades the system‟s performance[40].
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2.4.3

Fourier domain optical coherence tomography (FD-OCT)

FD-OCT is a high resolution, high speed imaging modality in which the number of
photons scattered back from illuminated tissue are measured as a function of the
pathlength in the tissue resulting in scattering amplitude ID(z). Coherence length of the
light source directly provides the pathlength usually in microns. Multiple scattering in
OCT causes the photon to travel the same pathlength along different depths in the
scatterers producing uncertainty in depth measurements [35].
In TD-OCT, the A-scan or axial (depth) measurement is obtained by scanning the
reference mirror through the depth that detects interference contrast only if the object
pathlength equals the reference pathlength [42].
Contrary to TD-OCT, in FD-OCT the depth information is extracted by Fourier transform
of the power spectrum i.e. it does not require to scan the reference mirror. The light is
scattered from all layers or scatterers simultaneously and is measured at the same time.
Hence, it is necessary to illuminate the optical setup with a broad band light source so
that spectrum from the interferometer could be produced and decomposed by using a
diffraction grating. The output spectrum is collected by a CCD array detector. Such type
of sensors can be used for measurements of transparent as well as strongly scattering
media[43]. SS-OCT is little different from FD-OCT in a sense that a single frequency is
scanned at a time. The light source used in frequency domain OCT can be a tunable laser
to produce the spectrum and this spectrum can be detected with a single diode[44].
Speckle contrast plays the role of actual source of information in these types of OCTs[24,
45].
Interferometeric Signal for FD-OCT
The signal ID(z) is a power spectrum comprising on many wavelengths scattered from
different depths z. A spectrometer can differentiate the wavenumbers k=2π/λ at the exit of
the interferometer. The interference signal I(k) in terms of wavenumbers k is [35, 43].



I  k   S  k   aR ei 2 kr   a  z  exp i 2k  r  n  z  z  dz  ,


0
2
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(2.22)

where, 2r = pathlength in the reference arm, 2z = pathlength in the object arm, measured
from the reference plane, n = refractive index, aR = amplitude of the reference, a(z) =
backscattered amplitude of the object signal and S(k) = spectral intensity distribution of
the light source[35]. The object signal is superimposed with the plane reference wave aR
Hence, eq. (2.22) reduces to
2

 

I k   S k  1  az  exp i 2knzdz 

 ,
0


or



(2.23)







I k   S k  1  2 az cos2knzdz  az az exp i 2knz  z dzdz  
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0
0







(2.24)

Here, first term is a constant offset, the second term the sum of cosine functions provides
depth information or A-scans. The second term contains the amplitude (a(z)) of scattering
from each scatterers that is proportional to each cosine and is responsible for fringes
pattern in interferometery. The third term provides the autocorrelation function ACF
representing the mutual interference of all wavelengths[35].
Dynamic Range
Dynamic range is the ratio of the maximum and minimum measurable power P of OCT
signal detected from the object. The dynamic range of FD-OCT sensors is[46];


DFD  10 log 

4

  SNRF 

2

 PO t   .


 h  

(2.25)

where SNRF is signal-to-noise-ratio (usually it is ~2 for FD-OCT), P0 is the power
scattered from the object, hν is the energy of one photon, and η is the quantum efficiency
of the photodiode. For FD-OCT the dynamic range is usually higher than TD-OCT
because total number of photons scattered in FD-OCT are much larger than TD-OCT
where a fraction of light is used[35, 40].
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Drawbacks of FD-OCT
1) FD-OCT is sensitive to motion artifacts of the sample because wavelengths scattered
within a volume present in the power spectrum can interfere. Whereas in TD-OCT a
fraction of light is used, so it is not affected by the vibration or motions of the sample.
2) In FD-OCT usually infrared laser~1300nm is used as light source so a high resolution
spectrometer is needed for large wavelength that cannot be detected by silicon
photodiode.

2.4.4 Swept source (SS-OCT)
The tissue motion artifacts are not periodic in nature, so such types of artifacts can be
removed by faster imaging. FD-OCT similar to SS-OCT as discussed above is based on
spectral interferometery and is faster than conventional TD-OCT. SS-OCT produces
similar images to TD-OCT with resolution ~10 μm and flow sensitivity in tens of
microns per seconds. The system is not more complex as TD-OCT [47-49].
Note: In our ongoing experiment we have used a Fourier domain mode locked laser for
high SS-OCT imaging. The laser had an optimal SNR than TD-OCT and capable of
sweeping rates of 67 kHz that make it a better choice for phase sensitive imaging.
Therefore, brief theory behind SS-OCT and its working is given below;
Theoretical background of SS-OCT
For monochromatic plane waves consider the first two terms neglecting mutual
interference of waves scattered within the sample in Eq. (2.24);



I  k   S  k  1  2  a  z  cos  2knz  dz  ,
0



(2.26)

Here S(k) is the incident intensity for each k-value used (the swept source spectrum). The
second term can be expressed in terms of Fourier transform (FT) of a(z), so Eq.(2.26)
can be rewritten as





I  k   S  k  1  2FT a  z  ,

(2.27)

Now the inverse Fourier transform of source spectrum (eq. (2.27)) yields the point spread
function (PSF) and axial resolution.
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,

FT 1 I  k   FT 1 S  k    2  z   a  z  
z 

2 ln 202
 n

(2.28)

.

(2.29)

Which is similar to Eq. 2.14 so the imaging resolution is not affected in SS-OCT. Here, λo
= fundamental wavelength of the laser source, n = refractive index, Δλ = bandwidth of the
source. The second term in Eq. 2.28 can be ignored for z > 0 and the third term is the
convolution of the PSF with A-scan[5].
We will implement the above theory for broadband light source that can be resolved with
diffraction grating by dispersing the signal into many k-values (elementary emanating
waves) on to a CCD. We will restrict our discussion on SS-OCT, in which the laser
source does not directly sweep linearly into k-space but rather time space. So first the
recalibration is required from the linear-in-time data to linear-in-k data. The common
approach to achieve this goal is to fix the pathlength for interferometeric signal, hence,
replacing a(z) with δ(z׳-z0) in eq. (2.26) and solving for integral[5] we get

I  k   S  k  cos  2knz0  ,

(2.30)

For k, a positive integral multiple of (π/2nz0) the maxima and minima of this equation are
produced that specify the location of equally spaced k-values regardless of the temporal
dependence of the sweep.
To obtain a rough estimate of bandwidth we substitute k=2π ν /c in Eq. 2.30 to yield;
 4 n  ,
I    S   cos 

 c 

(2.31)

The highest frequency for linearly sweeping in time, measured in the case of mirror at
pathlength displacement zo is

fs 

2 1 z0 .
c

(2.32)

The units of ν1 are 1/sec2 i.e. rate of change of frequency. Eq. (2.32) gives the bandwidth
roughly estimated for a given depth. An experimental setup of SS-OCT used in current
work is shown in Fig 2.2.
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2.4.5 Speckle variance OCT
The main limitation of motion artifacts in 3D vascular reconstructions are the angle
dependence of phase resolved (color Doppler) imaging. A novel interframe OCT fluid
contrast algorithm termed as speckle variance (SV) OCT is capable to mitigate the
problem of motion artifacts and angle dependency in 3D imaging of vasculature bed [5,
50].
The algorithm for generating speckle variance images of OCT data needs to calculate the
variance of pixels from a set of N, B-mode images (N is gate length), acquired from the
same spatial location using the equation;
1
SVijk 
N


1
 I ijk 
N
i 1 
N




Iijk 
i 1

N



2

(2.33)

here i, j and k are indices for the frame (up to N), transverse, and axial pixels,
respectively, and I is the corresponding pixel intensity value. A more clearly schematic
representation of the data set and pixel indices is shown in Fig. 2.3.
The scanning protocol consists of acquiring many frames at each sample position. This
number of frames used in the variance calculation allows investigation of the contrast of
regions undergoing bulk flow/Brownian motion relative to stationary targets. The
intensity value of a pixel within a fluid has Rayleigh distribution while within a solid is
Gaussian distribution. This difference of variance magnitude produces the source of
contrast depending on decorrelation time between solid and liquid tissues[5]. These
decorrelation times have been explored for in vitro case of blood flow and for in vivo will
be discussed in chapter 5 (section 5.1.2 and 5.2.2). In our case we have imaged blood
vessels with typical imaging speeds of 20 frames per second and a complete decorrelation
has been observed between frames.
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Fig. 2.2: (a) Conceptual diagram of FDML SS-OCT system. In this schematic, SOA:
Semiconductor optical amplifier, PC: Polarization controller, C: Collimator, FBG: Fiber
Bragg grating, MZI: Mach-Zender interferometer, D: Detector, DB: Dual balanced
detector. This figure is included with kind permission of Dr. Adrian [51].
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Fig. 2.3: A conceptual diagram of an acquired speckle variance data set of N frames and
corresponding indices used to label the frame (i), transverse pixel location (j) and the
axial pixel location (k). This figure is included with kind permission of Dr. Adrian [5].
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2.5

SS-OCT as glucose sensor

We will discuss how dynamic light scattering (DLS) or ballistic photon (single) scattering
with NIR light underlying Brownian motion of scattering particles can be used to
quantify the glucose levels in fluids. SS-OCT with resolution in microns and M-mode
(scanning with respect to time) has become an important modality to detect ballistic
photons. Brownian motion of scattering particles in a liquid or turbid media has two types
of motions i) translational relaxation ii) rotational relaxation. The translational relaxation
or decorrelation time has been measured based on DLS using SS-OCT to dig up the
source of contrast between liquid and solid tissues. The difference of voxel intensities is
the base of SV-OCT making it able to image 2-D and 3-D blood vessels. The
translational decorrelation time has been used to quantify the glucose levels starting from
simple water phantoms ending on whole blood phantoms in non flowing conditions. The
idea has been translated successfully for flowing fluids as well as in vivo case scenario.
The SV-OCT and microscopy images of blood vessels and red blood cells respectively
support our quantification study to visualize [33] the blood vessels.
The quantitative data will be proved very helpful in translating the in vitro study into in
vivo environment by defining the better mathematical formulation for model expressing
the blood viscosity measurements.

2.6 Brownian motion
Consider a spherical particle executing Brownian (random) motion in a liquid. The time
of motion and path are divided into small intervals so that the resultant displacement is
the mean squared displacement and the particle distribution is Gaussian. We denote the
displacement by <Δr2> and for diffusing particle is given by [52];
 r 2  t   6 DT T .

(2.34)

Where DT is called translation diffusion coefficient, τT is translational relaxation or
 dV 
 on Brownian
 dt 

decorrelation time. Brownian theory assumes that the force, M 
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particle consists on systematic friction component, ξV and a random or fluctuating
component, F  t  . Hence balanced equation of motion is consequently[52],
 dV
M
 dt


  V  F( t ) .


(2.35)

In this equation, ξ is the friction constant and V is the velocity vector and the equation is
well known Langevin equation. Stokes law relates ξ, viscosity, η and radius of the
particle R as[52];

  6 R (Stick boundary condition),

(2.36)

  4 R (Slip boundary condition).

(2.37)

We will use the stick boundary conditions because of slowing down the Brownian
particle after facing the force on its front face. The random force appears from irregular
fluctuations of the particle that causes the collisions to accelerate or decelerates the
particle beyond the frictional force. This fluctuating force is necessary to keep sustained
the Brownian motion otherwise Langevin equation is meaningless because particle will
decelerates and permanently stops the motion[52].
The diffusion coefficient can be given from a well known Einstein relation;
DT 

K BT



.

(2.38)

Our aim is to find out rate for decorrelation of speckle pattern while Brownian motion of
particles is to be imaged with speckle variation. The interference (constructive or
destructive) is responsible for speckle generation when light is scattered from a given
voxel. In order for the signal from that voxel to change appreciably, one would expect
that the scatterers within that volume must reorder themselves on a distance scale of
~λ0/2n, where λ0 is the wavelength of the incident light in vacuum and n is the index of
refraction of the medium, which results in a round trip scattering path length difference
λ0/n. hence, a time scale can be extracted for decay of speckle pattern[5, 52].

Substitute  r  t    0 2n  in Eq. (2.34) to get,
0

2

2
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.
 2n   6 DT T or  T  2
0

6k DB
2

where, k 

2

4 n

0

(2.39)

. Eq. (2.39) is just a phenomenological approximation but in reality, for

dynamic light (ballistic) or weakly scattering undergoing Brownian motion, the
decorrelation or relaxation time is
T 

1
2k DB
2

.

(2.40)

The decay is exponential in nature[5, 53].

2.7

Dynamic light scattering (DLS)

DLS is referred to mono-scattering of light from a thin turbid medium and is widely used
to study Brownian motion by measuring intensity fluctuations arising from phase and/or
amplitude of a scattered electromagnetic field due to particle dynamics. The technique
has the ability to measure structure and the dynamics of symmetric and asymmetric
particle under random motion. [54]. DLS can be applicable only where no more than
once scattering occurs because for highly scattering, the scattering angle and polarization
of the scattered light are not well defined causing in the loss of information. In case of
thick media DLS causes the source of noise, hence, diffuse wave spectroscopy (DWS)
give appreciable results for thick medium undergoing the multiple scattering. DWS based
on photon diffusion equation can yield the quantitative[53] properties. The most practiced
application of DLS is to determine translational, rotational, and internal motions of 1nm
to 10µm-sized particles either in case of phantoms or biological tissues. The modulation
in the fluctuated intensity due to dynamics of particles is used to extract the information
from power spectrum and autocorrelation function of signal collected at the output of the
system [55]. In current research work we have implemented the DLS for different
concentrations of glucose in water phantom, blood plasma phantom, whole blood in vitro
and in vivo cases.
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2.7.1 Application of DLS to quantify glucose levels using SS-OCT
Diabetes is a common and debilitating disease whose incidence is currently on the
increase. Diabetic patients experience dramatic swings in blood glucose concentrations,
which can lead to both acute emergencies and long-term complications. Much effort has
gone into developing methods for non-invasive monitoring and quantification of glucose
levels, such that diet, exercise, and insulin therapies can be administered in an optimal
fashion. However, this has proven to be an exceedingly difficult problem, owing to
relatively small physiological levels of glucose, abundance of other confounding
analytes, variability in patient physiology, difficulties in direct measurement, sampling
volume ambiguities, and other problems. Nevertheless, driven by the outstanding clinical
need and significant commercial possibilities, much academic and industrial activity in
this field continues. In addition to the outstanding problem of glucose measurement in
diabetes, noninvasive techniques to measure other biological analytes and their diffusion
dynamics are needed in several other important clinical scenarios [33, 56].
Particular techniques investigated for noninvasive glucose detection include metabolic
heat conformation studies [57], optical absorption and scattering methods, near and midinfrared

spectroscopy,

Raman

spectroscopy,

photoacoustic

spectroscopy,

light

polarimetry, spectrophotometry, spectrofluorometry, microdialysis and laser Doppler
approaches, X-rays, computed tomography (CT), magnetic resonance imaging (MRI) and
single-beam Z-scan technique, all with their unique own set of advantages and
disadvantages[58-59]. For example, the Z-scan technique attempts to quantify glucose
levels in blood based on the induced non-linear refractive index changes. The limitations
include measurement of glucose level in a patient where only scattering is possible
because light especially 520nm cannot pass through a normal human body [60]. X-rays
used in CT scanning can be harmful for patients; MRI‟s measurements of relaxation
times can be linked to blood glucose levels but may be problematic in terms of imaging
resolution; in any case, MRI and CT are big and expensive installations that are not
suitable for home, patient-oriented use than an ideal noninvasive glucose sensor should
be used[33].
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As evident from the above list, much of the research in gluocometry has been in the field
of biophotonics, owing to light‟s many attractive characteristics for noninvasive analyte
determination and the compact/portable/inexpensive nature of the associated technology.
Of these, optical coherence tomography (OCT) is particularly promising. The technique
is attractive for real time in situ imaging approaching the limits of conventional histology
(but without the need for tissue excision!), with penetration depth of 1~3 mm in most
tissues, and with access to many body sites enabled by fiber optics implementation.
OCT‟s limitations include strong scattering of probing light from the biological tissues at
the visible and near infra red wavelengths, yet this is spectral range available for
biophotonic diagnosis as dictated by the constraints of tissue optics. Whether OCT can
reliably measure blood glucose levels in vivo (~1 gm of glucose in a liter of blood for
normal physiology (~5-6 mM), and 3~25 mM fluctuations in diabetics) remains an open
question. Several OCT studies are attempting to quantify tissue scattering changes driven
by the glucose-induced refractive index matching effect [61-64]. Here, we investigate an
alternative use of OCT for glucometry, by concentrating on glucose-induced changes in
blood viscosity[33].
We report initial results (Chapter 4) and analysis using M-mode OCT to measure medium
viscosity η from a specific depth within a non-flowing liquid medium. This approach has
also been applied for in vivo applications. As alluded to above, glucose presence is
known to change tissue scattering characteristics by the so-called refractive index
matching effect in the extra-cellular fluid (increasing its refractive index by ~0.0273/M of
glucose [64], and this effect has been exploited in several light-scattering based
[65]techniques, including OCT[33].
We have measured the quantification of glucose diffusion in water, blood plasma and in
vitro whole blood from a normal rat based on the corresponding changes in liquid
viscosity using swept source SS-OCT. Specifically, the glucose-induced changes in
medium viscosity were derived from the OCT measurements of relaxation times of
scattering particles polystyrene microspheres (PMS) in water and in blood plasma, and
RBCs in whole blood. This research was built on recently developed speckle-variance
OCT method to delineate tissue microvasculature in-vivo based on different temporal
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speckle decorrelation characteristics between „solid‟ and „liquid‟ components of
biological tissues; here, we have reported on initial fundamental studies to further
elucidate this source of contrast and to investigate its sensitivity to varying glucose levels
in liquid phantoms, in drawn blood samples and in vivo[33].
OCT based on DLS can quantify exponentially attenuated signals due to spherical
scatterer‟s relaxation. Phantom demonstrations based on spherically symmetrical
scatterers have been performed; the situation is more complex for asymmetric scattering
particles (such as RBCs with their biconcave disk shape). Here, relaxation (and thus
temporal decorrelation dependence of the resultant OCT signal) occurs not only by
translational Brownian motion as the case for spheres, but also via rotational relaxation.
Although some analytical hydrodynamic solutions for such anisotropic diffusion of
asymmetrical particles have been reported, the situation is not as clear-cut as for
symmetric spheres, and ambiguities in results interpretation exist due to diffusion motion
complexity. For example, saucer-like dynamics are expected in the direction of a
transverse axis of an ellipsoid of revolution (~translation), while axis tumbling can
change the orientation (~rotation); both motions can influence the signal decorrelation
times as measured by light scattering techniques [52]. An additional issue with blood
scattering is that RBCs are also deformable, for example changing their shape depending
on osmotic pressure fluctuations[33, 66].
It was necessary to image the deformation of cells in real time environment to see their
exact functionality. We have shown in this study that light microscope provides efficient
picturing of cells ultra structure after glucose admixing in blood (Chapter 4[33]).
Further, in an in-vivo setting in the context of flowing blood, other complicating effects
come into play, such as rouleaux cooperative motion and motion-induced deformations
[67]. The situation is clearly complex, and controlled systematic studies are required to
determine if glucose-induced viscosity changes could indeed be detected and quantified
by temporal analysis of OCT signal fluctuations. In chapter 4 we have reported the first
step in such systematic studies. In chapter 5 we have discussed the use of M-mode OCT
to quantify glucose-induced alterations in flowing liquid settings consisting of: (1)
symmetrical (spherical-scatterers) water phantoms; (2) symmetrical (spherical-scatterers)
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blood plasma phantoms; (3) asymmetrical-scatterers (RBC) whole blood samples and in
vivo mouse. In each case, we measured temporal decorrelation dynamics by extracting
the relaxation times, relating these to diffusion coefficients. The diffusion coefficients are
seen to quantifying for increasing glucose concentrations in flowing phantoms. Potential
in-vivo glucose monitoring implications of these findings, in the context of recently
developed speckle-variance OCT approach for microvascular tissue imaging, are also
been discussed[33].

2.8

OCT catheters

OCT devices for practical use in medicine and research can be equipped with flexible
probes to achieve a rapid scanning system for versatile purposes [68]. These integrated
systems can diagnose, screen, and monitor almost any anatomic structure such as oral
mucosa, eye, skin, gastrointestinal, respiratory, and genitourinary tracts, and the oral
cavity in real time that can be accessed directly or by endoscopy [38-39]. There are
different types of OCT probes/catheters including flexible hand held probe, cantilever
probe, miniaturized fiber optic tunable endoscopic probe, imaging needle, rotational
catheters and micro electro mechanical systems (MEMS) based devices. Two types of
probes have been discussed in chapter 6 providing theory, instrumentations and
applications to be integrate with Doppler OCT or SV-OCT for monitoring of glucose via
blood vessels imaging[41].
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Chapter 3
Measurements of optical properties (ex vivo) with diffuse
reflectance
Diffuse reflectance is the backscattered signal after multiple reflections from internal
structure of biological tissues and is a simple tool to measure optical parameters of the
tissue. This chapter describes two experiments to measure optical properties from surface
of ex vivo chicken liver (normal and coagulated) and rat skin & liver using femtosecond
laser correlated with the optical diffuse reflectance. We have used Mie theory, diffusion
approximation model or photon diffusion equation and Kubleka Munk Model to
determine these properties in visible and near infra red range. Finally, Monte Carlo
simulation was used to check the theoretical validation of the measured optical properties
of the tissue that showed a good match with our experimental results.

3.1

Measurements of optical properties of rat liver and skin

It is of great importance to know the distribution of light in dermatology and liver
physiology, so a protocol has been developed and is used to measure optical properties
(absorption and scattering coefficients) of these tissues to form a base line for blood
rheology and microvasculature imaging.

3.2

Materials and Methods

For this ex vivo study, the data acquisitions were performed with custom built device
from the rat tissues. The detail is below;

3.2.1

Signal detection

We have built a photodetector for this experiment. This device consists of an optical fiber
probe (1mm diameter), a photodiode, an operational amplifier and output Bayonet NeillConcelman (BNC) cable to connect with personal computer. A graphical user interface
was made using Lab view® 7.1(National Instruments) for data acquisition on computer.
Circuit and schematic diagrams of the photodetector are shown in Fig. 3.1 and 3.2.
Voltage measured by photodetector is recorded against time taken to collect the data.
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C = 4.7nF

R = 500K
+Vcc

+

Laser Light

Vout
+

-Vcc

Fig. 3.1: Circuit diagram of photodiode. In Fig. C = Capacitor, R= Resistor, +Vcc=
Positive collector biasing voltage, -Vcc = Negative collector voltage, and Vout = Output
voltage.

Diffused
light from
tissue

Optical
amplifier

Photodetector

Output
current

OF

BNC

Fig. 3.2: Block diagram of photodiode. Here, OF = optical fiber, BNC = Bayonet NeillConcelman.
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Calibration:
A Ti: Sapphire femtosecond (Libra-S, Coherent, Palo Alto, CA, USA) mode-locked laser,
emitting pulses of approximately 70 fs, at 800 nm wavelength, operating at a constant
pulse repetition rate of 1 kHz was used as light source. Pulse duration of 70 fs was
measured using a 2nd order autocorrelator (Coherent - SSATM) and an Opera (Coherent,
USA) second harmonic generator was used to obtain wavelength 630 nm and 490 nm.
The diffused light collected from bio tissue was coupled with photodiode via optical fiber
probe and the transient current generated at the output of the photodiode was amplified
with an operational amplifier.
Since the Ti: Sapphire laser with femtosecond pulse duration has high output power and
cannot be used directly for biological tissues to illuminate. Hence, power of the laser was
reduced by using a beam splitter and diameter was reduced using an iris and 1 mm beam
diameter is used. The output of the photodetector was coupled to a computer but
alternatively a digital multimeter can also be used for data collection. The power of the
laser was controlled by changing the current of LBO crystal which pumps the
Ti:Sapphire crystal. Table 3.1 reports the data used to calibrate the detection system both
with graphical user interface (GUI) on computer and voltmeter. The diameter of the fiber
exposed to laser light was 1mm hence, area of the fiber exposed to laser light, πr2 = 0.785
x 10-6 m2.
Fig. 3.3 (plotted from table 3.1 data) illustrates the calibration plot with linear fit to
generate an expression that can yield power density of diffuse light for known value of
voltage both from computer and voltmeter. In case of computer GUI, power density =
10.284*voltage + 0.270 and in case of voltmeter, power density = 10.476*voltage +
0.183. We have used the computer calibrated equation to extract out the power density of
diffused signal in our experiments.
3.2.2

Sample preparation

We selected the male wistar 300-400 g rats, anesthetized them and skin was cleaned for
surgery. The rats were given Ketamin (for anesthesia) and Xylasin (for muscular
relaxing) before sugery. The ratio used was 100 mg/kg body weight of Ketamine and 6
mg/kg body weight of Xylasine. In case of skin, approximately 2cm x 2cm was removed
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including both layers (dermis and epidermis) to investigate with optical diffuse
reflectance experiment. Three samples of skin were used for every measurement i.e. at
800nm, 630nm and 490nm wavelength [15].
In case of liver, it was obtained after surgery of skin and then animal was euthanized.
Three samples of liver were used for every experiment i.e. 800nm, 630nm and 490nm
wavelength. Hence, a total of 9 samples were used for skin experiments and 9 for liver
experiment [15].
Table 3.1: Calibration data for voltage measured from computer and voltmeter. Note that
the power of the laser is only for calibration of the photodiode.
Power density
(W/m2)
4.01
5.22
5.73
7.77
9.17
11.85
13.12
14.27
18.85
21.53
24.71
28.03
29.30

Voltage measured with GUI
(V)
0.37
0.50
0.57
0.72
0.85
1.05
1.19
1.52
1.75
2.09
2.35
2.64
2.88
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Voltage measured with voltmeter
(V)
0.37
0.50
0.57
0.72
0.82
1.07
1.17
1.52
1.72
2.02
2.30
2.65
2.82

Fig. 3.3: Plot for calibration of software-linear fit equation.

3.2.3 Measurement system
The experimental setup used for the experiments for skin and liver is shown in Fig. 3.4.
The experimental setup was almost the same for all experiments; the only difference is
that for experiments at 630 nm and 490 nm we used the second harmonic generator
(Ultrafast Optical Parametric Amplifier) to reduce the wavelength and an extra iris for
reducing the power and diameter at 630 nm. For experiment at 490 nm we used the same
setup but we removed the first iris because the intensity of the laser was already very low
[15].
In this experiment the skin and liver were placed ~ perpendicularly under the illumination
of Ti:Sapphire laser. Samples were illuminated according to the following three data sets
a)

λ = 800 nm, power = 22 mW and beam diameter = 2 mm
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b)

λ = 630 nm, power = 22 mW and beam diameter = 2 mm

c)

λ = 490 nm, power = 1 mW and beam diameter = 2 mm

The wavelength was reduced by second harmonic generator (Opera system) that offers a
wide range for up-conversion of frequencies. We used three samples of skin and liver and
the obtained intensity was averaged. Fig. 3.5 shows typical sample of rat skin and liver
under optical probe for 800 nm, 630 nm and 490 nm wavelength. Fig. 3.5 consists of (a)
skin under 800 nm, (b) liver under 800 nm, (c) skin under 630 nm, (d) liver under 630
nm, (e) skin under 490 nm, and (f) liver under 490 nm. As mentioned above the power
and diameter of the laser was reduced by using a beam splitter (30:70) and an iris so that
we used 30% portion of the beam. Before the diameter of the laser beam was 4 mm. The
signal was collected via optical fiber and delivered to the photodetector. The computer
software recorded the measured voltage and above mentioned calibration equation was
implemented to formulate ODR intensity [15].

Fig. 3.4: The experimental setup used to measure the diffuse reflectance from rat skin (~3
mm size) and liver (~1.2 cm size).
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(a)

(b)

(c)

(d)

(e)

(f)

Fig. 3.5: Typical samples of skin and liver tissues under the illumination (a) skin at
800nm, (b) liver at 800nm, (c) skin at 630nm, (d) liver at 630nm, (e) skin at 490nm, and
(f) liver at 490nm.
37

3.2.4

Signal processing

We used three samples for each wavelength and the data was first averaged and then
further processed. The integration time for each measurement was 5 seconds so that the
data was recorded for a total time of 1 minute. The data was normalized with first 5
seconds interval intensity values and then was plotted against total time. The purpose of
this plot was to see any variation in optical parameters of the tissue for 1 minute. In
spatial measurements the data was normalized with first 0mm position and was plotted
against source-detector separation up to 5mm with a step size of 0.5 mm [15].
The log of the normalized intensity and distance were plotted and fitted linearly to yield
the total attenuation coefficient t . Equation 2.1 and 2.6 were used to determine the
reduced scattering and absorption coefficients at three wavelengths.

3.3

Results and discussion

The intensity of diffusely reflected light from the rat skin and liver with femtosecond
laser at 800nm and 630 nm, beam diameter 2mm and excitation intensity of 700 mW/cm 2
was measured. While using the 490 nm wavelength the intensity was reduced to 31.9
mW/cm2. The normalized intensity as a function of time interval of 10 seconds for skin
and liver at the starting position and at the position of 5mm from the starting point of the
detector, are shown in Fig. 3.6[15].
In the Fig. 3.7, the diffuse reflectance intensity for skin and liver, were compared, at 800
nm (Fig. a), 630 nm (Fig. b) and 490 nm (Fig. c), as a function of the position. There is an
exponential decay in accordance with results reported earlier [69] up to 5 mm and at
different wavelengths in both types of tissues. As comparative way, a graph of diffused
reflection intensity as a function of position for skin and liver at three wavelengths is
shown in Figure 3.8. The linear fit to the logarithm of the reflected intensity resulted in
total attenuation coefficient [69] is shown in Fig.3.9[15]. Only those points were chosen
for which the data is super - linear because the ODR signal becomes so low after ~ 2 mm
that results in distortions/noise. The reason includes the significant penetration of 800nm
and back scattered signal can be collected at large source-detector separation but in case
of visible wavelengths i.e. 630 and 490nm at large separation, due to lower penetration of
light the signal is not present and causes significant scattering.
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Fig. 3.6 shows the nearly normal behavior of (a) skin and (b) liver at starting position and
the position of 5mm from the starting point of the detector at 490nm, 630nm and800nm.
Our 0.0 mm position lies exactly at the edge of the incident beam spot and therefore the
detection fiber is placed just at the edge of the beam spot as well.
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Fig. 3.7 shows the exponential decay behavior of normalized intensity for skin and liver
at (a) 800 nm, (b) 630 nm and (c) 490 nm.
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Fig. 3.8: Variation of diffused reflectance intensity as a function of position from the
point of illumination for (a) skin and (b) liver at 800, 630 and 490 nm.
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Fig. 3.9 shows the linear fit for total attenuation coefficient of (a) skin and (b) Liver at
490 nm, 630 nm and 800 nm.
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Table 3.2 summarizes diameters, number density, refractive indices and corresponding
anisotropic factor for the rat liver and skin that are used for the calculations of  's . These
physicals parameters for scatterers present in liver (i.e. hepatocyte, nucleus, mitochondria
and peroxisomes) skin (i.e. stratum granulosum, stratum spinosum and stratum basale)
are already known in literature. Table 3.3 and 3.4 show tissue/structure type,  s ,  's ,  a
and  t due to liver and skin (epidermis) cellular constitutes at 800, 630 and 490 nm[15].
Table 3.5 shows  a and µs' measured in the present experiment and reported earlier for
normal liver, its cellular organelles, skin and its epidermis layer scattering organelles[1,
32, 70]. The results of total attenuation coefficient for normal liver, µt= 60.00 cm-1 and
reduced scattering coefficients for its cellular constituents (hepatocyte , nucleus
mitochondria and peroxisomes) at 800 nm determined in this work are in good agreement
with reported earlier at 780 nm [32].  a for hepatocyte and mitochondria determined in
this experiment at 800 nm are somewhat different from that literature values at 780 nm,
[32].  a and  's for stratum spinosum (epidermis) determined in present experiment at
490 nm, 630 nm and 800 nm are in line of the earlier reported values at 488 nm, 633 nm ,
and 800 nm respectively. The total attenuation coefficient 80.00 cm-1for whole skin at
630 nm is approximately in accordance with 95.50 cm-1 and 94.00cm-1 reported earlier[1,
70]. This difference in the aforementioned data may be due to (i) the different type of the
animal sources to get the tissue; (ii) the complex structure and in-homogeneities in the
structure of liver; (iii) different environmental conditions during the experiments, (iv) the
different wavelength and light source used for experiment. However, repeated
measurements in our experiments are consistent [15].
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Table 3.2: Structure, refractive indices, number density, diameter of scatterers and
anisotropic factor [1, 28, 32].
Organelle
structure
Hepatocyte
Nucleus
Mitochondria
peroxisomes
Stratum
Granulosum
Stratum
Spinosum
Stratum Basale

Refractive
index
1.04
1.08
1.08
1.08

Number density

Diameter Anisotropic
(µm)
factor (g)
21.36
8.70
0.95@630 nm
1.09
0.67

1.04x108 per g wet liver
1.48x108 per g wet liver
2.44 x1013 per g wet liver
6.94 x 1010 per g wet liver

1.55

1500 /mm2

12-15

0.76@488 nm

1.58

4000/mm2

9-12

0.80@633 nm

1.38

7000/mm2

6-8

0.85@800 nm

Table 3.3: Structure, scattering, reduced scattering, absorption and total attenuation
coefficient of liver cellular constitutes at 800, 630 and 490 nm.

Wavelength
(nm)

490

630

800

Reduced
Scattering Absorption
Coefficients Coefficients
-1
-1
 's (cm )
 a (cm )

Structure
Type

Scattering
Coefficients
-1
 s (cm )

Hepatocyte
Nucleus
Mitochondria
peroxisomes
Whole liver
Hepatocyte
Nucleus
Mitochondria
peroxisomes
Whole liver
Hepatocyte
Nucleus
Mitochondria
peroxisomes
Whole liver

98.389
43.43
440.26
75.56

4.92
2.17
21.76
3.78

0.35
0.02
3.02
0.20

63.19
45.38
261.46
31.36

3.16
2.27
13.07
1.57

1.39
1.21
2.39
1.02

40.56
38.39
206.89
25.11

2.03
1.92
10.34
1.26

0.93
0.91
1.52
0.77
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Total
Attenuation
Coefficients
t (cm-1)
98.74
43.44
443.29
75.76
100.00
64.59
46.59
263.85
32.39
130.00
41.49
39.31
208.41
25.88
60.00

Table 3.4: Structure, scattering, reduced scattering, absorption and total attenuation
coefficient of skin (epidermis layer) cellular constitutes at 800, 630 and 490nm.
Reduced

Wavelength

Structure

Scattering

Scattering

Absorption

attenuation

Type

Coefficients

Coefficients

Coefficients

Coefficients

s

(nm)
Stratum

-1

(cm-1)

 's (cm

661.05

Stratum

630.20

198.62

47.66

537.14

734.47

69.86

700.06

21.19

219.81

107.43

404.48

31.83

568.98

20.24

424.72

14.23

107.04

80.92

Spinosum
Stratum Basale

92.81

18.56

Whole skin
Stratum

80.00
466.67

70.51

37.31

Granulosum
Stratum

503.99
342.01

51.30

Spinosum
800

Stratum Basale

t (cm-1)

110.00

Granulosum
Stratum

)

73.42

Whole skin
Stratum

630

-1

 a (cm

151.25

Spinosum
Stratum Basale

)

158.65

Granulosum

490

Total

50.31

7.55

Whole skin

35.33

377.34

4.99

55.30
50.00
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Table 3.5: Summary of published and present work optical properties from skin and liver
Structure

wavelength

-1

 's (cm

Hepatocyte

2.20

Nucleus

1.40

Mitochondria

780 nm

peroxisomes

)

-1

 a (cm

)

t

(cm-1)

0.68

References
[32]
[32]

14.00

0.26

[32]

1.70

[32]

Whole liver

53.00

[32]

Hepatocyte

2.03

0.93

This work

Nucleus

1.92

0.91

This work

10.34

1.52

This work

1.26

0.77

This work

Mitochondria

800 nm

peroxisomes
Whole liver

60.00

This work

Epidermis

488 nm

144.00

50.00

[1]

Epidermis

633 nm

90.00

35.00

[1]

epidermis

800 nm

63.00

40.00

[1]

Stratum

490nm

151.25

Spinosum
Stratum

69.86
630nm

80.92

This work

Spinosum
Stratum

20.24
800nm

51.30

This work

Spinosum
Whole skin

This work

35.33
633nm

630nm

95.50

[1]

94.00

[70]

80.00

This work

From Fig.3.6 we note that, since each tissue sample was irradiated for one minute with
normally incident femtosecond laser pulses at five seconds detecting interval, the results
show that there is no significant variation in diffusely reflected intensity during this
exposure time. It means that the optical properties of skin and liver tissues, when
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irradiated with femtosecond pulses for power density of 700 mW/cm2 at 800 nm, 630 nm
and 31.9 mW/cm2 at 490 nm, remain practically the same, and femtosecond pulses do
not cause any significant damaging effect on these tissues. In the graph of the Fig (3.8a)
we note that at 490 nm the detected signal decreased more rapidly than at 630 nm and
even at 630 nm more than 800 nm for the skin, which shows the more penetration of light
in near infra red region. In this experiment we have observed a very small back scattered
signals in near ultraviolet domain. H Shitomi et al [71] have reported earlier in decrease
reflectance measured using double integrating sphere in the range beyond 800 nm and
with fs-laser irradiation at 750– 850 nm, it is possible to reach deeper skin layers (e.g. the
stratum germinativum) compared to ultraviolet. Hence near infra red region is more
suitable for applications in which we want to have information from the depth of tissue.
We suggest 630 nm wavelengths for the investigation of tissue surface and 800 nm for
undersurface (microvasculature for example) optical diagnostic technique, such as optical
coherence tomography and diffuse tomography using short pulsed laser [15].
For the case of liver, the situation is slightly different from skin, as shown in the Fig
(3.8b). At 800 nm and 490nm there is exponential decay with small different total
attenuation coefficient from skin (Figure 3.9b. and/or Table 3.3 and 3.4). In the Fig (3.8b)
the point to be noted is that there is more complex situation at 490 nm than 630nm
wavelength. Hence the results show that for liver near infrared domain is more suitable
for investigation and analysis of tissue but, at the other two wavelengths, distribution of
light needs to be investigated again, optimizing the experimental setup by using polarized
light, and due to the reason that liver would have complex structure [15].
There may be many more reasons for variation of  a and 's for rat liver and skin
determined in this work and already published data; a few of them are discussed below
Liver tissue consists of many scattering particles of different sizes having different
refractive indices. Among all, the small capillaries, collagen fibers, cells, cell nuclei and
sub-cellular organelles, such as mitochondria, are assumed to be the most important
scattering centers, whereas extracellular and intracellular fluids are the major surrounding
medium. Scattering from the tissue depends on the refractive indices, size, arrangement
or distribution of the scattering particles and surrounding medium. For decrease in
48

mismatch between scatterers and the surrounding media, the scattering decreases at the
boundaries[72]. Consequently, in the skin tissue the mismatch in refractive indices at
boundary of the scatterers and surrounding medium is increased causing an increase
in  s [15].
The average size of the sub-cellular organelles and their fragments such as mitochondria
and granules arising inside the mitochondria decreases as a function of temperature from
45oC to 75oC have been reported earlier [73] observed with transmission electron
microscopy (TEM). Mostly the optical properties start to change at 45oC. Hence, the
thermal coagulation of tissue due to short pulsed laser could promote biological
stimulatory effects on scattering without detectable damage of cells[74].
The increase in  a for skin would be due to the denser packing of cells owing to
shrinking of samples after removal from the animal, with no change in the number of
scatterers. These scatterers also include red blood cells present on micro blood vessels.
Hemoglobin behaves as a highly absorber in the visible range and decreased in near IR
region, because of the increased blood volume, most likely due to neovascularization.
The disarrangement and fragmentation of the collagen fibers, the disintegration of cells
and sub-cellular organelles, vaporization of the extracellular and intracellular fluid can be
the major causes of the increase in 's in skin [15].
It is suggested that the optical parameters of human tissues in this method can be
measured using the diffuse reflectance of light. The differences in optical properties
measured ex-vivo with Ti:Sapphire femtosecond pulsed laser should be helpful in the
differential diagnosis of human tissues by using optical methods. Moreover, the changes
in  s measured with encouraging results in this experiment have a significant scope for
expanding this study toward the photocoagulation process [15].
In summary, we have investigated the femtosecond pulsed laser light distribution in rat
skin and liver at three different wavelengths: 800 nm, 630 nm, and 490 nm at different
positions. The absorption and reduced scattering coefficients were estimated using the
Mie theory and diffusion approximation equation, the methods were considered reliable.
There was no significant difference observed in diffusely back scattered intensity up to
60 seconds when using aforementioned wavelengths. The optical properties have been
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observed to have small difference from published data in case of skin. It could be due to
the reason that tissues of various pathologies have different absorption and scattering
properties, these properties are wavelength and temperature dependent. This work
provides useful information for the early diagnosis the disease like cancers and glucose
levels in blood extending towards OCT. It can be extended for in vivo measurements of
superficial organs e.g. breast cancer, skin tumors, etc. and these differences in optical
parameters would be useful and helpful in clinical applications of laser e.g. photodynamic
therapy (PDT)[15].

3.4

Optical properties of chicken liver

The aim of this experiment was to clearly differentiate the optical properties of normal
and coagulated chicken liver with optical diffuse reflectance.

3.5

Materials and methods

In this section we will discuss the optical parameter of normal and coagulated chicken
liver using femtosecond short pulsed laser. The coagulation of sample was done by
boiling the tissue sample in hot water at 95oC.

3.5.1 Sample Preparation
In these experiments, we have selected the chicken liver for ex-vivo studies. The sample
was boiled to make it coagulated for 5 minutes in water at 950C to check the thermal
coagulation effects on optical properties. The sample was used within 30-45 minutes after
the chicken was slaughtered. We investigated the sample in its natural condition i.e. we
did not cut it into pieces. The thickness of the sample was measured to be approximately
1 cm at the position of measurements. The time for each measurement i.e. one complete
scanning was ~ 5 minutes[14].

3.5.2 Measurement system
The spectrometer (Avaspec-2048 of Avantes) was used for data acquisition. Single-mode
optical fiber was used for data collection from biological sample at different positions
from the point of illumination. The data is collected by dipping the optical fiber into the
liver tissue. The optical fiber was moved in lateral direction from the illumination point
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with spatial step of 1 mm and scanned up to 5 mm. After 5 mm the reflected signal was
observed to be very weak approximately equal to the noise level of the detection system.
The diameter of the fiber dipped into the tissue to collect scattered light was 1 mm
whereas the incident beam diameter was also measured to 1 mm with 1 mW of incident
laser light. At the same time the transmitted light was measured with the same optical
fiber at the same position on the opposite side of the tissue and wavelength, which
provided us Td. Ti: sapphire laser (Chameleon of Coherent) was used as femtosecond
short pulse laser source. The laser has pulse duration of 140 femto-second (fs) at the peak
and 200 fs across the tuning range. Its average power is >2 W and repetition rate is 80
MHz. The tuning range of the laser is from 720 nm to 950 nm. The measured intensity
for the samples of normal liver at each wavelength were plotted as a function of the
position and Eq. (2.7 and 2.8) were used to determine  a and  s respectively. Similar
procedure of data acquisition and processing was repeated with coagulated liver. The
total attenuation coefficient was calculated with the relation t   s   a . The
penetration depth was calculated using

1

3 a  a   s 1  g 

[21]. The experimental

setup is shown in Fig. 3.10. The power of the laser was reduced by Fresnel reflection
using a glass slab. The fiber was dipped each time for next measurement after 1mm
interval[14].

3.5.3 Monte Carlo simulation for optical diffuse reflectance
For validation of the experimental results, a Monte Carlo model for diffused reflectance
in biological tissues developed by Jacques and Wang[75] is used. In this model, tissue
surface is defined along x-y plane and depth is along z-axis. To simulate the normally
incident beam, the initial direction cosines are defined as µx = 0, µ y= 0 and µz = 1. Each
simulation calculates the impulse response of the tissue which was then convolved[76] to
obtain the Gaussian beam response. Photon emission is described by its position in x-y
plane and angle θ relative to surface normal and azimuthal angle φ of the cone.
Therefore, diffused reflectance is recorded as a four dimensional function. Infinitely
narrow photon beam was used for excitation, the assumed tissue thickness was 1 cm to
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minimize transmission and maximize the reflectance. The emission position was divided
into two hundred spatial bins. Each of the bins has a thickness of 50x10-4 cm along the x
and y dimension. Emission direction was divided into 30 bins for θϵ[0,π/2] and 48 bins
for φ ϵ[0,2π]. The incident beam power is set at 1 mW with the beam radius of 0.5 mm.
The calculated number of photons used for each simulation is 5 x 106. The simulated
results were compared with the experimental results showing the good agreement[14].

Fig. 3.10: The experimental setup for the measurement of diffused reflection of the
chicken liver.
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3.5.4 Results and discussion
The diffuse reflectance from a normal and coagulated liver measured ex-vivo as a
function of distance from the illumination point for the same set of wavelengths (700840nm) are shown in figures 3.11(a) & (b).  s and  a are plotted in Figs. 3.12 and 3.13
for both normal and coagulated liver respectively. Fig. 3.14 represents a couple of
experimental and MCML results for normal and coagulated liver at a typical wavelength
740nm for illustration purpose. The simulated intensity with MCML using our results as
input are seen to be matched with experimentally measured diffused reflectance. The
values of  s ,  a ,  t and penetration depth are given in the Tables 3.6 and 3.7 for normal
and coagulated liver respectively. The results of  a ,  s and reduced scattering coefficients

 s' for normal bovine liver at 751 nm, µa = 0.17±0.01 mm-1 and µs=1.6±0.02 and
µs'=0.32±0.02 mm-1 are reported earlier [21]. Table 3.8 shows  a and  s measured in the
present experiment and reported earlier for normal and coagulated liver tissue [21, 77].

 a reported at 751nm, 830nm and 850nm [21, 77] are comparable with our measurement
at 740 nm, 825 nm and 840 nm respectively with little difference.  s measured in our
experiment at 740 nm, 825 nm and 840 nm are in between the earlier reported value at
751 nm[21], 830 nm and 850 nm[77] respectively.  a for coagulated liver in this
experiment at 825nm and 840nm are slightly different from measured value at 830 nm
and 850 nm reported earlier[77].  s in the present experiment, at 825nm and 840nm also
have some difference than at 830 nm and at 850 nm reported earlier[77]. The studies of
Terenji et. al. [78] shows that during heating the optical properties of liver tissue changes.
Hence the increased scattering is observed at the temperature ranging from 50 0C to 70
0

C. Also this difference in the aforementioned data may be due to (i) the different type of

the animal sources of liver; (ii) the complex structure of the chicken liver and inhomogeneities in the structure of chicken liver; (iii) different environmental conditions
during the experiments e.g., temperature (iv) the different wavelengths used for
experiment. However, repeated measurements in our experiments are consistent[14].
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Furthermore our experiment is in good agreement with the results reported earlier[69]
that the scattering intensity of light has exponential decay (see Fig.3.11) as the collecting
fiber is translated away from the point of illumination.  s for normal and coagulated
liver against different wavelength have different slopes as shown in Fig. 3.12, which
show that scattering centers do have significant change after coagulation in the 720840nm range.  a of both types of tissues also have different slopes when plotted against
aforementioned wavelengths as shown in Fig. 3.13[14].
There would be many reasons for variation of  a and  s due to coagulation and change
in wavelength; a few of them are discussed below;
In liver tissue scattering depends on the refractive indices, size, arrangement or
distribution of the scattering particles such as mitochondria and surrounding medium. For
decrease in mismatch between scattering centers and the surrounding media, the
scattering decreases at these boundaries[72]. Consequently, in the coagulated tissue the
mismatch in refractive indices at boundary of the scatterers and surrounding medium is
increased causing in increased in  s [14].
The average size of the sub-cellular organelles decreases as a function of temperature
[73]. The disarrangement of the regular packing is commonly observed at 50oC and
mostly the optical properties start to change at 45oC. Hence, the thermal coagulation of
tissue, changed in the size of cellular organelle, increased mismatch in refractive indices
preferably attribute to a phenomenon of strong backwards scattering and a rapid fall in
signal amplitude is seen in Fig. 3.11(b)[14].

54

5000

0

1

2

3

4

5

6

7

8

9

(720nm)
(740nm)
(770nm)
(810nm)
(825nm)
(840nm)

4000

Intensity(a.u)

10

3000

2000

1000

0
0

1

2

3

4

5

6

7

8

10

Distance (mm)

(a)

(720nm)
(740nm)
(770nm)
(810nm)
(825nm)
(840nm)

9000
8000
7000
6000

Intensity(a.u)

9

5000
4000
3000
2000
1000
0
0

1

2

3

4

5

6

7

8

9

10

Distance (mm)

(b)
Fig. 3.11: Variation of diffused reflection intensity as a function of position from the
point of illumination for (a) normal liver and (b) coagulated liver.
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Fig. 3.12: Scattering coefficients of normal and coagulated liver
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Fig. 3.13: Absorption coefficients of normal and coagulated liver.
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Fig. 3.14: Experimental and simulated results at 740 nm for illustration purpose; (a)
normal liver (b) coagulated liver.
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Table 3.6: Absorption coefficients, scattering coefficients, total attenuation coefficients,
and penetration depth for normal chicken liver.

Total
Scattering

Absorption

attenuation

Penetration

Wavelength

coefficients

coefficients

coefficients

depth

(nm)

-1

 s (mm )

-1

 a (mm )

 t (mm )

(mm)

720

3.66±0.45

0.19±0.03

3.85±0.45

1.38±0.03

740

3.03±1.12

0.15±0.06

3.18±1.12

1.71±0.037

770

2.95±1.07

0.14±0.05

3.09±1.07

1.80±0.042

810

2.60±1.08

0.12±0.06

2.73±1.08

2.08±0.062

825

2.58±0.68

0.13±0.03

2.71±0.68

1.99±0.057

840

1.79±0.68

0.09±0.03

1.87±0.68

2.88±0.070

-1

Table 3.7: Absorption coefficients, scattering coefficients, total attenuation coefficients,
and penetration depth for coagulated chicken liver.
Total
Scattering

Absorption

attenuation

Penetration

Wavelength

coefficients

coefficients

coefficients

depth

(nm)

 s (mm )

 a (mm )

 t (mm )

(mm)

720

36.07±4.48

1.69±0.36

37.76± 4.49

0.149±0.0027

740

33.93±6.43

1.66±0.36

35.59±6.44

0.154±0.0032

770

31.55±5.91

1.53±0.34

33.08±5.92

0.167±0.0046

810

30.72±6.94

1.49±0.37

32.21±6.95

0.171±0.0052

825

29.62±7.69

1.42±0.42

31.04±7.70

0.179±0.0073

840

28.21±5.09

1.32±0.31

29.53±5.10

0.19±0.0085

-1

-1
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-1

Table 3.8: Measured and reported scattering and absorption coefficients of liver (Kienle
et al [21] and Ritz et al [77]).

Wavelength
(nm)

Scattering

Absorption

coefficients

Coefficients

 s (mm 1 )

μa (mm-1)

Reference

Normal Tissue
740

3.03±1.12

0.15±0.06

Present Experiment

751

1.6±0.02

0.17±0.01

Kienle et al [21]

825

2.58±0.68

0.13±0.03

Present Experiment

830

5.5±0.35

0.073±0.004

840

1.79±0.68

0.09±0.03

850

5.39±0.44

0.071±0.003

Ritz et al [77]
Present Experiment
Ritz et al [77]

Coagulated Tissue
825

29.62±7.69

1.42±0.42

830

38.03±2.6

0.088±0.005

840

28.21±5.09

1.32±0.31

850

37.1±4.5

0.077±0.004

Present Experiment
Ritz et al [77]
Present Experiment
Ritz et al [77]

The increase in  a after thermal coagulation has been reported earlier due to the denser
packing of cells owing to shrinking of liver samples. Heat or photo-induced heat causes
oxidation of hemoglobin (present in the blood cells) to methemoglobin [72]. After
thermal coagulation at 95oC in water the methemoglobin should be formed causing an
increase in  a . After the formation of methemoglobin, oxy-hemoglobin absorption
decreases in near infra red region, see figure 3.12(b), because of the increased blood
volume in the abnormal tissue, most likely due to neovascularization. The disarrangement
and fragmentation of the collagen fibers, the disintegration of cells and sub-cellular
organelles, vaporization of the extracellular and intracellular fluid can also be the major
causes of the increase in  s in coagulated tissue[14].
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It is obvious that penetrability of biological tissues at 840 nm wavelength is better than
the other five aforementioned wavelengths of short pulsed laser radiation. Therefore, 840
nm lasers can be used to treat the deep disease focus in organisms. It is suggested that the
optical parameters of human tissues in Kubelka-Munk Model can be measured by using
the diffuse reflectance light. The changes in  s caused after coagulation of chicken liver
measured with encouraging results in this experimental setup have a significant scope for
expanding this study toward measurements of glucose diffusion in blood[14].
In Summary, we have analyzed the effects of coagulation on the optical properties of the
chicken liver measured ex-vivo using Ti: sapphire short pulsed laser in the wavelength
range of 720-840nm. The absorption and scattering coefficients along with the
penetration depths for chicken liver were estimated using the Kubelka Munk model, the
method was considered reliable. There are significant differences in optical parameters of
normal and coagulated chicken liver tissues at six different wavelengths of laser
radiation. The optical properties (  a and  s ) have been observed to be increased due to
the coagulation. Also large differences in optical parameters indicate that there were large
differences in compositions and structures between both normal and abnormal livers.
This method can be extended for in vivo measurements of superficial organs e.g. breast
cancer, skin tumors, etc [14-15].
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Chapter 4
Glucose quantification in non-flowing blood
Optical coherence tomography is a modern imaging modality that can visualize the
biological tissues on micron levels. This chapter describes the use of OCT technique for
measuring glucose in liquid phantoms and whole blood (in vitro) based on temporal
dynamics of light scattering. The presence of glucose alters the medium viscosity, which
affects the Brownian motion of the scatterers, polystyrene microspheres (PMS) in
phantoms and red blood cells (RBCs) in blood as measured by OCT. Whole blood smears
were imaged with microscope and the effect of red blood cell deformation was also
observed for higher glucose levels.

4.1

Glucose levels in blood

The conditions of hypoglycemia and hyperglycemia in diabetes are life threatening. In
such critical stage of the patients, the quick and non invasive measurements of glucose
concentrations in blood are important. It is more critical to determine rise in glucose
levels at early stages because of its importance to control blood glucose levels before the
tissue damages. In recent years many methods have been used to monitor blood glucose
including reagent strips and a reflectance meter. Although, these methods are reliable and
cost-effective for glycemic patients but piercing of skin can cause injury in skin and pain.
Comparisons of different blood glucose reagent strips and quality control are other issues.
The purpose of this study is to explore same noninvasive method of blood glucose
monitoring.

4.2

Materials and methods

Now we will discuss how phantoms were prepared for the study and the OCT technique
was applied based on Brownian motion analysis.

4.2.1 Samples preparation
Three types of scattering samples with varying dextrorotatory, glucose concentrations
were used in this investigation:
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(1)

The first set was water phantoms with 1.4 µm diameter PMS and six different

concentrations of glucose (0, 100, 200, 300, 400, and 500 mM). The microsphere
concentrations increased from 0.69% (weight/volume) for glucose-free suspension to
0.76% for the 0.5 mM phantom, in order to keep the scattering coefficient s constant in
the presence of the refractive index matching effect. Assuming the refractive index of
water ~1.33, s was calculated from Mie theory at 1310 nm to be 100 cm-1[79]. These
phantoms served as the „simplest‟ control set in having constant scattering properties
engendered by spherically symmetric scatterers. Fig. 4.1 shows a typical sample of water
phantom at 100mM glucose addition in it [33].
(2) The next experimental series was a symmetric scatterer set (PMS as in (1)) suspended
in blood plasma instead of water. Whole blood was drawn from five months old female
Fisher rats into heparin tubes which were then centrifuged to separate out the plasma. Fig.
4.2 shows a snapshot of centrifuge (Hermle, Germany) used to separate plasma and
erythrocytes. Fig. 4.3 shows the photo of a centrifuged blood plasma heparin tube in
which ~55% of plasma can be observed while remaining 45% consists of red blood cells
(erythrocytes). In these plasmas we added a fixed concentration 0.0073% of 1.4 µm
diameter PMS and varying glucose amounts (0, 80, 160, 240, 320, and 400 mM). Here,
our Mie scattering calculations assumed a refractive index value ~ 1.34 for rat plasma,
extrapolated from previously-reported n ~ 1.35 at 630 nm for human blood plasma [61,
80]. In this sample set, we did not increase the PMS concentration with added glucose
amounts, thus the scattering coefficient decreased with increasing refractive index
matching effect (100 cm-1 with no added glucose, to ~ 70.7cm-1 at the highest added
glucose concentration of 400 mM)[79]. This was done deliberately to simulate similar
effects in whole blood phantoms [33].
(3) Finally, asymmetric RBC scatterers in the natural blood environment were
investigated. Similar to (2), whole blood drawn from five months old Lewis rats was
admixed with additional glucose to 0, 20, 40, 60 and 80 mM levels. Note that these
added glucose levels are lower than those in sets (1) and (2), and are indeed closer to the
human physiological levels mentioned above; this too was done on purpose to better
gauge the applicability of this approach to eventual in-vivo situation [33].
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Fig. 4.1: Water phantom with 1.4 µm microsphere and 100mM glucose admixed in it.

Fig. 4.2: Photograph of centrifuge operated at 3000 revolution per minute up to a total
time of 15 minutes for extraction of plasma from drawn whole blood.
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Heparin tube

Blood plasma
Red blood cells

Fig. 4.3: Centrifuged plasma from drawn rat blood in heparin tube. We can see that
~55% of blood consists of plasma and other 45% is retained by red blood cells.

4.2.2 Measurement system
A custom built 36 kHz SS-OCT system was used for M-mode (measurements of OCT
data with respect to time) scanning similar to that described previously[51] and is
discussed in detail in chapter 2 (section 2.4.8). Fig. 4.4 shows the snapshot of the
experimental setup during M-mode measurements of a typical blood sample. Briefly, the
SS-OCT system consists of frequency domain mode locking (FDML) fiber-ring laser
source comprising of polygon-based tunable filter. The FDML configuration consists of
total cavity length of 3.3 to 4.5 km. A fiber Bragg grating is used for A-scan (depth
scane) triggering. The coherence length and spectral sweeping range were 6 mm and 112
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nm, respectively, at a central wavelength of 1310 nm. The axial resolution in tissue and
the average output power of the system were 8 µm and 48 mW [33].
For M-mode analysis, we chose to analyze the OCT signal intensity 70 m below the
liquid sample surface; this depth is free from any possible surface distortions or artifacts,
and not deep enough to invoke complications and signal distortions caused by multiple
scattering [53]. Fig. 4.5 shows OCT images for a typical glucose concentration of 80mM
in whole blood. Fig. 4.5 (a) depicts a raw 2-D OCT image (640 x 512 pixels and 5 mm x
2 mm, width x depth) and Fig. 4.5 (b) shows an M-mode 2-D OCT image with (64 x 512
pixels and 0mm x 3mm, width x depth). Fig. 4.5 ensures that ballistic scattering region
near top surface (above ~ 70µm) below glass cover is more suitable for dynamic light
scattering. To obtain M-mode data, we repeatedly acquired full depth (~2 mm) A-scans
for ~5 seconds at the same central sample lateral location and averaged 64 consecutive
A-scans to obtain average signal intensity at our selected 70 m depth. As viscosity is a
temperature-dependent quantity, care was taken for all the three phantom sets to perform
the OCT measurements at a fixed temperature of 21oC[33].
To explore possible shape changes of RBC with the addition of glucose, we used an
inverted motorized microscope (Zeiss Axio-Observer), as shown in Fig. 4.6. RBCs
biconcave shapes with their equilibrium diameter of ~7µm can be readily observed with
this set-up. For these studies, whole blood smears from sample set (3) were placed on
standard microscope glass slides and examined in transmission mode under 40X
magnification[33].
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FDML laser source
Sample arm
MZI and detector

Fig. 4.4: Photograph of experimental setup during M-mode measurements of a typical
blood sample set (3).
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Fig. 4.5: (a) Srtructural 2-D OCT image with pixels (640 x 512) and dimensions (5mm
x 2mm) along x and z-axis for blood with 80mM glucose in it. (b) An M-mode 2-D OCT
image with (64x512) pixels and dimensions (0mm x 3mm) along x and z-axis.
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Fig. 4.6: Axio-Observer inverted motorized microscope used to image RBCs in whole
blood smears for different glucose concentrations.

4.2.3 Signal processing
The signal recorded at the detector of the SS-OCT system owing to eq. (2.26) is given
by[40];


ID 
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(4.1)

where x is the path length difference, I SO  k  is the source intensity and the


integral  I so  k  eikx dk is called autocorrelation function (ACF). The power spectrum P(ω)
0

and ACF are related by Weiner-Khinchin theorem as a Fourier pair:



ACF( x )  P   e

i x

c d

.

(4.2)

For illustrative purpose Fig. 4.7 shows raw OCT intensity signals as a function of time
(M-mode) at a depth of 70 μm for six different glucose concentrations cgl in the blood
plasma + PMS phantom set (2) up to ~2.0 sec plotted as a function of time. The resultant
data train consists of 1400 OCT intensity points 3.6 ms apart. We have combined 64
consecutive A-scans at the pre-selected 70 m depth to yield one M-mode point,
resulting in ~3.6 msec spacing on the time graphs of Fig. 4.7. The ACF was extracted
according to Eq. (4.2) and processed using Matlab. Fig. 4.8 (b) illustrates the ACF for the
six different cgl in blood plasma. It is seen that increasing glucose levels cause longer
OCT signal relaxation decays, as expected from the slower Brownian motion of
scattering particles in media of increasing viscosity. Although there were 1,400 data
points over the 5 sec signal acquisition, for 2.0 sec, 560 points are shown for clarity in
Fig. 4.7. Fig. 4.7 clearly depicts the effect decrease in refractive index mismatching
between medium and scatterers as can be seen the decrease in scattering intensity for
higher glucose concentrations. The intensity signal is approximately at level 2 for glucose
free medium but has significantly decreased for 400mM below level 1. As seen from Fig.
4.8, ~ 140 points (for 0.05 sec) are plotted, as sufficient for the ACF decay analysis. The
difference in the decay can be observed very carefully because the decay time interval, Δ
τ is in the range of milliseconds. Fig. 4.9 and Fig. 4.10 display the OCT intensity and
ACF similar to plasma as stated above for all five concentration of glucose. Fig. 4.9
shows the characteristic behavior of the medium (whole blood + glucose) like Fig. 4.7 of
medium (plasma + PMS + glucose). The reduction in raw OCT signal clearly describes
the fact of reflective index mismatching between whole blood and red blood cells.
Fig.4.11 shows ACFs as a function of time for ~ 5 sec extracted from OCT (power
spectrum) data for samples sets (1,2, and 3) in glucose free conditions[33].
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Figure 4.7: OCT M-mode intensity signals at a depth of 70 μm for six different glucose
concentrations in the blood plasma + PMS phantom set (2) at 21°C. The decrease in OCT
signal can be exclusively observed for higher glucose concentrations specially at 400mM.
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Fig. 4.8: Signal autocorrelation functions (ACF) obtained from the OCT M-mode data of
Fig. 4.7, via Eq. (4.2). ACF curves exhibit exponential decay, which is characteristic of
Brownian motion of the scatterers. Slower relaxation is seen in samples with higher
glucose concentration.
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Figure 4.9: OCT M-mode intensity signals at a depth of 70 μm for six different glucose
concentrations in the whole blood phantom set (3) at 21°C. The OCT signal can be
clearly observed in decreasing trend for glucose concentrations. The effect is more
pronounced at 80 mM, where RBCs are more likely to burst up after deformation.
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Fig. 4.10: Signal autocorrelation functions (ACF) obtained from the OCT M-mode data
of Fig. 4.9, via Eq. (4.2). ACF curves exhibit exponential decay, which is characteristic
of Brownian motion of the scatterers. Slower relaxation is seen in samples with higher
glucose concentration.
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Fig. 4.11: Autocorrelation functions obtained from OCT average intensity data for
sample sets (a) for 1, (b) for 2, and c for (3) prior to glucose addition.
To quantify these effects, two distinct signal decorrelation mechanisms must be
considered for scattering particles undergoing Brownian motion: translation and rotation.
For spherically symmetric shapes such as PMS, only the former mechanism applies; for
asymmetric RBCs, both mechanisms must be considered. The analysis for sample sets (1)
and (2) is thus somewhat simpler, and we examine that first[33].
A single exponential fit function f1 = A*exp(-t/τT) was applied to each ACF to extract the
translational decorrelation time τT. Figure 4.12 shows a typical exponential to the plasma
+ PMS sample prior to glucose addition. The point selection for this fit was fixed up to
decay of the signal to ~zero amplitude; the data points beyond this limit were in the noise
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level and thus were not used in the fitting procedure. The high values of the goodness-offit metric, the correlation coefficient r2, was typically ~0.98 for samples in sets (1) and
(2) (range 0.94-0.99), indicating that the data is well described by the proposed monoexponential decay relationship. Translational decorrelation time τT thus derived is related
to the translational diffusion coefficient DT, which in turn is dependent on medium
viscosity. For spherical scatterers of radius R[33, 52];
T 

1
2k 2 DT

and

DT 

k BT
6 R

(4.3)

where k = 4n/ is wave number, n is the refractive index, kB is Boltzmann constant, T is
absolute temperature, and η is the viscosity of the medium. The latter quantity can thus
be obtained from the known values in Eq. (4.3) and experimentally derived values of
translational decorrelation times τT for sample sets (1) and (2)[33].
1

Experimental data
Exponential fit

0.9
0.8
0.7

ACF

0.6
0.5
0.4
0.3
0.2
0.1
0

0.005

0.01

0.015
0.02
Time(sec)

0.025

0.03

Fig. 4.12: A typical exponential fit to ACF data for extraction of decorrelation times (r2
= 0.99). The AFC is from the “0mM” PMS + plasma sample (set (2)).
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To analyze the whole blood results with its asymmetric RBCs (sample set (3)), a double
exponential fit to account for both translational and rotational relaxations was applied to
the OCT‟s ACFs. A simple functional form f2 = B*exp(-t/τ/T) + C*exp(-t/τR) was used,
where τ/T and τR are the translational and rotational decorrelation times of erythrocytes.
To ensure that a double exponential decay was indeed the proper description of the whole
blood data, its r2 values were compared with those from single exponential fits. The
resulting correlation coefficient values of ~ 0.95 were significantly larger that the r2 ~ 0.8
for the single exponential fit to the blood data, strongly suggesting that both translational
and rotational are indeed occurring in (3). For comparison, note that single exponential
fits the data well (r2 ~ 0.97) for sample sets (1) and (2) that contain spherical PMS
scatterers. However, the translational and rotational decorrelation times thus derived are
difficult to relate to their respective diffusion coefficients: because of the complex
biconcave disk shape of RBCs, no exact analytical expression exists. If we approximate
RBCs as a flattened ellipsoid of radius R and half the average thickness a, in analogy
with Eq. (4.3) [33, 52]

 T 

1
2k 2 DT

and

DT 

k BT
G
6  a

(4.4)

where G is a geometrical factor given by G       2  1 2 *  * arc tan   2  1 and
1



R
 1 . For a red blood cell, R ~ 3.5 µm and a ~ 1.0 µm[33]. The corresponding
a

rotational relaxation analysis could have been similarly pursued for another estimate of
medium viscosity. However, we chose not to do so at present, as relating experimentally
derived values of τR to medium properties for such scattering shapes is even less certain
than the translational relaxation analysis of Eq. (4.4). Thus, while performing a double
exponential fit and obtaining both translational and rotational decay times in whole
blood, only the former results are further analyzed to yield medium viscosity as per Eq.
(4). Future work will evaluate the information content of τR values. For now, we examine
the B/C ratio to estimate the relative importance of translational versus rotational
relaxation.

For the five blood samples of experimental set (3), this ratio was
78

~2.7, indicating that translational decorrelation is somewhat more important than
rotational relaxation [33].

4.3

Results and Discussion

Table 4.1 summarizes the quantitative study findings. For the three sets of samples of
varying added dissolved glucose concentrations, the derived translational decorrelation
times τT for (1) and (2), the derived translational decorrelation times τ/T for (3), the
resulting viscosities , and the fitting correlation coefficients r2 are given. Also included
in brackets are the decorrelation time results of a control experiment in the data set of
blood sample set (3); here, we were concerned with possible confounding glucoseindependent effects of long exposure of blood to the air during the measurements of
increasing glucose aliquots, and thus admixed saline-only amounts throughout the
corresponding time course of another OCT blood measurement experiment. This would
account for the possible measurement baseline drift[33].
Concentrating initially on phantom set (1), the glucose-free water + PMS sample yields a
viscosity water = 0.88 mPa.sec. This is in fairly good agreement with the accepted
textbook value of 0.98 mPa.sec at 200C[81]. The slight 10% discrepancy is likely due to
imprecise experimental temperature control, as viscosity is known to be highly
temperature dependent. Another possible reason may be PMS themselves, in that their
presence effectively changes the viscous properties of the water suspension, but at the
~0.7% w/v loading this is unlikely to be a major effect. We are currently refining our
apparatus and analysis to enable better results accuracy. Moving on to the glucosecontaining PMS suspensions of set (1), a trend of increasing viscosity is observed. This
increase makes sense, and its magnitude seems commensurate with the significant levels
of added glucose. Comparing with literature, our derived viscosity value of 1.44 mPa.sec
for the 500 mM sample (9% w/w) is in reasonable agreement with the previouslyreported η = 1.24 mPa.sec for 10% w/w glucose solution [82]. The results are graphically
represented with solid line in Fig. 4.11(a).
The plasma + PMS phantom set (2) results exhibit a similar trend to the water + PMS
phantoms, with decorrelation times and viscosity values increasing with the addition of
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glucose. Note that here, the “0mM” sample does not imply glucose-free medium as in
sample set (1), since there is some normal base level of glucose present in the plasma
(and in whole blood of sample set (3)). Its baseline viscosity is of 1.16 mPa.sec ~28%
higher than that of water, and agrees reasonably well with literature values of 1.29
mPa.sec [83]. Comparing the plasma glucose dependence to water-based results as
displayed in Figure 4.13(a), a slightly higher increase in viscosity is seen. The overall
increasing viscosity trends, however, are similar for the two PMS-containing phantom
sets.
Finally, it is encouraging to observe that despite the many complexities associated with
whole blood analysis (phantom set (3)), our results also show increasing medium
viscosity with added glucose levels. As discussed above, only translational relaxation
times were used in the viscosity determination; ongoing work is exploring the optimal
route for rotational relaxation times analysis. Not surprisingly, blood is seen to be
„thicker than water‟, as the derived viscosity value for the blood sample without added
glucose is ~8 times that of water (9.03 mPa.sec versus 0.88 mPa.sec). This static blood
value also agrees well with the literature, where a value of ~10 mPa.sec is reported[8485]. It is seen that the addition of glucose to whole blood has a more drastic change on
derived medium viscosity compared to either water or plasma, although blood is a nonNewtonian fluid (Fig. 4.13(b)). In literature, the viscosity of the blood is quoted in
increasing trend with increase in the dextran concentrations [86]. Since the addition of
glucose also changes the shape of the erythrocytes due to modulations in the osmotic
pressure, the resultant scatterer shape change makes it unclear if the data analysis
embodied in Eq. (4) holds equally true across the examined glucose concentration range.
Thus, although the significant increase in the relaxation times and thus in the derived
viscosity values is qualitatively correct, its quantification in terms of derived viscosity
values is less certain. Also, the magnitude of the confounding effect of long air exposure,
as quantified in a control blood measurement experiment with sham (glucose-free) saline
aliquots (results in parenthesis in Table 4.1), while certainly smaller than glucose, is not
insignificant. Better methods to minimize this measurement artifact will be investigated
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in future publications. The glucose-induced viscosity changes in whole blood, corrected
for the measurement baseline drift [33], are also plotted in Fig. 4.13(a).
It is interesting to further examine the glucose-induced viscosity increases displayed by
the three plots in Fig. 4.13(a). Fig. 4.13(b) re-plots the data on a semi-logarithmic scale
to check if the medium viscosities depend on the glucose concentrations in an
exponential way. As seen, this indeed appears to be so for the water and approximately
so for the plasma samples containing PMS as symmetrical scatterers; the dependence is
more complicated (and supra-exponential) in the case of blood. This is perhaps not
surprising, given the complex nature of blood milieu – viscosity changes, irregular RBC
shape and its alterations, exposure to air complications, possible RBC aggregations, and
so on. Thus, even though OCT decorrelation times can be reliably measured,
unambiguously and quantitatively relating these to medium viscosities (and hence to
glucose level) poses significant challenges and necessitates further research.
Further to examine potential complications caused by RBC shape changes and
aggregation in the presence of added glucose, microscopy results from whole blood
smears are shown in Fig. 4.14. Normal rat blood in 4.14(a) exhibits expected biconcave
disc-like shapes of RBCs, seen as ~7- m diameter circles with a central void in this
transmission image. With addition of glucose (20 mM in Figure 4.14(b), 40 mM in
4.14(c)), deformation of individual erythrocytes into spheroidal shapes, and their multiparticle aggregation behavior are becoming evident. The former is a well know osmotic
pressure effect, and the latter may be indicative of the rouleaux formation [86-90].
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Table 4.1. Summary of the OCT experimental results and analysis for the three phantom
sets, demonstrating the quantification of glucose-induced viscosity changes.
Sample glucose
concentration
(mM)

0
100
200
300
400
500
0
80
160
240
320
400
0
20
40
60
80

Translational
decorrelation time
(msec)

Viscosity: from Eq (4.3)
for sets (1) and (2); from
Eq (4.4) for set (3)
(mPa.sec)
phantom set (1) - single exponential fit
8.77 ± 0.04
0.88
9.25 ± 0.06
0.93
10.21 ± 0.06
1.03
11.20 ± 0.10
1.13
12.20 ± 0.06
1.24
14.10 ± 0.05
1.44
phantom set (2) - single exponential fit
11.46 ± 0.14
1.16
12.27 ± 0.16
1.25
15.70 ± 0.12
1.60
21.12 ± 0.21
2.17
26.4 ± 0.16
2.72
44.1 ± 0.29
4.61
phantom set (3) - double exponential fit *
8.20 ± 0.04
9.03
9.52 ± 0.08 (8.41 ± 0.04)
10.26
12.00 ± 0.05(10.40 ±0.06)
10.81
26.30 ± 0.13 (12.2 ± 0.06)
24.61
63.00 ± 0.40(25.00± 0.14)
51.05

r2-value

0.97
0.98
0.98
0.99
0.97
0.95
0.99
0.99
0.98
0.97
0.94
0.99
0.93
0.99
0.91
0.93
0.99

* For the blood samples, the bracketed decorrelation times represent measurement
baseline drift due to blood exposure to air, in the absence of glucose aliquots (see text for
details). We corrected for this prior to using Eq. (4.4) to derive the displayed viscosity
values in column (3), via τ/T (corrected) = τ/T (0 mM) + (difference between the τ/T values
in column (2)).
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Fig. 4.13. Viscosities of water and plasma phantom sets (with PS microsphere scatterers,
analyzed via Eq. (4.3)), and of whole blood (with RBC scatterers, analyzed via Eq.
(4.4)). (a) Linear scale (b) Semi-logarithmic scale, showing exponential dependence of
viscosity on glucose levels in water and plasma systems, and a more complicated (supraexponential) behavior in whole blood. Symbols are the results of experimental
measurements (with errors bars = standard deviations).
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(a)

(b)
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(c)
Figure 4.14: Microscopy results demonstrating deformation and rouleaux formation of
RBCs in rat whole blood samples with the addition of glucose. a) no glucose added, (b)
20mM, and (c) 40mM. The shape of individual cells changes from biconcave discs in (a)
to more spheroidal shapes in (b) and (c). In addition, the collective aggregation in (c) is
suggestive of rouleaux formation. (Image size: width x height= 1392 x 1040 pixels, 1
pixel = 6.45µm). Field of view of microscope objective was 8.98 x 6.71 mm.
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4.4

Conclusions

We have used the temporal statistics of the OCT signal, specifically the characteristic
decay times of its M-mode-derived autocorrelation functions, to study the viscosity of
three different types of static liquid phantoms and bodily fluids (water, plasma and whole
blood). The modulation of viscosity by the addition of glucose was investigated,
motivated by our interest to determine the potential utility of speckle-variance OCT
imaging for non-invasive glucose monitoring in diabetic patients. The determined
viscosity values of water, plasma, and whole blood were in good agreement with the
literature (where available), and showed the expected increasing trend with increasing
glucose content. While translational diffusion dynamics were sufficient to analyze OCT
data from samples containing symmetrical PMS, both translational and rotational
relaxations had to be considered for whole blood analysis. The quantification of whole
blood measurements in the presence of added glucose was challenging and required
further refinement, owing to the complex nature of the blood milieu (such as viscosity
changes, irregular RBC shape and its alterations, exposure to air complications and
possible RBC aggregations). The microscopic results were obtained to further examine
the deformation and aggregation behavior of red blood cells. While encouraging, these
initial results also underscore the considerable difficulties in quantifying the whole blood
measurements, and suggest several avenues of pursuit for future work.

4.5

Extension of the work

Another area to explore is the effect of blood flow (forced convection). Even in
capillaries, with its slow velocity rates of ~ mm / sec, shorter decorrelation rates are
expected that would have to be reliably measured). We will also investigate quantitative
ways of incorporating the derived rotational decorrelation times τR’s into the diffusion
analysis. Therefore in next chapter (5) flow phantom measurements have been discussed
to quantify glucose levels on the basis of diffusion coefficients. Building on such
systematic studies, one can eventually envision a scenario where a blood vessel has been
identified by SV- OCT to further examine in M-mode, with ACF analysis.
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Chapter 5

Glucose quantification in flowing blood
The increase of glucose in blood changes diffusion coefficients of glucose in flowing
fluids and shape of the erythrocytes. Both of these can affect resulting Brownian motion
as can be quantified via decorrelation times measured by OCT. The relative contributions
of these competing effects have been studied by examining the motion dynamics of
deformable asymmetrical (red blood cells , RBCs with ~ 7 m diameter and ~ 2 m
thickness) and non deformable symmetrical (polystyrene microspheres, PMS with ~ 1.4
m diameter) flowing scattering particles. The fluid flow under the action of gravity was
modulated by changing the glucose concentrations. Quantitative analysis of the OCT‟s
M-mode autocorrelation functions enabled the derivations of the translational diffusion
coefficients. These systematic studies are aimed at eventual tissue imaging scenarios with
speckle-variance OCT that can also yield local glucose concentration maps.

5.1

Flow phantom measurements

This work is an extension of quantification results for static fluid phantoms (chapter 4 )
where glucose was monitored via its effect on medium viscosity modulation[33]. The
Brownian motion plays a vital role in flowing fluids to explain the diffusion theory [9193]. Here, we extend the previous study by examining flowing fluids (water, blood
plasma and whole blood) and comparing the results with the previous stagnant-fluid[33]
findings. The diffusion coefficients were derived from the OCT M-mode measurements
of relaxation times of scattering particles PMS in water and in blood plasma, and RBCs
in whole blood. The obtained relaxation/decorrelation times were modulated by the
changes in speed of flow that were caused by glucose addition. These results are enabling
steps towards further elucidating the source of glucose-induced contrast in various OCT
imaging modes (M-mode, SV-OCT), in our continuing effort to generate parametric
„OCT glucose concentration‟ tissue images. As we have demonstrated an initial SV-OCT
imaging of polymer capillary tube mimic to blood vessels in which blood was flown
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under the action of gravity[94]. The experiments were performed at Princess Margaret
Hospital/Ontario Cancer Institute and Department of Medical Biophysics, University of
Toronto, Toronto, Ontario, Canada.
This method has potential application for in vivo monitoring of blood glucose with Mmode imaging while mapping the blood vessels using SV-OCT to differentiate the
normal and abnormal blood vessels. The decorelation times of „solid‟ and „liquid‟
components of biological tissues determined from M-mod OCT technique provides a
quantitative base for microvasculature imaging[51].
Thus, we have investigated three types of phantoms (water, blood plasma and whole
blood) flowing under the action of gravity trough a micro capillary polymer tube. This
study includes the measurements of translational diffusion coefficient DT for spherical
and disc shaped particles with different glucose concentrations under the effect of
dynamics light scattering.

5.1.1 Samples
1) Three types of scattering samples with varying glucose concentrations were used in
this investigation: The first set was water phantoms with 1.4 µm diameter polystyrene
microspheres (PMS) and four different concentrations of glucose (0, 100, 200, and 300
mM). The PMS concentration was increased from 0.69% (weight/volume) for glucosefree suspension to 0.74% for the 0.3 M phantom, in order to keep the scattering
coefficient s constant in the presence of the glucose-caused refractive index matching
effect [65]. Assuming the refractive index of water ~1.33, s was calculated from Mie
theory at 1310 nm to be 100 cm-1[79].
2) The second sample was blood plasma with PMS suspensions. A fixed concentration
0.0073% of 1.4 µm microspheres was added to plasma along with varying glucose
amounts (0, 100, 200, and 300 mM). To obtain the plasma, the drawn whole blood from
Levis rat was centrifuged at 3000 rpm for 15 minutes and the plasma supernatant
removed. Its refractive index was assumed to be ~ 1.34, extrapolated from previouslyreported n ~ 1.35 at 630 nm for human [80] blood plasma. The concentration of PMS was
not changed, so that the phantom scattering coefficient was reduced (from 100 cm-1 for
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prior to glucose addition to 72 cm-1 for 300 mM added glucose) with increasing glucose
refractive index matching effect.
3) Finally, whole blood containing asymmetric RBCs scatterers was admixed with
additional glucose of 0, 20, 40, 60 and 80 mM levels. The reason for choosing this
maximum glucose level was that because for higher levels of glucoses significant
aggregation (rouleaux formation) occurs [95]. In addition to viscosity modulation and
refractive index matching, likely some deformation of the viscoelastic RBCs also results
from changing glucose levels.

5.1.2 Measurements and signal processing
The phantom fluids were allowed to flow under the action of gravity through a 600 μm
inner diameter polymer capillary tube with different flow rates and velocities due to
change in glucose concentrations (Table 1). Fig. 5.1 shows the snapshot of experimental
setup for blood flow measurements under SS-OCT scanning head. The figures comprises
on a reservoir at a specific height h , second reservoir at lower height, OCT sample arm
and a balance used to measure the weight of fluid in lower reservoir for evaluation of
flow rate, Q. Fig. 5.2 shows the photograph of light microscope (Olympus) used to
measure the diameter of the capillary tube mimic to blood vessel. A 40X objective lens
was used for magnification.
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Whole blood
(lower reservoir)

Scanning head

Whole blood
(higher reservoir)

Capillary tube

Fig. 5.1: Experimental setup snapshot consisting on higher reservoir, lower reservoir,
balance and SS-OCT sample arm for a typical sample set (3).
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Capillary tube

Fig. 5.2: Light microscope used to measure the diameter of capillary tube in transmission
light mode with 40X objective lens. The diameter came out to be 600 μm.
The tube was kept fixed in a plastic frame (Fig. 5.3) beneath the OCT beam and M-mode
measurements were performed. The polymer tube was embedded in Agarose gel to keep
it straight. The flow rate, Q was determined from mass flow versus time data as shown in
Fig. 5.4, for a typical water phantom set (1) with 0mM glucose. The average flow
velocity v was calculated from the measure mass flow rate, density and tube crosssectional area by;

 sec   g1  Area 1mm 
 ml 

vQ g

2
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.

(5.1)

where Q is flow rate and ρ is the density of the fluid. The density of each sample was
determined by measuring the mass of the sample for a specific volume. Fig.5.5 shows the
experimental setup for measurement of mass for a typical blood sample set (3). The speed
of the fluid can also be determined with conventional OCT system independent of the


Doppler angle[96]. Shear rate  is important parameters in flow dynamics, and
specifically in haemodynamics [97] as it is correlated with the shape deformation
behavior of red blood cells[97]. Shear rate of each sample set for different glucose


concentrations was calculated by  

8v
[98], where v is the velocity of the fluid and d is
d

the diameter of the capillary tube.

Plastic frame
Capillary tube carrying
water phantom

Agarose gel

Fig. 5.3: A transparent plastic frame used to fix the polymer tube embedded in Agarose
gel.
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Fig. 5.4: Flow rate evaluation: The slope gives the mass flow rate for a typical sample of
water phantom with 0mM glucose in it which is 6.0 mg/sec.
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Fig. 5.5: A photograph of the balance used for measurement of mass of the 3 samples to
determine the density. Here a typical blood sample is shown for illustration.
A typical SV-OCT image of the polymer tube containing flowing whole blood prior to
glucose addition is shown in Fig. 5.6 (6400 x 1520 x 512 pixels). The detail about SVOCT is discussed in section 5.2. Although SV-OCT is largely velocity-independent at
relatively low flow speeds[99], it does show a speed gradient [97] in the tube under these
flow conditions, with higher speed at the center (possibly displaying a commonly
observed parabolic velocity profile)[97].
The M-mode analyses were performed at a depth of 40 m below the liquid surface
(lower interface of the upper wall of the tube); this was selected to be sufficiently deep so
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that surface distortions or artifacts are assumed to be negligible but not so deep that the
signal is distorted by multiple scattering [53]. The scanning protocol was same as
described previously in chapter 4 [33]. The averaged intensity OCT signal at our selected
depth 40 m as a function of time is plotted in Fig. 5.7 for consecutive 64 A-scans. The
figure depicts raw OCT data for glucose free plasma phantom set (2) up to 2.0 sec
consisting of data train of 560 points ~ 3.9 ms apart. The temperature was 21oC for all
phantoms sets. It can be clearly seen from figure that for increasing concentration
(Glucose free, 100mM, 200mM and 300mM) causes the decrease in scattered intensity.
For example at 80mM glucose levels the intensity has been significantly lowered. The
potential behind the fact as mentioned in the beginning of the chapter 4 and in Fig. (4.7
and 4.9) consists of decrease in refractive index mismatch between fluid and scattering
particles due to increase of glucose levels [61].
The recorded signal was processed to yield power spectrum, P   and autocorrelation
function (ACF) as a Fourier pair via Weiner-Khinchin theorem (discussed in chapter 4
with the equation 4.1 and 4.2). The ACF were extracted with similar procedure discussed
previously in chapter 4, section 4.2.3.
Fig. 5.8 shows the ACF for four different glucose concentration in blood plasma phantom
set (2) representing the longer relaxation decay for increasing glucose as expected in
Brownian motion. The data train of ~ 1400 points was scanned for 5.4 sec, while upto ~
2.0 sec, was shown for clarity in Fig 5.7. From Fig 5.8 the plotted data (140 point for 0.05
sec) is sufficient for ACF decay analysis. The decay time interval Δτ is in milliseconds
range, so careful observation is necessary. It can be observed the expansion of ACF with
respect to increase in glucose concentrations (starting from glucose free medium towards
300mM levels). At higher concentration the scattering particles decay with longer time
comparatively to lower concentrations because of decrease in refractive index mismatch
between fluid and scatterers. Fig. 5.9 shows the ACFs for typical concentrations of three
sample sets. Fig. 5.9(a) represents the ACF for water phantom obtained when 300mM
glucose admixed in it, Fig. 5.9 (b) show ACF for plasma phantom at 300mM glucose
concentration and Fig. 5.9 (c) depicts ACF for whole blood sample having 80mM glucose
mixed in it. ACFs for water and plasma samples are simple to process with single
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exponential fit while ACF for whole blood seems to be complex in shape and surely need
a double exponential fit(detail about exponential fit is given below).

Fig. 5.6: Speckle variance OCT image of blood mimic capillary tube (600µm) carrying
whole blood (with 80mM glucose concentration) flowing through it depicts that velocity
of fluid is higher in the center of tube. Dimensions: (6400 x 1520 x 512, pixels) and (6
mm x 6mm x 3.2mm). Scale bar: 750µm
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Fig. 5.7: OCT M-mode intensity signals at a depth of 40 μm for four different glucose
concentrations in the blood plasma + microspheres phantom set (2) at 21°C. The
amplitude of the signal has significantly decreased as ongoing higher glucose levels.
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Fig. 5.8: Signal autocorrelation functions (ACF) obtained from the OCT M-mode data of
Fig. (5.7) for plasma + polystyrene microspheres, phantom set (2).
98

autocorrelation function
1.2

1

Correlation Coefficient

0.8

0.6

0.4

0.2

0

-0.2
-3

-2

-1

(a)

0
Time(Sec)

1

2

3

autocorrelation function
1.2

1

Correlation Coefficient

0.8

0.6

0.4

0.2

0

-0.2
-3

(b)

-2

-1

0
Time(Sec)

99

1

2

3

autocorrelation function
1
0.8

Correlation Coefficient

0.6
0.4
0.2
0
-0.2
-0.4
-0.6
-3

-2

-1

0
Time(Sec)

1

2

3

(c)
Fig. 5.9: Autocorrelation functions (ACFs) for three phantoms set (a) Water phantom, (b)
Plasma phantom, and (c) Whole blood. The ACFs were measured for 5.4 seconds with 64
consecutive A-scans by acquisition of a 1400 frames data train.
The particles undergoing Brownian motion can be analyzed with two distinct signal
decorrelation mechanisms: translation and rotation. The fluids having spherical particles
can exhibit the translation decay mechanism while fluids with asymmetrical particles can
have both. So we will examine first the phantom set (1) and (2) being simpler than (3).
For sample set (1) and (2) a single exponential fit function f1  A* exp   t   was
T 

applied to each ACF for extraction of the translational decorrelation time τT. The monoexponential decay with correlation coefficient r2 (for goodness of fit) was ~0.98 for
samples in sets (1) and (2) yielding τT to derive the translational diffusion coefficient DT.
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For spherical scatterers of radius R, a similar type of equation can be applied for DT as
was discussed in chapter 4[33],

T 

1
.
2k 2 DT

(5.2)

where k = 4n/ is wave number, n is the refractive index, and  is wavelength.
Figure 5.10 shows a typical mono-exponential fit to the blood plasma for glucose free
sample. DT for phantom set (2 and 3) was evaluated with Eq. (5.2) for different glucose
concentrations.
Whole

blood

samples

(3)

were

analyzed

with

double

exponential

fit



function f1  B* exp   t /   C* exp   t  , where τ/T and τR are the translational and
R 


T 

rotational decorrelation times of erythrocytes[33]. We confirmed by comparing r2 values
of single and double fit. The obtained r2~ 0.99 for double exponential fit was
significantly larger than r2 ~ 0.85 for single exponential fit. This strongly recommends
that both τ/T and τR are indeed occurring in sample (3). It is difficult to relate both τ/T and
τR because of complex biconcave disc shape of RBCs, no exact analytical expression
exists.
The corresponding rotational relaxation analysis could have been similarly pursued for
another estimate of τR. But we have analyzed the translational motion only by examining
the B/C ratio (relative importance versus rotational relaxation). This ratio was ~1.4
suggesting that importance of translational relaxation over rotational. D′T for blood was
evaluated with same equation (5.2) for different glucose concentrations.

5.2

Speckle variance OCT: blood vessel images

A common approach for vascular flow imaging is based on the Doppler effect, widely
used in ultrasound and readily adopted for OCT [100-101]. One of the challenges in
Doppler imaging is the uncertainty associated with the angle between the flowing blood
and the interrogating beam, as its value directly influences the measured frequency
(phase) shift[51]. A novel interframe OCT fluid contrast algorithm termed speckle
variance SV-OCT does not rely on the Doppler shift for blood vasculature detection and
is thus angle independent; instead, comparison is made of consecutive structural (B101

mode) images. The idea is that the image speckle / texture of relatively solid regions will
persist between consecutive images, whereas speckle will show greater inter-image
speckle washout in regions of greater fluidity[51].
The SV algorithm has been applied on flow phantom sample sets (1, 2 and 3) and in vivo
case scenario. A SV-OCT image of blood flowing in capillary tube has been shown in
Fig. 5.6. The measurements have validated for intravital micro in vivo vascular imaging
with support of white light microscopy of window chamber model as discussed in next
section.
Blood plasma (without glucose)
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Fig. 5.10: A typical mono-exponential fit to ACF data to determine decay time (r2 =
0.99). The AFC is from the glucose free blood plasma sample (set (2)), yielding DT =
1.59 x 10-12 m2.sec-1 from Eq.(5.2).
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5.2.1 The dorsal skinfold mouse window chamber model
Dorsal skinfold mouse windows chamber (DS-MWCM) has been widely used in
microscopy for the investigation of striated skin muscle of mouse (specially nude due to
recessive thymic aplasia) in immunoincompetent [102] and for quantitative analysis of
the microhemodynamic parameters such as microvessel diameter, RBC‟s velocity in
arterioles and the autochthonous microvasculature[103]. Another use of DS-MWCM is
to image normal micro blood vessels, tumor angiogenesis in multi-photon confocal
microscopy (MPCM) [102] and SV-OCT [99]. The crucial parameter for SV-OCT is the
minimization of tissue motion artifacts; therefore, the windows chamber model provides
a stationary platform (free from bulk motion) and is shown in Fig. 5.11(a) implanted on a
nude mouse. Fig. 5.11 (b) gives white light microscopy image of DS-MWCM to ensure
blood vessel can be detected for SV-OCT data acquisition.
The limitations of multi-photon confocal microscopy (MPCM) include; (1) the imaging
time, it takes approximately one hour to image 5mm x 5mm, (2) leaking out of
fluorescent dyes making it difficult for longitudinal imaging and (3) impractical axial
scanning (limited penetration depth). While SV-OCT measures the same area in ~5
minutes, no dye requires and penetration depth is more than 2 mm.
Titanium hardware components (Research Instruments Inc. Durham, NC) with top view
and side view in assembled form of the WCM are shown in Fig. 5.12 (a and b)
respectively. An athymic nude female mouse (NCRNU-M, Taconic) was first
anesthetized with a ketamine–xylazine (90-10 mg/kg) mixture and then surgery was
made to remove a 10 mm diameter region of skin from the dorsal area of the animal. The
remaining flap of skin was then placed between the titanium plates. A 12 mm diameter
and 250 μm thick coverslip was used to protect the exposed fascia and vasculature of the
remaining tissue. The WMC integrity could be maintained for one month after surgery.
All procedures were carried out with institutional approval at the Princess Margaret
Hospital, Toronto, Canada.
After recovering from surgery the animal was fixed in removable light weight aluminum
plate, shown in Fig. 5.13. The metal plate was integrated with heated imaging platform to
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keep it at 37°C. Now imaging stuff is ready for M-mode and 3-D blood vessels scanning
and is slide underneath the sample arm as shown in Fig 5.14.
While performing structural OCT imaging using WCM, we can observe many layers (Fig
5.15). Actually, blood vessels can be accompanied in two layers; (1) in fascia, directly
under the coverglass there is a layer of ~ 7 μm diameter capillaries and (2) a group of
blood vessels~ 200 μm lies beneath the muscle layer in the subcutaneous fat.
The SV algorithm has been applied on flow phantom sample sets (1, 2 and 3) and in vivo
case scenario. An SV-OCT image of blood flowing in capillary tube has been shown in
Fig. 5.16. The measurements have validated for intravital micro vascular imaging with
support of white light microscopy of window chamber model as discussed below. In our
case we have imaged blood vessels with typical imaging speeds of 20 frames per second
and a complete decorrelation has been observed between frames.
Gate length „N’ for SV-OCT when using WCM for in vivo case scenario was kept equal
to 8. A 5 x 5 mm2 region was imaged at 1600 positions and for each position the gate
length was N=8 images with 800 A-scans per frame so that a total time of ~10 minutes
was consumed for whole scanning. In SV-OCT images very small vessels are clearly
detectable. Fig. 5.16 shows a (6400 x 1520 x 512, pixels) and (6 mm x 6mm x 2.2mm)
SV-OCT image of blood vessel detected in depth of ~mm range. This information-rich
vascular map process requires many steps (1) each image in the stack is first encoded
with a RGB color depending on its depth in the stack. (2) the transparency or alpha
channel for each pixel in the stack is set to its speckle variance intensity. The RGB and
alpha channels are then combined into a stack of RGBα PNG images. These PNG images
are then layered one upon another from the bottom up using Amira™ software
(Visualization Toolkit, version 5.4.1). The purpose of this svOCT imaging was to
produce a base for visualization of the viscosity based changes in blood vessels due to
different levels of glucose. The SV-OCT is dependent on the decorrelation times between
solid and liquid tissues that have been measured with the M-Mode swept source, SSOCT[94] measurements.
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(a)

(b)
Fig. 5.11: (a) The dorsal skin-fold window chamber model implanted in a female NcrNu
nude mouse, and (b) white light microscopy image of Window chamber model that
delineates the blood vessels for SV-OCT mapping. Scale bar: 2mm
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(a)

(b)
Fig. 5.12: Photograph of (a) top view of window chamber titanium hardware and (b) two
plates in an assembled configuration. The central circular aperture is 8mm in diameter.
106

Fig. 5.13: Photograph of the heated OCT imaging platform, which is held at 37°C. The
cord interfaces to the heating element controller as shown on the left of the figure.

Scanning Galvos

Collimator

Scan Lens
Heated imaging
platform

Fig. 5.14: Photograph of anesthetized mouse on the heated imaging platform underneath
the OCT imaging scan head.
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Fig. 5.15: OCT two dimensional (640 x 512 pixels) or (5mm x 3 mm) in vivo mouse skin
image. The line at the top of the image is from cover glass reflection.
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ROI

Fig. 5.16: SV-OCT micro vascular image of a normal mouse in DS-MWCM, a low bulk tissue
motion situation with gate length N = 8. The vertical line in the figure is due to instrumental error.
The ROI is repented with magnification and depth encoded color bar used to specify the depth of
vessel. Scale bar: 250µm

5.2.2 M-mode measurements
For M-mode measurements, we have chosen the blood vessel of larger diameter ~150 µm
at depth of ~50µm from top surface of the tissue and can be seen in Fig. 5.16. Total three
regions of interest (ROIs) were chosen for each animal which resulted diffusion
coefficient with a little difference. These were averaged for each animal because each
ROI resulted a little bit different decorrelation time due to difference on flowing speed.
The incident OCT beam was exactly incident on the blood vessel exposed in the ROI.
The M-mode scanning of in vivo mouse was performed with the same protocol as
described previously for both stagnant and flowing blood [33, 94, 104] by successfully
exploring their diffusion coefficient of naturally present glucose in blood of mouse via
decorrelation time. The mouse was fixed in WCM as described earlier. A total of 15
animals were used in this experiment. The obtained M-mode OCT data was processed to
calculate the autocorrelation function (ACF) from power spectrum, P(ω) by means of
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Fourier transformation using Weiner-Khinchin theorem described earlier [33] with the
Eq. (4.2).
Since asymmetric particle RBCs are present in whole blood moving in blood vessels so
the

ACFs

were

analyzed

with

double

exponential

fit

function

f1  B* exp(  t  T/ )  C* exp(  t  R/ ) . Similar to blood phantoms[94] double exponential
fit r2 values were compared with that of single fit. The obtained r2~ 0.98 of double
exponential fit was significantly better than r2 ~ 0.83 of single exponential
fit f 2  A* exp(  t  T ) . This strongly recommends that both τ/T and τR are indeed
occurring in dynamic light scattering for in vivo case. We have processed the data for
translational diffusion coefficient rather rotational due to complex biconcave oblate like
flattened shape of erythrocytes.
We examine the B/C ratio (relative importance of translational relaxation versus
rotational relaxation) to see which type of motion is more occurring. We find the ratio
~3.85 that strongly recommends that translational relaxation is dominant over rotational
motion. Fig. 5.17 shows a typical double exponential fit to the ACF of a typical animal
without injection of glucose. Translational diffusion coefficients were determined with
same Eq. (4.3 and 5.2) for all animals.

5.3

Results and discussions

Table 5.1 summarizes the quantitative results including density, flow rate, velocity of
three phantom sets and shear rates with different glucose additions in flowing phantom
set (1, 2, and 3). Table 5.2 contains the quantitative parameters including derived
translational decorrelation times for (1), (2), and (3), diffusion coefficients for (1) , (2),
and (3) and the fitting correlation coefficients r2. Table 5.3 compares these flowing-fluid
findings with our previous results for non-flowing phantoms. Table 5.4 summarizes the in
vivo results including translational decorrelation time, translational diffusion coefficient
and r2 values for all 15 animals.
Considering the water + PSM phantom set (1) first, our determined DT = 2.14 x 10-12
m2/sec for the 0 mM glucose sample can be compared with a reported literature value
with a value 4.0 x 10-13 m2/sec [105], even though that experiment was performed at
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significantly lower flow speeds and thus lower shear rates (280/s for our result versus
21/s in[105]). Faster flow will likely result in faster decorrelation and thus greater
diffusion coefficient, as indeed we observed. That, and the possible effects due to
difference in microsphere size and concentration (1.4 µm, 0.71% versus 1.1 µm, 0.11%)
are the reasons for the ~5X difference in the measured diffusion coefficient values for the
water + PMS glucose-free medium. Further, the water + PMS suspensions of phantom set
(1) exhibit a trend of decreasing DT with increasing glucose concentration. The increase
in viscosity and the decrease in the flow speed/shear rate of flow thus cause a decrease in
DT values, and its magnitude seems commensurate with the significant levels of added
glucose. The results are graphically represented in Fig. 5.18(a). A similar trend of
glucose-caused decrease in DT is observed in plasma + PMS phantom set (2), and these
results are also plotted in Fig. 5.18(a). Note that the corresponding flow speeds are lower
in plasma than in water phantoms (1), likely owing to greater viscosity of the plasma
compared to water. For example, water phantom without glucose flows with 21 mm/s
than plasma phantom which has speed of 11 mm/s and corresponding diffusion
coefficients are 2.14 x 10-12 m2/sec and 1.59 x 10-12 m2/sec. These values are ~6X greater
than our previous stagnant-fluids findings[33].
Figure 5.18(b) plots the analogous translational diffusion coefficient results for the whole
blood phantom set (3). Again, the addition of glucose increases medium viscosity and
lowers the flow speed/shear rate, resulting in decreasing D′T value. Note that both the
flow speeds and the derived diffusion coefficients are considerably lower than those of
phantom sets (1) and (2). This is presumably due to greater viscosity of the whole blood,
with likely contributions due to RBC deformation and possible rouleaux formation
effects. However, it‟s reassuring to note that the value of D′T for whole blood (without
added glucose) agrees well with the literature, where a translational diffusion coefficient
of ~ 6.5×10−14 m2/sec is reported[93].
For shear rate





~20 s-1, cell rotates like disk retaining its biconcave disk [97] or oblate


like flattened shape. The RBCs start to deform at  > 20 s-1 and get completely deformed




at  >1000 s-1. For  < 20 s-1 the rouleaux formation of RBCs forms a rod like structure.
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This rouleaux or aggregation of RBCs is broken as we increase the flow rate turning the
flow into turbulent. The shear rate was calculated at mean velocities but in tube the
velocity has parabolic profile from one end to other end and can be seen in Fig.5.6. The
decrease in flow velocity is caused by increase in viscosity of flowing fluids. But there is
a common difference between phantom set (1,2) and (3) that viscosity of the blood
depends on shear rate but water and plasma does not [106].
We now turn our attention to Table 5.3, where the above flow-phantoms results are
compared with the findings of the static-phantom study[33]. One would expect flow to
speed up the decorrelation process, and this is indeed borne out for PMS-containing
phantoms (1) and (2). The corresponding diffusion coefficients are ~3-6X greater in the
presence of flow. A surprisingly unexpected result is seen for whole blood phantom set
(3), however. Here, the presence of flow results in an apparent slowing of the
decorrelation process, yielding slower diffusion coefficients compared to the static case
(DT ratios less than unity, in the 0.2-0.5 range). Hence, the speeds or shear rates of the
flowing phantoms modulated via glucose concentrations have significantly shown the
variation in DT more possibly due to forced convection. Therefore, OCT has potential to
quantify the glucose levels in flowing blood on the basis of dynamic light scattering
underlying Brownian motion[107].
Our in vivo study gives an average value of translation diffusion coefficient of DT ~ 7.30
x 10-14 m2/sec for 15 animals. This value ~ 12% different from theoretical value of
diffusion coefficient (7.30 x10-14 m2/sec vs. 6.50 x 10-14m2/sec [93]). The difference
might be due the difference in speed of flow of blood in two experiments. Secondly, the
technique used in [93] to determined DT was diffuse wave spectroscopy (DWS) applied
ex vivo on porcine kidney model at controlled arterial pressure and flow.
Actually, blood vessels can be accompanied in two layers; (1) in fascia (~7 μm diameter
capillaries), (2) a group of blood vessels ~ 200 μm (dense underlying interconnecting
capillary network[102]) lies beneath the muscle layer in the subcutaneous fat[5]. The SV
imaging (Fig. 5.16) for glucose free mouse provides a more clearer 3D image of blood
microvessells making it more easy to select the ROI for M-mode measurements. This
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yields basic threshold measurement to visualize blood vessels as well as quantify glucose
in case of injected higher glucose concentrations.
The significance of our work is based on intact physiological conditions of the skin under
observation clearly shows the blood vessels measured in three dimensions. That means
the tissue should be properly scrutinized

(heralded microscopically by hyperemia,

distortion of venular segments, trauma associated with chamber implantation and edema
formation [102]). In our experiment these conditions were thoroughly checked and
animals were excluded in case of failure in any condition but the experimentation was
done with anesthetized animal. Our microhemodymnamic measurements for SV-OCT
assessed with DS-MWCM is similar to observations made by Adrian et al. [51]. Thus
DS-MWCM can be applied to investigate

the characteristics

morphological and

functional changes of the microcirculation as induced by glucose injection into animal
vein as well as change in capillary density [108].
A significant application of our methods would be in the patients of hyperglycemia,
where, fibrinogen depletion can reduce the blood viscosity after intravenous
administration of ancrod. In other words the oxygen carrying capability of blood is
enhanced by lowering blood viscosity after fibrinogen depletion. The increased viscosity
of blood or plasma indicates the occurrence of atherothrombotic vascular disease. We
have reported the reference value of glucose diffusion by measuring diffusion coefficient
of healthy animals that can be implemented clinically and lab experiments as a non
invasive method. The OCT‟s capability for monitoring glucose in blood vessels of
diameters in micron ranges has a worth of non invasive light scattering methods e.g. SVOCT and Doppler OCT as we imaged animal‟s blood vessels without injection of
glucose. It provides the route to enhance the application for further glucose
concentrations quantifications in the presence of RBCs.
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Fig. 5.17 A typical double exponential fit to animal number one with r2 value of 1.0 and
diffusion coefficient (1.37 x 10-13m2/sec) calculated with equation 5.23.
Table 5.1. Summary of the flow phantom OCT experimental results and analysis for the
three phantom sets, demonstrating the density, flow rate and velocity.
Sample glucose
Density
Flow rate
Avg. speed
Shear rate
concentration
(g/ml)
(mg/sec)
(mm/sec)
(s-1)
(mM)
phantom set (1) [water]
0
1.009
6.0
21.0
280.1
100
1.012
5.6
19.5
260.7
200
1.023
5.3
18.3
244.1
300
1.025
5.1
17.2
229.8
phantom set (2) [blood plasma]
0
1.025
3.2
11.0
147.1
100
1.028
2.7
9.3
123.7
200
1.030
2.4
8.2
109.8
300
1.035
1.9
6.6
87.4
phantom set (3)[whole blood]
0
1.060
4.8
1.6
21.3
20
1.069
4.3
1.4
18.9
40
1.077
3.9
1.3
17.1
60
1.086
3.3
1.1
14.3
80
1.099
2.0
0.6
8.6
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Table 5.2. Summary of the OCT experimental results and analysis for the three phantom
sets, demonstrating the quantification of glucose-induced diffusion coefficient changes.
Sample glucose

Translational

Translational

concentration (mM)

decorrelation time

diffusion coefficient

(msec)

(m2/sec)

r2-value

phantom set (1)[water] - single exponential fit
0

1.44 ± 0.002

2.14 x 10-12

0.99

100

2.30 ± 0.003

1.33 x 10-12

0.99

200

2.95 ± 0.005

1.03 x 10-12

0.99

300

3.37 ± 0.007

9.12 x 10-13

0.99

phantom set (2)[Plasma] - single exponential fit
0

1.90 ± 0.006

1.59 x 10-12

0.99

100

2.74 ± 0.006

1.10 x 10-12

0.97

200

3.34 ± 0.001

8.99 x 10-13

0.96

300

5.80 ± 0.006

5.16 x 10-13

0.86

phantom set (3)[Blood] - double exponential fit
0

34.01 ± 0.69

8.65 x 10-14

0.99

20

46.30 ± 0.40

6.39 x 10-14

0.99

40

58.12 ± 0.55

5.06 x 10-14

0.99

60

68.43 ±0.57

4.31 x 10-14

0.99

-14

0.99

80

129.02 ± 0.94
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2.27 x 10

Table 5.3: Comparison of flow phantom results with previous results of static fluids[33].
Sample glucose

Translational diffusion

Translational diffusion

Flowing

concentration

coefficient-static fluids

coefficient-flowing fluids

/static

(mM)

(m2/sec)

(m2/sec)

ratio

phantom set (1)[water] - single exponential fit
0

3.51 x 10-13

2.14 x 10-12

6.11

100

3.31 x 10-13

1.33 x 10-12

4.02

200

2.99 x 10-13

1.03 x 10-12

3.45

300

2.71 x 10-13

9.12 x 10-13

3.34

phantom set (2)[plasma] - single exponential fit
2.64 x 10-13@ 0mM

1.59 x 10-12 @0mM

glucose

glucose

2.46 x 10-13@80mM

1.10 x 10-12 @100mM

glucose

glucose

1.92 x 10-13@160mM

8.99 x 10-13 @200mM

glucose

glucose

1.13 x 10-13@320mM

5.16 x 10-13 @300mM

glucose

glucose

6.02

4.47

4.68

4.56

phantom set (3)[blood] - double exponential fit
0

3.59 x 10-13

8.65 x 10-14

0.24

20

3.09 x 10-13

6.39 x 10-14

0.21

40

2.45 x 10-13

5.06 x 10-14

0.21

60

1.12 x 10-13

4.31 x 10-14

0.39

80

4.65 x 10-14

2.27 x 10-14

0.49
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Table 5.4: Summary of Brownian motion analysis results in dynamic light scattering
regime including translational decorrelation time, translational diffusion coefficient and
r2 values for all 15 animals. The results show capability of our method to be equally
implementable for in vivo studies to quantify the glucose levels in blood.
Animals

r2-value

Translational

Translational diffusion

decorrelation time

coefficient

(msec)

(m2/sec)

Animal 1

21.40 ± 1.82

1.37 x 10-13

1.00

Animal 2

48.20± 1.53

8.50 x 10-14

0.99

Animal 3

43.00± 2.51

6.80 x 10-14

1.00

Animal 4

44.00± 1.99

6.68 x 10-14

1.00

Animal 5

49.30± 2.68

8.83 x 10-14

0.99

Animal 6

38.20± 1.62

1.02 x 10-14

0.93

Animal 7

44.00± 1.75

6.68 x 10-14

0.95

Animal 8

48.80± 2.69

6.03 x 10-14

0.98

Animal 9

46.70± 2.49

6.30 x 10-14

0.99

Animal 10

52.20± 1.40

9.20 x 10-14

0.96

Animal 11

42.90± 2.55

6.85 x 10-14

0.99

Animal 12

41.67±2.57

7.06 x 10-14

0.99

Animal 13

21.74± 1.94

1.35 x 10-13

0.94

Animal 14

36.60± 2.03

2.40 x 10-14

0.98

Animal 15

45.50± 2.83

6.46 x 10-14

0.99

7.30 x 10-14

0.98

Average
41.61± 1.92
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Figure 5.18: (a) Translational diffusion coefficient of water and plasma suspensions
(with PMS scatterers) analyzed via Eq. (5.2). Symbols are the results of experimental
measurements (with errors bars = standard deviations) and lines are the linear fits. Both
phantom sets have the glucose-free suspension on the top right point, with the bottoms
left point representing the maximum added glucose (~300 mM) (b) Translational
diffusion coefficient of whole blood (with RBC scatterers) phantom sets, analyzed via
Eq. (5.2). Similarly, top right symbol = 0 mM added glucose, bottom left symbol =
maximum added amount ( 80 mM).
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5.4

Summary

In summary, we have studied the influence of forced convection (flow) on the OCT
scattering decorrelation behavior of whole blood and of different blood phantoms, and
quantified the results in terms of the translational diffusion coefficients. Specifically, the
influence of added glucose levels was investigated, in the context of our larger effort to
test the feasibility of OCT for non-invasive glucometry. We concentrated on temporal
statistics of the OCT speckle and its modulation by glucose, thus performing M-mode
measurements and analysis in vessel-like flow phantoms. Analogously to our previous
findings in static fluids, the whole blood behavior is considerably more complex than that
of non-deformable microsphere suspensions, owing to RBC‟s asymmetric shapes,
deformability, and collective (rouleux) motion. For example, going from static to flowing
conditions made the decorrelation process faster in rigid microsphere suspensions (as
expected), yet the opposite was found the case of whole blood (i.e., the OCT signal
decorrelated slower in flowing whole blood compared to static whole blood). Our SVOCT map of polymer capillary tube show that the scattering particles when flowing
migrate towards the center of the tube. Hence, the M-Mode and SV-OCT being a
noninvasive method have a potential in diabetes to measure the sugar levels in flowing
blood without piercing the skin.
In diabetes, the increased levels of glucose in blood can produce increased capillary
pressure that results into production of abnormal microcirculation[109], loss of red cell
elasticity and loss of vessel compliance[110]. Our in vivo measurements explore the
facts/process behind these conditions. For in vivo study the red blood cells can have the
same dynamics as used in the in vitro case of flowing through the capillary tube to
reinforce the concept that RBCs are only asymmetrical particle that change mechanical
properties of blood. Thus, the translational diffusion coefficients have been determined
by measuring the dynamics light scattering from RBCs under the effect of Brownian
motion. A base line in this perspective has been presented to image the deformation in
microvasculature for further higher glucose levels.
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5.5

Future extension

The in vivo findings can be further enhanced by injecting higher glucose concentrations
into the mouse vein and using SV-OCT or Doppler OCT to image the blood vessels for
discrimination of microvasculature bed basis of viscosity modulation. The glucose can be
detected in interior of the body with the help of an OCT catheter or probe[41]. Some
suitable catheter has been discussed in the next chapter for in vivo application.
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Chapter 6
Optical coherence tomography probes
The objective of this study was to overview technology, clinical evidence, and future
applications of OCT probes for diagnostic purpose. We have reviewed the designing,
construction and working of probes used in OCT for diagnostics of different disease. The
probes have been implemented for 2D/ 3D highly resolved cross-sectional imaging of
tissues comparable with histopathology. These probes are valuable in specific clinical
scenarios and research based activities to development of new contact free modalities.
The OCT probes have been utilized in surgical anatomy of anterior chamber biometry,
corneal mapping and rupture of vulnerable plaque. Hence, useful information has been
proved to setup a driving force in biomedical research and diagnostics of glucose levels
in bloods by measuring the modulation of blood vessels diameters with the help of SVOCT and or Doppler OCT[41] .

6.1

OCT probes

An OCT probe is used to deliver and collect the optical signal into the biological tissue
especially whenever the internal structure of the body is to be imaged. The signal is
protected from surrounding medium of the probe by using different sheaths. We discuss
two types of probes that are easier to implement in vasculature imaging and other
applications.

6.1.5 Multichannel OCT (MOCT) probe
A simultaneous multifocus cross-sectional scanning probe designed by Victor X. D. et al.
[111] can be used in distribution of power more efficiently in different imaging depths.
This probe uses a single lens with several fibers managed in stepped linear array to
produce multiple foci as shown in Fig.6.1. Four cleaved SM fibers are positioned in a
125-mm stepped pattern by use of individual micro positioning stages. This multifocus
array tip allows a higher NA for each fiber, which improves the lateral resolution and
increases the signal intensity. This prototype array tip due to its small width can be
fabricated to pass through a large therapeutic endoscope for gastrointestinal imaging as
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well as micro blood vessels images. If the fiber tip is angle polished then it can reduce
backreflection. The disadvantage includes increased system complexity[41].

Fig. 6.1: MOCT (a) formation of multiple foci, (b) the image of the array, (c) the image
of the complete array with scanning electron microscopy(SEM). This figure is included
with kind permission of OSA[111].
A six channel imaging system is used to demonstrate the MOCT [112]. The idea of this
cascaded multichannel optical array was extended from micromachined multi-focus
fiber-based optical array tip[111]. The distance between two consecutive fiber cores in
12-channle imaging arm is 250 µm. The arm is attached to the shaft of a galvanometer
motor with a multifiber push-on (MPO) connector to achieve 158 kHz A-scan rate. The
images obtained by each fiber are fused to construct a whole image structure from the
same depth with each channel focused to a depth. The probe is protected by outer sheath
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and is shown in Fig. 6.2 in which achromatic doublets were used to avoid from chromatic
and spherical aberrations. It has been used for in vivo structural imaging of colon and ex
vivo imaging of esophagus, blood vasculature with resolution <10µm. A mirror is used to
direct the beam at the distal end[41].

Fig. 6.2: Six channel MOCT probe (adapted from [41, 113] ).

6.1.2 Forward view imaging probe
A forward-imaging rapid scanning OCT probe that consists of tubular PZT actuator, 8.5
mm long SM fiber cantilever and GRIN lens has been fabricated in a stainless
hypodermic tube. The PZT is connected with two opposite polarities sine wave electrodes
to advance in the direction of PZT tube. This displacement becomes optimized when
applied and natural mechanical frequencies of the PZT resonate. The length of the
actuator used is 7.2 mm while the diameter is 1.5 mm and becomes 2.4 mm when
hypodermic tube diameter is also included. The GRIN lens at the tip of the fiber is used
to image the light onto tissue target [41, 114-115].
A novel electrostatically driven cantilever within a catheter to create a compact, wideangle, rapid-scanning forward-viewing probe has been developed by Nigel R. Munce et
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al. [116] in which the cladding of SM fiber is etched to 50µm diameter to increase the
flexibility. The schematic of the probe is shown in Fig. 6.3. A platinum alloy coil of 250
µm diameter and a triple lumen catheter of 400µm are used to place the fiber and protect
the whole assembly. The charges for several milliseconds are stored inside a polymer and
after that are transferred on the surface. The electrodes of the cantilever made by the two
peripheral lumens are connected with high tension and grounds wrapped by a fine solder
wire. First, the cantilever being neutral is attracted by high tension electrode and gets
charged. Then cantilever is discharged through catheter and became neutral and is
repelled by the ground electrode. The discharge is measured as a pulse and is delivered to
the external circuit serving as a trigger signal for image acquisition. Now the charging
and discharging of the cantilever is repeated in the form of oscillatory motion. Its distal
end has two types of configurations 1) fusionaly spliced with 1mm focal length lens and
2) a GRIN lens placed at the tip of etched fiber to focus light beam[41]. This probe has
been implemented in Doppler OCT

for color flow imaging of narrowed artery

morphologies [117].

Fig. 6.3: Electrostatic cantilever probe with a ball-lensed fiber. This figure is included
with kind permission of OSA [41, 116].
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6.2

Conclusions

For the anatomic and physiological information of the body with non invasive imaging
OCT probe methodologies including design and construction according to the
application, have been reviewed. The probes are not only important for detection and
diagnose the disease but also to monitoring and delivery of the treatment as well as a
good collaboration between engineers and scientists. To measure the subsurface blood
vessels for in vivo study, the speckle variance OCT is the most suitable using forward
view scanning probe and multichannel OCT optical fibers having the potential
application in quantification of molecular diffusion in blood. Other clinical application of
these probes can include blood vessel proliferation in laser treatment planning and
characterization of blood vasculatures underlying the gastrointestinal ulcers. Therefore,
the probes are able to discriminate between neoplastic and normal tissues promising the
diagnostic high accuracy[41].
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Chapter No 7

Summary
The optical properties of rat liver, rat skin and chicken liver (both normal and coagulated)
in ex vivo were determined. This investigation was based on diffusely reflected light
distribution in femtosecond short pulse regime.
1) The light distribution under femtosecond laser illumination and its correlation with the
collected diffuse scattering at the surface of ex-vivo rat tissues was analyzed. There was
no significant difference observed in diffusely back scattered intensity up to 60 seconds
when visible and near infra red wavelengths were used. The reduced scattering
coefficients were determined for scattering particles (hepatocyte, nucleus, mitochondria
and peroxisomes) present inside liver and (starum granulosum, starum Spinosum and
stratum basale) present inside skin (epidermis layer) with Mie theory. The absorption
coefficients were measured using photon diffusion equation. These methods were
considered reliable giving satisfactory results. The optical properties have been observed
to have small difference from published data in case of skin. The existing potential for
this behavior would be due to the reason that tissues of various pathologies have different
absorption and scattering properties.
2) We have obtained optical parameters by ex-vivo study for chicken liver tissue and their
dependence on thermal coagulation and wavelength of the incident femtosecond short
pulsed (Ti: sapphire) laser. The effect of coagulation on the optical properties of the liver
were analyzed in the wavelength range of 720-840nm. The absorption and scattering
coefficients along with the penetration depths for chicken liver were determined using the
Kubelka Munk model. There were significant differences observed in optical parameters
of normal and coagulated chicken liver tissues at six different wavelengths of laser
radiation. Furthermore, thermally coagulated behavior of liver tissue at 95 oC measured
with diffuse reflectance shows a significant differences in penetration depth in both types
of tissues resulting in a higher optical penetration depth in the normal tissue. The optical
properties have been observed to be increased due to the coagulation but decreasing
significantly in the wavelength range from 720nm-840nm. Also large differences in
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optical parameters indicate that there were large differences in compositions and
structures between both normal and abnormal livers. This information of optical
properties for coagulated liver has a potential application in tumor diagnosis in liver. The
obtained results were used as input parameters in Monte Carlo simulation code. The
simulated results are found in good agreement with the experimental results thus,
validating the experiment.
This work provides useful quantitative information for the diagnosis of the early
neoplastic and diabetes, and treatment of cancers like PDT etc. The method can be
extended for in vivo measurements of human superficial organs e.g. breast cancer, skin
tumors, bladder, colon and animal tissues such as rat mucous and brain etc. by defining
the better mathematical formulation for model expressing the ODR data. On the basis of
these results, the diffuse reflectance provides valuable information and has proved to be a
real time, non-destructive and quantitative mean for improving biopsy. The results are
significantly used to see the change in refractive index after addition of glucose in liquid
phantoms and blood by measuring the scattering coefficients.
3) We have used the temporal statistics of the OCT signal, specifically the characteristic
decay times of its M-mode-derived autocorrelation functions, to study the viscosity of
three different types of static liquid phantoms and bodily fluids (water, plasma and whole
blood). The modulation of viscosity by the addition of glucose was investigated,
motivated by our interest to determine the potential utility of speckle-variance OCT
imaging for non-invasive glucose monitoring in diabetic patients. The determined
viscosity values of water, plasma, and whole blood were in good agreement with the
literature (where available), and showed the expected increasing trend with increasing Dglucose content. While translational diffusion dynamics were sufficient to analyze OCT
data from samples containing symmetrical polystyrene microspheres, but both
translational and rotational relaxations had to be considered for whole blood analysis.
The quantification of whole blood measurements in the presence of added glucose was
challenging and required further refinement, owing to the complex nature of the blood
milieu (such as viscosity changes, irregular RBC shape and its alterations, exposure to air
complications and possible RBC aggregations). The microscopic results were obtained to
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further examine the deformation and aggregation behavior of red blood cells. While
encouraging, these initial results also underscore the considerable difficulties in
quantifying the whole blood measurements, and suggest several avenues of pursuit for
future work. Another area to explore was the effect of blood flow (forced convection).
Even in capillaries, with its slow velocity rates of ~ mm / sec, decorrelation rates were
reliably measured and used to calculate diffusion coefficient for in vivo case as well. The
equation for viscosity calculations no longer holds in the presence of flow, so a new
theoretical formalism would be needed. Building on such systematic studies, we
eventually envisioned a scenario where a blood vessel was identified by speckle variance
OCT to further examine directly linked to glucose content.
Fourthly, we have overviewed the catheters compatible with OCT so that our application
of glucose quantification can be envisioned in the interior part of the body by speckle
variance OCT with the help of a probe. The quantum leap of the OCT requires the
potential technique for which the OCT probes are designed and constructed according to
the application. The rotational catheters can image circumferentially up to 360o via a
rotating shaft and the use of GRIN lens. For subsurface blood flow imaging in in vivo
study the SV-OCT is suggested to be most suitable using imaging needle, forward view
scanning probe and multichannel OCT optical fibers. The probes discussed able to clarify
the architectural tissue morphology. Though explosion of innovations in the photonics
field has provided OCT as promising area in biomedical diagnostics but there are
problems that currently limit the performance of OCT systems. That can be solved by
using different kind of interferometers, broad band sources but there is need for more
effort to put the OCT on the stronger foundation.
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