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Over the last few decades, optical techniques have received considerable attention in the
field of biomedical imaging due to their ability of providing spatial resolutions down to a
few micrometers and dispensing with the need of ionizing radiation [1]. Since biological
medium is turbid in nature, multiple scattering blurs the image unless the tissue thickness
is of the order of scattering mean free path. For optical imaging of objects embedded in a
turbid medium, basically two schemes have been used. One scheme is to filter out the
multiply scattered light and the other referred to as inverse approach is to map the multiply
scattered light at various positions around the object. From the measured transmitted
intensities for different source and detector configurations, one can in principle generate a
spatial map of the absorption and scattering coefficients leading to imaging of the turbid
object. While this approach has the advantage that it can provide larger imaging depth (~
few cm) the resolution is poor (limited to a few mm). In contrast the approaches which
1

filter out the multiply scattered light can provide higher resolution but with reduced depth
of imaging. To filter out the multiple scattered photons, one can exploit the loss of
coherence or depolarization of the scattered light or the fact that the scattered light
emerges from the tissue in all directions and also takes longer time to emerge as compared
to the unscattered (ballistic) or predominantly forward scattered (snake like) components
[2]. The latter essentially travel in forward direction and so arrive earlier. Coherence
gating filters out the ballistic photons having the highest image information and hence can
provide images with the best resolution (down to a few µm). However, since the number
of ballistic photons decreases exponentially on propagation through a turbid medium,
coherence gating can only be used for imaging of transparent objects (like ocular
structure) or subsurface tissue imaging. Optical coherence tomography (OCT), the
approach that exploits coherence gating, has emerged as a rapid, non-contact and noninvasive optical imaging method which provides depth resolved cross-sectional images
with micrometer scale resolution, which is at least an order of magnitude better than the
current frontline biomedical imaging techniques like ultrasound, magnetic resonance
imaging, etc. Since its development in early nineties, OCT has found widespread
applications in ophthalmology, gastroenterology, dermatology, cardiovascular imaging,
etc. [3].
In this thesis we describe the development of various OCT setups (time domain,
Fourier domain, polarization sensitive and phase sensitive setups) and their utilization for
high resolution (~10-20 µm) biomedical imaging applications such as imaging of different
organs of Zebrafish, classifications of cancerous and normal breast tissue sites, noninvasive imaging of wound healing, imaging of tumor spheroids, etc.
The thesis is organized as follows:
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In Chapter 1 of the thesis we provide an overview of the optical imaging methods
and highlight the advantages offered by these over the current frontline biomedical
imaging modalities like ultrasound, magnetic resonance imaging, etc. We also discuss the
basic theory of OCT and review the state of art of the OCT technology.
In Chapter 2 we discuss in detail the slow speed time domain OCT (TDOCT)
setup developed by us that used a motorized translation stage based optical delay line for
depth scanning. The major advantage of this setup was the large scan range suitable for
imaging over long path lengths as required for imaging of all the structures of eye. The
axial resolution of the setup was ~10 µm limited by the bandwidth of the superluminescent
diode and the 10x microscope objective used to focus the light beam on the sample surface
limited the lateral resolution to ~ 20 µm. Use of the shorter focal length objective lens
would improve lateral resolution but at the cost of imaging depth. To address this problem
we investigated the use of tapered fiber tips (which have been shown to generate Bessel
like beams with large depth of focus) for enhancing lateral resolution of OCT setup
without significantly compromising the depth of imaging. The results on the use of tapered
fiber tip for visualization of intracellular structures of Elodea densa plant leaf (which could
not be resolved without the use of tapered fiber) are also described. Next we describe the
developments carried out to obtain polarization sensitive measurements in the TDOCT
setup. This was done because polarization sensitive measurements help monitor, in
addition to the structural features of the tissue, the ordering of birefringent constituents
(collagen, tendon, etc) of the tissue [4]. The advantage of using a single detector for the
measurement of both the orthogonal polarizations and the details of the development of
these setups are also presented in this Chapter.
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The use of a linear translation stage based optical delay line in the slow speed
TDOCT setup developed by us results in long image acquisition times. It takes about a
minute to acquire an image. Faster image acquisition is needed for the use of OCT to
perform in-vivo imaging. The development of a rapid scanning Fourier domain optical
delay line and its incorporation in the reference arm, which allowed acquisition of images
at 8 frames per second, is detailed in Chapter 3. A significant drawback of the TDOCT
setup is that while all the depths of the sample are illuminated, data is collected
sequentially only from one depth at a time and the back-scattered light coming from other
axial locations contributes to noise. This drawback is avoided in a more sophisticated
Fourier domain OCT (FDOCT) approach where the interferometric signal is optically
dispersed on a linear detector array and Fourier transform of the interference spectrum is
used to retrieve the axial (depth) information from all depths simultaneously. The Fourier
domain approach not only improves signal to noise ratio but also eliminates the need for
scanning in the reference arm and facilitates enhanced image acquisition speeds [5]. A
FDOCT setup was therefore also developed by us. Details of the set up and its
characterization are also presented in this Chapter.
In Chapter 4 we describe the results of our studies on the use of TDOCT setup for
non-invasive, high resolution imaging of the Zebrafish eye structures. Interest in this work
stems from the fact that Zebrafish, a vertebrate model organism, is widely used to
understand ocular development and a variety of diseases like retinal detachment and
blindness [6]. It is known that the spherical lens of Zebra fish has a gradient refractive
index profile for correcting the large spherical aberrations to be expected from a spherical
lens. There exists considerable interest in determining the refractive index profile of
crystalline lenses. Several techniques are employed for this purpose such as the Abbe
refractometer and laser ray tracing methods. These require either sectioning or resection of
4

the lens. Magnetic resonance imaging (MRI) can be used for noninvasive measurement of
the refractive index profile of the fisheye lens. However, it is not suitable for measuring
the refractive index in the core region of the lens due to the absence of free water [6]. We
have used OCT to not only image the various ocular structures of the eye such as cornea,
iris, eye lens and retina with resolution of ~10 µm but also successfully demonstrated use
of OCT for non-invasive measurement of the refractive index profile of the eye lens. For
the latter we exploited the fact that since OCT provides direct measurement of the optical
path length the gradient refractive index profile can be retrieved by iterative fitting of
optical path calculated by ray tracing method with that experimentally measured using
OCT at various lateral locations of the sample. The details of the measurements of ocular
parameters of Zebrafish eye such as corneal and retinal thicknesses, integrated refractive
index and refractive index profile of the lens were described in this Chapter. The chapter
also discusses 3D optical imaging of brain with resolution significantly better than
obtained by other techniques like MRI and computed tomography. Another advantage
offered by OCT is that, the faster image acquisition using OCT helps avoid artifacts
arising because of the motion of the sample during imaging time. The three dimensional
images of Zebrafish brain reconstructed using two dimensional OCT images clearly show
the major structures of the brain such as bulbus olfactorius, telencephalon, tectum
opticum, cerebellum, frontal bone and eminentia granularis. These results are also
presented in this Chapter.
The resolution of conventional OCT systems utilizing superluminiscent diodes (~
10-15 µm) is not sufficient to discriminate cytological differences between the normal and
the abnormal tissues. However, it is pertinent to emphasize that, most early cancers arise
in epithelial tissue and are associated with alterations in both epithelial cells and stroma
[7]. Since collagen fibers, the main scatterers in the stroma underlying the epithelium, are
5

birefringent it is expected that neoplastic changes would lead to changes in the
polarization parameters which can be monitored by polarization sensitive OCT
measurements. Further, there also exist significant structural differences between the
normal and the abnormal tissues of different organs. For example while the normal breast
tissue is composed of large lipid filled cells and hence has low attenuation the abnormal
tissues exhibit dense scattering effects. These differences can also be monitored by OCT.
Indeed there is a considerable interest to use OCT as intra-operative image-guidance to
identify the tumor margins during surgical treatment. We have therefore investigated the
use of the OCT and PSOCT setups for cancer diagnosis. While based on the intensity
image, we could discriminate abnormal breast tissue sites from normal sites, the intensity
images could not discriminate between malignant and the benign tumor tissue sites.
However, since the collagen matrix is disordered in malignant breast tumor tissue while it
is much more ordered in the fibroadenoma. The retardance images obtained from PSOCT
for benign tumor could easily discriminate benign from malignant tumor. Details of these
studies are presented in Chapter 5. Another approach used by us to discriminate normal
and abnormal breast tissue sites was based on well known fact that breast tumor tissues are
much stiffer than normal tissue. Indeed this forms the basis for use of the manual palpation
as a diagnostic method for detection of breast tumor. We carried out OCT based
elastographic measurements to measure the Young’s modulus of normal, cancerous and
benign breast tumor sites. The measured stiffness coefficients of benign and malignant
tissue samples were found to be about two and four times higher than normal tissue
samples respectively. The details of the experimental arrangements to recording the spatial
displacements on application of axial loading and the results obtained are presented in this
Chapter.
Multi-cellular tumor spheroids, model system for solid tumors, closely mimic their
6

structural, metabolic, functional, and growth patterns [8]. They are being widely used for
testing of drugs being explored for treatment of solid tumors. For studying the response of
tumor spheroids to drugs, the most widely used method is to measure their size and
volume by microscopy. Noninvasive techniques that could periodically monitor the size
and the shape of spheroids accurately are required. We have therefore explored the use of
OCT to monitor the growth dynamics of tumor spheroid. The study showed that in
comparisons with microscopy (which provide only 2D information) the volume estimates
provided by OCT were in much better agreement with the total cell count of tumor
spheroids measured using hemocytometer. Details of these measurements are also
discussed in chapter 5.
Since PSOCT can monitor changes in the ordering of collagen matrix it can be
used for non-invasive monitoring of the healing of wounds. In clinical practice, wound
size, colour, odour, and drainage are used for gross evaluation of wound healing. These
methods, however, do not provide structural information below the wound surface and can
be very subjective. Histology is the standard method for obtaining the structural details of
the wound tissues however biopsy is disruptive, may contaminate the wound, and also
introduces a new wound, thereby prohibiting repeated assessment of the healing process in
the same wound. To facilitate a timely decision for correct therapy, it is important to
accurately monitor the morphological changes in the infected wounds using non-invasive
tools. In Chapter 6 we describe the use of OCT setups developed by us for monitoring
wound healings in mice models and compare these results with the corresponding
histological measurements.
Since OCT can provide direct measurement of the optical path length (OPL) by having
prior knowledge of geometrical thickness of the medium, refractive index of the medium
can be measured. However, the resolution of the OPL measured by a standard OCT setup
7

is limited to the coherence length of the source (a few micrometers). Therefore the
accuracy of refractive index measurement by this approach for an imaging depth of a few
mm is limited to ~ 10-3. To further improve the accuracy of refractive index measurements
the resolution with which OPL is measured needs to be improved. This can be done if
phase information is retrieved in addition to the measurement of the amplitude of the
interference fringes. In Chapter 7 we describe the development of a phase contrast
common path FDOCT to carry out phase sensitive OCT measurements for retrieval of
nanometer scale OPL changes were beyond the restriction imposed by the coherence
length of the source [9]. These precise OPL measurements, retrieved from the unwrapped
phase data, were employed to demonstrate the refractive index sensing of biomimetic
material (glucose solution in water having intralipid as the scattering medium) and single
biological cells (keratinocyte).
In Chapter 8 we summarize the thesis with a brief discussion on the possible future
research work.
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1 CHAPTER 1: INTRODUCTION

Abstract: In this chapter we provide an overview of the optical imaging methods and
highlight the advantages offered by these over the current frontline biomedical imaging
modalities like ultrasound, magnetic resonance imaging, etc. We also discuss the basic
theory of OCT and review the present state of the art of the OCT technology.

1.1 Biomedical optical imaging: an overview
The current frontline non-invasive biomedical imaging techniques, like X-ray imaging,
Computed Tomography (CT-scan), Magnetic Resonance Imaging (MRI), Ultrasound and
radioisotope imaging have limited spatial resolution (> a few hundred µm) [1]. In contrast,
optical imaging techniques, that use visible and near infrared region of electromagnetic
radiation, can provide micrometer scale image resolution. Further, unlike radiological
techniques (X-ray imaging, CT-scan, radioisotope imaging, etc.) which use ionizing
radiation, optical techniques are inherently safe. Since different constituents of tissues
have distinct absorption or scattering properties at NIR wavelengths, optical techniques
can also provide functional information [2]. Because of these advantages, optical
techniques have received considerable attention in the field of biomedical imaging in the
last few decades [3, 4, 5]. The major difficulty with optical imaging techniques is that,
propagation of light through tissues is severely affected by multiple scattering which leads
to image blurring [2, 4]. For this reason, thin sections of the imaging samples (thickness <
mean free path for scattering) are used in microscopy. For optical imaging of thick
samples, two schemes have been used. One scheme is to filter out the multiply scattered
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(diffuse) light and the other referred to as inverse approach, utilizes the multiply scattered
light measured at various positions around the object. From the measured transmitted
intensities for different source and detector positions, one can in principle generate a
spatial map of the absorption and scattering coefficients leading to imaging of the turbid
object. This approach has the advantage that it can provide larger imaging depth (~ few
cm) but the achievable resolution is poor (limited to ~ a few mm). In contrast, the
approaches which filter out the multiply scattered light and use unscattered light can
provide higher resolution but with reduced depth of imaging. To filter out multiply
scattered photons, one can exploit the loss of coherence or depolarization of the scattered
light or the fact that the scattered light emerges from the tissue in all directions and also
takes longer time to emerge as compared to the unscattered (ballistic) or predominantly
forward scattered (snake like) components. The different optical techniques used for
biomedical imaging are briefly discussed in the following paragraphs:
Spatial filtering: This is one of the simplest schemes that exploit the fact that scattering of
light photons often leads to a change in its direction. It is therefore possible to filter out a
major fraction of the scattered light by spatial filtering technique [5]. For this, a lens is
employed to produce the Fourier spectrum of the spatial distribution of light on the exit
surface of a trans-illuminated object. By removing the high order frequencies using a
spatial filter (an aperture), an image can be produced using only the light emitted at angles
close to the normal to the exit surface of the object [2]. However, the spatial filtering
technique is severely hindered by the detection of photons which are scattered back along
the original direction of propagation. It is for this reason the spatial filtering techniques are
used in combination with other gating techniques (time, polarization, coherence gating,
etc.) in most of the systems used for imaging through scattering medium.
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Time gating: This scheme exploits the fact that the multiply scattered light travels longer
path in the scattering medium and thus takes longer time to emerge as compared to the
unscattered components, which essentially travel in the forward direction and thus arrive
earlier. Therefore, time gating offers a means to discriminate the ballistic or snake photons
against the multiply scattered diffuse light. The ultrafast time gate (~ ps) required to
isolate weakly scattered photons from the majority of light transmitted through thick
turbid media are realized using fast detectors (streak cameras, etc.) or by the use of certain
nonlinear optical phenomena to implement the fast optical shutter [4]. In the later
approach, only that part of the signal which is temporally and spatially coincident with the
reference pulse is detected because the reference pulse opens an intensity dependent
nonlinear shutter. Therefore a time gate with the same duration as the optical pulse can be
achieved [2, 4].
Polarization gating: This method exploits the fact that the multiply scattered light gets
depolarized as against the ballistic components, which maintain their initial state of
polarization. This method efficiently selects unscattered or weakly scattered photons by
selecting the component of light which is co-polarized with the incident light. It has been
shown that the surface image information is almost completely carried by the co-polarized
image whereas the photons which penetrate deeper into the tissue experience more
scattering events, thus tend to have a cross-polarization component also. Demos and
Alfano [6] have demonstrated the improvement of image contrast in surface or slightly
beneath the surface imaging by use of a linearly polarized incident light and subtracting
the image acquired with cross-polarized light from the one obtained with co-polarized
light. Similarly for imaging the structures underneath the skin orthogonal polarization
component can be used. The orthogonal polarisation imaging has been used to image the
veins and micro-vessels in the live samples [7].
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Coherence gating: The coherence properties of radiation provide a powerful means to
discriminate against multiply scattered light by exploiting the fact that while unscattered
photons retain coherence or phase information, these properties are destroyed by multiple
scattering. Coherence gating requires temporal and spatial overlap of the light reflected
from the turbid medium and a reference beam to produce interference for filtering out the
ballistic photons from the scattered photons. Since number of ballistic photons decay
exponentially, these techniques utilize heterodyne detection to detect weak ballistic signals
and achieve shot-noise limited detection. The most widely employed coherence gated
technique is Optical Coherence Tomography (OCT), which uses low coherence
interferometry for coherence gating and heterodyne detection [8,9]. Because of its high
sensitivity in excess of a 100 dB and a few micrometer axial resolution, coherence gated
imaging has found widespread applications in ophthalmology, gastroenterology,
dermatology, and cardiovascular imaging, etc. Motivated by the promises of this
technique, several studies have been carried out in the recent past and continue in present
for addressing the potential applications of this technique in biomedical imaging and its
technological issues such as improvement in resolutions, sensitivity, image acquisition rate
and contrast of imaging. In the following sections we provide an overview of the state-ofthe-art of OCT technology.

1.2 Basic Theory of Optical Coherence Tomography
OCT has emerged as a rapid, non-contact and non-invasive optical imaging method which
provides depth resolved cross-sectional images with micrometer scale resolution [10].
OCT is analogous to the ultrasound imaging except that it measures echoes and time
delays of light instead of sound. Since the speed of light (~ 3 × 108 m/s) is significantly
higher than the speed of sound, direct time of flight imaging is not possible with the
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present electronic devices [11]. OCT relies on low coherence interferometry for indirect
measurement of depth ranging of echoes. These measurements of depth ranging with light
were originally used in the field of optical coherence-domain reflectometry, a 1-D distance
mapping technique that was developed to localize reflections from faults in fiber-optic
networks. Sooner its potential of depth resolved imaging of layered medium was
recognised and applied to biological applications. The existing hardware with the
telecommunications industry has allowed rapid development of OCT technology which
helped to evolve it from a research technology to a practical biomedical imaging
technology.

1.2.1 OCT signal
OCT systems utilize low coherence interferometry for depth resolution. The most widely
used configuration involves a fiber optic Michelson interferometer and a super
luminescent diode (SLD) as the low coherence source. A schematic of a Michelson
interferometer is shown in Figure 1.1. The light from SLD is split into the sample and
reference arms of the interferometer and the back reflections from the reference and
sample arms recombine and generate interference fringes at the detector. Assuming that

E0 = E0 e j ( wt − kz ) is the electric field of source light and ER and ES are the amplitudes of the
electric field from reference and sample arm respectively, the intensity at the detector at
any instant can be described as:

I D ∝ E R + ES
2

2

2

I D ∝ ER + ES + 2 ER ES Re[ ϒ (τ )]cos(

(1.1)

2π

λ0

2z)

(1.2)
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where 2z is the round trip optical path difference between reference and sample arms, λ0 is
the wavelength of the source and ϒ(τ ) is the complex degree of coherence of the electric
fields.

(a)

(c) Low-Coherence light

Intensity (a.u.)

(b) Coherent light

lc =

Optical path delay

4 ln 2 λ02
π ∆λ

Optical path delay

Figure 1.1: (a) Schematic of a low coherence interferometry setup. (b) Interference pattern
observed for a high coherent light source. Interference is observed for longer distance due to long
coherence length. (c) Interference pattern observed for a low coherent source. Interference is
observed for short distance due to smaller coherence length.

The complex degree of coherence ϒ(τ ) can be defined as the normalized autocorrelation
function of the electric field emitted by the light source [12]:
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ϒ(τ ) =

E * (t ) E (t + τ )
E * (t ) E (t )

(1.3)

The time delay τ between the light reaching the detector from sample and reference arms
is related to the optical path difference between both the arms of the interferometer. The
degree of coherence defines the temporal delay (or path delay) up to which the two light
beams can interfere. The position of the reflecting interface in the sample arm can be
determined with a resolution that depends on the width of the complex coherence function

γ (τ) which is inversely proportional to the power spectral density according to the
Wiener–Khintchine theorem [12]. From this, it can be concluded that the broader the
bandwidth of the light source used, narrower is the complex degree of coherence and
hence better is the resolution of the OCT system (see Figure 1.1 b & c). The coherence
length ( lc = cτ c ) of the source, a physical quantity, can be defined as the FWHM of the
modulus of the complex temporal coherence function i.e. ϒ(τ c ) = ϒ(0) / 2 . For the
normalized Gaussian power spectral density it can be defined as:

lc =

4 ln 2 λ02
π ∆λ

(1.4)

where λ0 is the center wavelength of the source and ∆λ is 3 dB spectral bandwidth of the
light source. Figure 1.1 b and c show the interference patterns observed for a coherent and
low coherence source respectively. For the coherent source which has long coherence
length, the interference is observed for longer distance whereas for low coherence source
the interference pattern is observed for a shorter distance. To achieve better axial
resolution, spectrally broader sources are used in OCT system. In case of biological
samples which have multiple layers, the back-scattered light comes from all the depths.
However, the interference occurs only when the path lengths in reference and sample arms
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match within the coherence length of the source. The reflectivity profile along the depth of
the sample is acquired by varying the optical delay of reference arm mirror. The measured
intensity at the detector for a varying optical path delay in reference arm is
2

2

I D ( t ) ∝ ER + ES + 2 ER ES Re[ ϒ (τ )]cos(

2π

λ0

2 z (t ))
(1.5)

Here the first and second terms of the right hand side of the equation 1.5 are the incoherent
reflections of reference and sample fields respectively while the third term corresponds to
the interference of the light between sample and reference fields. Optical path scanning
with uniform velocity v in the reference arm therefore allows probing the sample at
different depths and generates amplitude modulated interference signal with a carrier
frequency determined by the speed of the reference path scanning. The intensity at the
photodiode for time varying optical path length ( z = vt ) can be described as:
2

2

I D ( t ) ∝ ER + ES + 2 ER ES Re[ ϒ(τ )]cos(

2π

λ0

2vt )
(1.6)

This carrier frequency, f c = 2v / λ0 , also known as Doppler frequency arises due to the
Doppler shift in the optical frequency by moving the reference arm mirror. The strength of
the oscillating signal corresponds to the ballistic component of the reflected light. The
magnitude of the back-scattered or sample reflectivity can be obtained by demodulating
the amplitude modulated interference signal [8, 11]. The depth resolved reflectivity of the
sample can be obtained by varying the optical path length in reference arm. This is
referred to as A-scan following the ultrasound imaging terminology. Two dimensional
cross-sectional images are generated by acquiring a number of sequential A-scans for
numerous adjacent positions of the sample along a transversal direction. These two
dimensional cross-sectional images are named as B-scan images [11]. For visualization,
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the detected interference amplitude data is digitized and displayed as a two-dimensional
gray-scale or false color image on the computer screen. Since our eye has limited ability to
differentiate the gray levels, these images are often displayed in false color map to
enhance the variation of reflectivity in the displayed images. In case of gray scale, the
white color represents the highest reflectivity while the black color represents the lowest
reflectivity. Similarly for false color images, the color map is chosen following the
rainbow pattern where highest intensity value is represented by white or red color while
the lowest intensity is represented by black or blue color. These two or three dimensional
images with a few micrometer resolutions reveal the fine details of sub-surface tissue
architecture and help in diagnosis of various diseases. The transparency of eye makes it an
ideal candidate for OCT imaging. Owing to this, initially OCT was used for ophthalmic
imaging but in a very short time span, its usage has expanded to image a range of
scattering tissues like skin, teeth, oesophagus, etc. for which the depth of imaging is
limited to a couple of mm only. Further, in combination with minimally invasive delivery
technologies like endoscope, catheters, etc., it is also being used for in-vivo imaging of
internal organs such as human gastrointestinal tract, cardiovascular imaging, urinary and
genital tracts [13].

1.2.2 Important parameters of OCT imaging
1.2.2.1 OCT Resolutions
One of the specific advantages of OCT is that unlike microscopy and other imaging
methods, in this technique the axial and transverse resolutions are decoupled. The depth
resolution of the OCT system, defined as the smallest distance that can be discriminated
between two tissue discontinuities, is half the coherence length of the source as the light
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undergoes double pass in the sample arm. In case of a Gaussian light source, it can be
expressed as:

∆z =

lc
λ2
≈ 0.44 0
2
∆λ

(1.7)

where λ0 is the center wavelength of the source and ∆λ is full width at half maximum
(FWHM) bandwidth of the light source. While the axial resolution is purely decided by the
coherence length, which is inversely proportional to the source bandwidth, the transverse
resolution is determined by the objective lens used to focus the incident beam on the
sample surface. The transverse resolution (∆x) is defined as the waist size of the focused
probe beam, which is the transverse distance up to which intensity has fallen to 1/e2 of the
central peak value. For Gaussian beam profile the transverse resolution or focus spot can
be defined as [11]:

∆x =

4 f λ0
πD

(1.8)

where λ0 is the center wavelength of the light, D is the aperture of the objective lens (or
beam diameter on the objective lens) and f is the focal length of the objective lens. Figure
1.2 shows the transverse resolution for high and low numerical aperture objective lenses. It
also shows the trade-off between transverse resolution (∆x) and depth of field (b). The
high (or low) transverse resolution can be obtained by using a large (or small) numerical
aperture objective lens without affecting axial resolution. This decoupling enables a high
depth resolution even at sites like the retina of the eye not accessible by high numerical
aperture (NA) beams.
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Figure 1.2: Transverse resolution for low and high numerical aperture (NA) focusing lens and the
trade-off between transverse resolution vs. depth of field.

1.2.2.2 Scanning modes
There are different scanning mechanisms that can be used for OCT imaging depending
upon the imaging system and application [11 - 14]. Cross-sectional images may be
acquired using either depth-priority or transverse-priority scanning. In depth-priority
scanning, A-scans are acquired at successive transverse positions. This is known as Ascans based B-scans. As shown in Figure 1.3 (a), in these B-scans the fast scanning is
performed in depth direction while transverse scanning is significantly slower than depth
scanning. Sometimes the transverse priority scanning is also used where the fast scanning
is performed in transverse, either x or y direction, and slow scanning is performed in depth
direction. These images are referred as transverse priority B-scans or T-scan based Bscans (shown in Figure 1.3 (b)). It is also possible to image in enface plane. For that the
transverse image (in xy-plane) is generated by successive scanning in x and y direction for
a given constant depth (shown in Figure 1.3 (c)). This scanning mechanism is similar to
the confocal imaging and known as C-scan or enface mode of imaging. The threedimensional tomogram of the backscattered intensity distribution within the sample can be
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obtained by recording a number of B-scans along the unused third orthogonal axis of the
sample.

(a)
A-scan based
B-Scan

y
x

z

z-x plane

y
(b)
T-scan based
B-Scan

z x

(c)
C-scan or
Enface imaging

x-z plane

y-x plane

y
z

x

Figure 1.3: Different scanning configurations used in OCT. (a) A-scan based B-scan which results
in z -x plane imaging (z-fast & x-slow scan), (b) T-scan based B-scan which results in x-z plan
imaging (x-fast & z-slow scan), (c) C-scan or enface imaging which results in y-x plane imaging
(y-fast & x-slow scan). Red arrows (solid) represent fast scan direction while blue arrows (dash)
represent slow scan direction.

The most widely used scanning mechanism in OCT is depth priority scanning that
provides cross-sectional images, analogous to generally used vertical sections of histology.
However, in this geometry lateral resolution is often compromised to get deeper depth
information. For imaging of samples with lateral resolution compared to that available
with microscopy, enface imaging that supports the use of higher NA objective lenses is
preferred. Enface mode of imaging is also suitable for coupling OCT with other imaging
modalities like confocal, fluorescence microscopy, etc.
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1.2.2.3 Imaging speed
Imaging speed is an important parameter of any imaging system. Depending upon the
configuration of OCT imaging engine, imaging time of OCT system ranges from a few
tens of seconds to a few microseconds. Since an OCT image consists of two dimensional
arrangements of pixels having interference intensity information, the imaging speed is
decided by the speed at which these image pixels are acquired. To generate cross-sectional
images in OCT, a raster scanning is typically performed. For this both fast and slow
scanning arrangements are required (see Figure 1.3). The imaging speed is ultimately
determined by the speed of the fast scanner and the number of fast scans required for an
OCT image. The initial OCT systems used linear translation based scanning systems
which were considerably slow. The use of resonant scanner based delay line which can
scan at ~ 1-4 kHz scan rate could provide video rate images but with limited ~125 fast
scans (A-scans for depth priority imaging) per image. In the recent past, Fourier domain
OCT imaging systems (discussed in the next section) have been developed which can
provide 3D OCT imaging with ~100 kHz scan rate.

1.2.2.4 Sensitivity
Sensitivity, signal to noise ratio (SNR) and sometimes dynamic range are the terms used
in OCT literature to define the system’s capability to detect the smallest back-reflections
originated from the tissue. These back-reflections arising due to small refractive index
variation in tissue are very weak. However, interferometry enables optical heterodyne gain
by multiplying the weak sample electric field with the strong reference arm electric field
which results in an increase in the magnitude of the interference or oscillating term and
thereby improves the sensitivity of the detection. Also the scanning reference arm
generates a Doppler shift in the reference arm optical frequency. The amplitude of the
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back-scattered light is measured by electronic filtering at the Doppler frequency. These
features of OCT enables high sensitivity or SNR of the order of 10-9 -10-10 of incident
power. Because of significant larger exponential term it is generally represented in dB
scale i.e. 90-100 dB.
The SNR of an OCT system can be expressed as [11]:
 ηP 
Sensitivity ( SNR ) = 10 log 

 hυ NEB 

(1.9)

where η is the quantum yield of the detector, P is the detected power from sample, hυ is
photon energy, and NEB is the noise equivalent bandwidth. The main sources of noise in
OCT are thermal noise, shot noise, and excess intensity noise [11, 15]. Figure 1.4 shows
the individual SNR for these noises as a function of reference reflectivity. It can be
concluded from the figure that, while the excess intensity noise dominates for high
reference mirror reflectivity (Rr), thermal noise dominates for low Rr. Between these two
extreme regimes is the optimum Rr, at which the SNR approaches the shot-noise limit as
closely as possible. The shot noise limited regime is optimum operation window for OCT
systems.
A higher SNR for OCT system will lead to a greater imaging depth and better
image quality of OCT images. To achieve better SNR the power from sample (or source
power) should be higher and the NEB should be lower. NEB depends on the imaging
speed of the system and optical bandwidth of the source (∆f= v.∆λ/λ2). High imaging
speed (or high speed reference scanning) and large spectral bandwidth of the source result
in high NEB and thus degrade SNR. Hence there is a trade off between SNR and imaging
speed of the system for a given power and bandwidth of the source. In order to achieve
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high imaging speed for a given source power we need to compromise on sensitivity and/or
axial resolution of the system.

Figure 1.4: SNR as a function of reference-arm reflectivity . Also shown are the signal-to-thermal noise ratio (SNRth), the signal-to-shot-noise ratio (SNRsh), and the signal-to-excess-intensity
noise ratio (SNRex).

1.2.2.5 Imaging depth
The imaging depth of the OCT system is defined as the maximum depth, the backscattered light coming from which can still generate an interference signal with amplitude
above the noise level. This is determined by the scattering and absorption property of the
sample and the SNR of the OCT system. In NIR spectral region (650 nm to 1300 nm),
where tissue absorption is small the imaging depth is determined primarily by scattering.
Therefore, while whole eye can be imaged (due to transparency of ocular structures), the
imaging depth is limited to a couple of mm for the scattering tissue like skin. Use of
source at longer wavelength will lead to larger imaging depth because scattering varies as
1/λn where n varies from 1 to 4 depending upon size of scatterer. Further, increase in
imaging depth is possible with use of optical clearing agents like glycerol and propylene
glycol which reduce scattering due to index matching [16].
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1.3 OCT vis-a-vis other biomedical imaging techniques
In Table 1.1, we provide a comparison of resolution and imaging depth of OCT with the
other imaging techniques like ultrasound, X-ray imaging, MRI, and confocal microscopy.
Microscopy, a “gold standard” due to its very high resolution imaging capability, requires
thin sections (a few micrometers) of tissue to reject the scattering effects. Confocal
microscopy, which utilizes point illumination and spatial pinhole to reject out of focus
light, can provide diffraction limited resolution with imaging depth of ~200 µm. OCT fills
the gap between the confocal microscopy and ultrasound imaging. It can provide higher
resolution than ultrasound and greater depth of imaging than confocal microscopy. Unlike
CT-scan and MRI, OCT system is inexpensive and portable and can provide high
resolution images in real time.
Table 1-1: A comparison of biomedical imaging techniques [1,11].

Imaging

Resolution

Depth

Technique
Microscopy

Contrast

Invasiveness

Remark

Thin sections

Gold

Mechanism
~ λ/2

Only thin

Absorption

sections

Confocal

~λ/2

~200 µm

standard
Scattering

Non-contact

Diffraction
limited

Imaging
OCT Imaging

~2-20 µm

~1-3 mm

Scattering

Non-contact

Portable

Clinical

~100 µm

~ few cms

Scattering

Contact

Portable

~ 0.1-1mm

No

H-ion

Non-contact

Bulky

Absorption

Ionizing

Bulky

Ultrasound
Imaging
Clinical MRI

restriction

(3-40 MHz)
Clinical CT-Scan
(X-ray)

~0.1-1mm

No
restriction

radiation
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1.4 Variants of OCT imaging
Over the last several years, in order to achieve better performance of imaging system,
several configurations of OCT technology such as Fourier domain OCT, full field OCT,
quantum OCT, etc. have been developed [8,9,11]. Among them Fourier domain OCT
(FDOCT) has evolved as the most fruitful technique till now. Since the demonstration of
better SNR capabilities of FDOCT in 2002-2003 by several groups [17 - 20], it has
1819

replaced TDOCT as basic approach of building OCT systems.

1.4.1 Time domain and Fourier domain OCT
In the interference term of equation 1.2, both k (=2π/λ) and path difference z appear inside
the cosine term. Variation of either k or z leads to amplitude modulation of light from
which depth information can be retrieved. In TDOCT configuration, the depth information
is realized by measuring the interference signal as a function of optical delay ∆z (or time).
In TDOCT approach, while all the depths of the sample are illuminated, data is collected
sequentially only from one depth at a time and the back-scattered light coming from other
axial locations, outside the coherence gate, only contribute to the background or noise. In
contrast, FDOCT approach uses a fixed reference arm and the interferometric signal is
spectrally dispersed on a linear detector array. The Fourier transform of the measured
interference spectrum in k-space is used to retrieve the axial (depth) information from all
the depths simultaneously. Thereby, the Fourier domain approach not only improves
signal to noise ratio but also eliminates the need for scanning in the reference arm and
facilitates enhanced image acquisition speeds. Currently two methods exist to perform
FDOCT imaging which requires measurement of interference signal in k-space (i.e.
interference spectrum). This can be implemented by either using a broadband source and a
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spectrometer (spectral domain approach) or by using a swept source (tunable laser) and a
photodiode (swept source or optical frequency domain approach) [8, 14].

1.4.2 Functional OCT
The TDOCT and FDOCT approaches rely on the intrinsic variation of refractive index to
avail the morphological information of the tissue constituents. Apart from imaging
morphological features, OCT can also probe functional or pathological aspects that alter
the amplitude, phase and polarization of the scattered light. This additional information
may be intimately related to functional disturbances, which usually precede morphological
changes and could be useful for early diagnosis of diseases. In this context, different
versions of OCT systems such as polarization sensitive OCT, Doppler OCT, spectroscopic
OCT, second harmonic generation (SHG) OCT, Coherent anti-Stokes Raman spectroscopy
(CARS) OCT, elastography OCT, etc. have been developed to provide functional
information like flow velocity, birefringence, molecular information of the tissue and
stiffness of the tissue sample under study [8, 9]. However, among these OCT technologies,
polarisation sensitive and Doppler OCT are the OCT technologies which moved furthest
while the spectroscopic, SHG-OCT, CARS-OCT, and elastography OCT need further
advancements for research as well as clinical acceptance.

1.4.2.1 Polarization-sensitive OCT
In contrast to conventional OCT, in which only the magnitude of the backscattered light is
imaged, polarisation sensitive OCT (PSOCT) gives access to additional physical
parameters like birefringence. Basically, it is the combination of OCT with polarimetry.
The PSOCT measurement apparatus is similar to that of TDOCT or FDOCT, except that it
allows measurements to be made for two orthogonal polarizations by incorporation of
some polarizing elements like linear polarizer and quarter wave plates and a polarizing
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beam-splitter (PBS). Hee et al. (1992) were the first to develop a polarisation sensitive
low-coherence reflectometer and demonstrate depth resolved birefringence measurements
in different samples like a wave plate, an electro-optic modulator and calf coronary artery
[21]. This technique was later extended by de Boer et al. (1997) for two-dimensional
mapping of the birefringence within a biological sample and used to demonstrate the
birefringence changes in laser induced thermally damaged tissue [22]. Several biological
tissues containing collagen and elastin fibers such as muscle, tendons exhibit
birefringence. Propagation of light through these samples alters the polarization state of
the light. In addition to the structural features of the tissue, polarization sensitive
measurements can also be used for monitoring the ordering of birefringent constituents of
the tissue [23]. It is being used for wide variety of applications in dentistry, ophthalmology
dermatology, etc. [24, 25].

1.4.2.2 Doppler OCT
As we discussed in the previous section, the motion of reference mirror results in Doppler
shift in the frequency of reference light which appears as beat signal when the interference
between reference and sample field occurs at the detector. This Doppler frequency is
linear with the relative motion of the reference and the sample and hence can be used to
determine an object’s velocity. This principle of Doppler shift of light scattered from
moving particles is being exploited by laser Doppler velocimetry for the determination of
flow velocities. Combining these approaches with OCT imaging leads to Doppler OCT
(DOCT) which simultaneously gives access to structural data and velocity profiles of
flowing, scattering media, and most importantly also of flowing media embedded in
scattering structures [8, 26]. Doppler OCT imaging has been demonstrated on tissue
phantoms, embryos, small animal skin-flap models, etc. and also on in-vivo blood flow in
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the skin and in retina [27]. However, at present the maximum probing depth of the OCT
system limits imaging to blood vessels close to the surface of organs.

1.4.2.3 Spectroscopic OCT
Spectroscopic optical coherence tomography (SOCT) is also a functional extension of
OCT which performs depth-resolved spectroscopic measurements in addition to the
morphology of the tissue, making it possible to differentiate tissue pathologies or
functional state by their spectroscopic properties [11]. Spectral information can be
obtained by measuring the full interference signal and using appropriate digital signal
processing. Since there are two mechanisms for the modification of the light spectrum in
tissue: scattering and absorption, therefore, depending on the contrast mechanism, the
applications of SOCT imaging can be classified into two imaging modes: absorption-mode
SOCT and scattering-mode SOCT. Endogenous (melanin, haemoglobin, etc.) or
exogenous (contrast-enhancing dye) materials with characteristic absorption profiles can
be used to provide spectroscopic contrast based on wavelength dependant absorption [28].
Similarly, wavelength-dependant scattering alters the spectral modulations present in
spectroscopic OCT signal which can also be used for enhancement of contrast in OCT
image [28].

1.5 OCT Applications
OCT and its variants are widely used in the field of biomedical imaging and diagnosis.
One of the first applications was for imaging in ophthalmology [29, 30]. Ophthalmology is
still the dominating field for OCT applications. Numerous basic as well as clinical studies,
using both OCT and PSOCT, have been performed in the last decade which have
established OCT as a valuable tool for the diagnosis and monitoring of retinal diseases
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such as glaucoma, macular edema [29], macular hole [31], age related macular
degeneration, etc. [32].
OCT is also being used in dermatology for imaging subcutaneous layers of the skin like
of stratum corneum, epidermis and upper dermis [33].

OCT can identify the skin

appendages (hair, sebaceous glands, sweat glands, nails) and blood vessels and helps in
non-invasive monitoring of cutaneous inflammation and hyperkeratotic conditions [34].
Srinivas et al. [35] employed PSOCT to monitor burn depth in animal model and showed
its potential to monitor thermal injury induced denaturization of the collagen in the skin
which results in reduction of tissue birefringence. Yang et al. [36] used a Doppler OCT
system for real-time monitoring of the micro-structural and micro-vascular tissue changes
induced by laser thermal therapy.
The high scattering property of biological tissues limits the imaging depth to about
a couple of mm only. However, in conjunction with the endoscopic and catheter-based
procedures, the internal organs of the body such as gastro intestinal tract and intracoronary
artery can be approached [13]. High resolution and high speed imaging are the important
features of OCT that helps in detection of early neoplastic changes. The tissue
architectural changes associated with early neoplasia can be observed by high resolution (a
few micrometer) OCT. It can be used as a guiding tool for biopsy to reduce the false
negative rates. Studies have also been performed to explore the use of OCT as a surgical
guidance [37,38]. However, the development of OCT for cancer detection will require
detailed studies to investigate its capability to visualize and identify clinically relevant
pathologies. Advances in OCT technology have made it possible to use OCT in other
specifications like dentistry, gynaecology, urology, etc. [39,40].
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OCT has established itself as an imaging modality of choice for ophthalmic and
dental applications. Numerous research applications of OCT technology in a broad range
of fields as well as continuing development of the technology itself are continually
emerging. OCT systems are also being engineered to be compact, low cost, and suitable
for applications in research and in clinical environment.

46

2 CHAPTER 2: DEVELOPMENT OF TIME DOMAIN
OCT AND PSOCT SETUPS

Abstract: In this chapter we first describe the time domain OCT setup developed by us.
The results of our investigation on the use of tapered fiber tip for enhancing the lateral
resolution of the OCT setup without significantly compromising the depth of imaging is
discussed next. Finally, we describe the development of polarisation sensitive time domain
setup to image the birefringent constituents (collagen, tendon, etc.) of the tissue in addition
to the structural features of the tissue.

2.1 Choice of components
Optical Delay
Line

Light
Source

OCT
Interferometer

Detection
Unit

Signal
Processing &
Image display

Transverse
Scanning
Figure 2.1: Different modules of an OCT imaging system

The important modules of an OCT system are shown in Figure 2.1. These include light
source, interferometer, optical delay line for depth ranging, transverse scanning
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mechanism for lateral imaging, detection unit for the measurement of interference fringes
and hardware and software for data acquisition, signal processing and image display unit.

2.1.1 Light source
The performance of an OCT system is inherently depends on the light source used. The
important criterion for the selection of the light source is that its wavelength should be in
NIR region where tissue absorption is minimum. Further, it should have low temporal
coherence, high power in single transverse mode and high spatial coherence. The first light
sources used in low coherence interferometry were multimode laser diodes operating
below threshold [41]. Later Huang et al. 1991 used superluminescent diode as a broadband
light source for OCT imaging [10]. Till date, SLD is the most popular light source in OCT
systems, as it provides broad bandwidth light with high spatial coherence. This is achieved
by amplification of the spontaneous emission due to higher injection currents used [42].
The other sources are Kerr-lens mode-locked femto-second pulsed lasers (Ti-sapphire and
Cr- forsterite) which provide broad spectrum and high power in infrared regime. These are
the sources for OCT systems when ultrahigh resolution or high source power is required.
Other notable source suitable for OCT applications with high output power are the
photonic crystal fibers [8]. However, SLDs are still the dominating light sources in OCT
due to its relative simplicity, compactness, robustness, and low cost. Therefore, we opted
to use SLD as a light source for development of a portable OCT system in our laboratory.

2.1.2 OCT interferometer
The most commonly used interferometer configuration for OCT is the Michelson
interferometer. It splits the input light into two parts, one of which is used as reference
beam while the other as sample beam, and collects the back-reflected lights from both the
arms for interference. The interferometer can be realized either in free space geometry
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using optical elements or by the use of single mode fiber couplers [43]. In OCT
applications, fiber based interferometers are most commonly employed since these offer
distinct advantages in terms of system alignment, robustness, handling and portability.
Further, fiber optic interferometer offer ease of integration with the endoscopic catheter
for imaging internal tracts of the body. Other advantage of the single mode fiber
implementation of the interferometer is its automatic assurance of the spatial overlap of
the sample and reference light field on the detector. Use of single mode fibers also acts as
spatial filters to remove any light that is scattered from the lowest order mode into higher
order modes and thus preserve interference fringe contrast. Owing to these significant
advantages of fiber optic interferometers, we used 50/50 fiber couplers (2×2) to realize
Michelson interferometer for the development of OCT system.

2.1.3 Delay line
In a TDOCT system, optical path delay in reference arm needs to be varied for depth
ranging. The scanning range should be large enough to cover the desired axial imaging
range. The scanning speed should be high and uniform over the path length scan. It should
have low hysteresis and dispersion effects [11]. A comparison of the various types of
delay lines and their important features are tabulated below [11].
A DC motor based linear translation delay line offers large scanning range (~ 50
mm or more) with positioning accuracy of a fraction of the coherence length of the source.
This is advantageous for imaging larger depth of samples like whole eye. For this reason
we used a DC-motor based linear translating delay line for reference arm scanning.
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Table 2.1: Various delay lines used in OCT systems and their important parameters.

Delay

line Repetition

scheme

rate

Liner

few Hz

Scan range Duty
cycle
Several

~100%

cms

translation

Other remark

Larger depth scan
Low repetition rate

(retroreflector)
Piezo-stretcher

~500 Hz

~few mm

~60 %

Fast but suffers hysteresis

Galvo-scanner

10-30 Hz

~ few mm

>67%

Moderate

~ few mm

~ 2-20 %

Very

based
Rotating

retro ~50 -100 Hz

carrier

frequency

reflector
RSOD

high

~1-4 kHz

~ few mm

~67%

Support

high

speed

imaging

2.1.4 Transverse scanning
To get two dimensional cross-sectional images successive depth scans are performed at
various lateral location of the sample. This can be realised either by scanning the beam on
the sample surface or by scanning the sample itself. The important parameters for
transverse scanner in OCT are the speed and the size of scanner. Since most of the OCT
systems acquire depth priority B-scans, which use fast axial scanning and slow transverse
scanning, size of the transverse beam scanner is a more critical parameter compared to its
speed. The size of the scanner should be compatible with the free space available for the
scanning mechanism. In our OCT setup, successive A-scans were recorded by moving
sample using a motorized translation stage. Therefore the lateral range of the imaging is
not limited by the field of view of objective lens used to focus the probe beam.

50

2.1.5 Detection unit, signal processing and image display
The OCT interference signal which consists of an envelope of width ~lc superimposed on
a carrier frequency is detected by a photodiode. The carrier frequency fc can also be
interpreted as the Doppler shift caused by the moving reference mirror, which creates a
beat frequency at the photo-detector after mixing with un-shifted light returning from the
layers of the sample. A trans-impedance amplifier was used to convert the interferometric
photocurrent signal into a voltage signal and amplification of it. A band pass filter, centred
at the carrier frequency fc, separates the oscillating interferometric signal from the DC
photocurrent and noise. The amplitude or envelope of the oscillating AC signal can be
obtained either with a demodulator or by mixing the interferometric signal by a sinusoidal
reference at the carrier frequency fc followed by low-pass filtering. The measured
envelope is subsequently digitized and stored on a computer for display of the OCT
images.
In our OCT setup, we have employed a photodiode module which has a built in transimpedance amplifier and a band pass filter. Envelope of this band pass filtered interference
signal was measured using a lock-in amplifier. The lock-in amplifier first amplifies the
input signal and then mixes the interference signal with a sinusoidal signal at carrier or
Doppler frequency fc generated by a built in local oscillator.

The envelope of the

interference signal is digitized with a data acquisition card for display of the images on
computer screen.
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2.2 System implementation

Figure 2.2: Schematic of OCT setup. BPF-bandpass filter; C-collimator lens; D-detector; DAQdata acquisition card; FC-fiber coupler; LA-lockin Amplifier; MTS-motorized translation stage;
SLD-superluminescent diode; TIA-transimpedence amplifier.

Figure 2.2 shows the schematic of the OCT setup developed by us. It employs a 5 mW
SLD light source operating at 840 nm centre wavelength with ~ 40 nm bandwidth. The
output of the SLD was coupled into a fiber based Michelson interferometer which makes
use of a 50/50 fiber splitter (2 x 2) designed for the wavelength used. The Michelson
interferometer equally splits the input beam into reference and sample arms. The light
beam in the sample arm was collimated using a 4.5 mm focal length aspheric lens and
focused onto the sample with a 10X microscopic objective lens. The same collimator and
focussing objective assembly collect the backscattered light from sample and pass to the
interferometer for detection. Similarly in the reference arm of the interferometer, a 4.5 mm
focal length aspheric lens was used to collimate the beam and a reference mirror reflects
the collimated beam back to the interferometer. The interferometer recombines the back
reflected sample and reference beams and generates interference fringes at the photodiode.
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The interference occurs only when the optical path between the reference and sample arms
are matched within the coherence length of the source. To get depth information the
optical path length in reference arm was varied by scanning reference mirror back and
forth with a uniform velocity (~ 20 mm/s) using a DC motor based linear translation stage.
The moving reference mirror results in 45 kHz Doppler shift to the reference light and
produces beat frequency on interference. The detected amplitude modulated interference
signal was amplified using a trans-impedance amplifier (TIA) and band pass filtered
around 45 kHz. An envelope of the interference was obtained by demodulating the
interference signal using a lock-in amplifier. The interferogram envelope was digitized
and acquired in a PC using a data acquisition card (DAQ). For obtaining 2D images,
transverse scanning was done by scanning the sample using a stepper motor. The
motorized translational stage is controlled directly by the personal computer. Software
based on LabView has been developed to set the desired imaging parameters and control
the entire setup.

2.3 Labview Software
LabView 6.1, a graphical programming development tool from National Instruments (NI)
was used for interfacing the OCT system with a computer, DC-motor controller (for depth
scanning), stepper motor controller (for transverse scanning) and NI-DAQ card. Front
panel of the program (shown in Figure 2.3) designed for user interface helps in setting all
the desired imaging parameters. The LabView code synchronizes and controls the
scanning motors in the reference and sample arms and generates the OCT intensity images
from the acquired data sets. It initializes the scanning motors and takes care of all the
parameters to be provided to the OCT system such as scan range, scan speed, number of
pixels for the given image size, etc. It displays the acquired data in the intensity image
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format and saves the measured data in the form of data file. The important information of
the image such as axial and transverse scan range, number of steps and number of
averaging (used if any) are logged in as a header to the data file. The image acquisition
parameters retrieved from the header are used to determine the size and the aspect ratio of
the image when analysing the saved data at a later time point. Figure 2.4 shows the
flowchart that explains the flow of control in the Labview program or virtual instrument to
acquire and display the OCT image. The OCT images, which are spatial distribution of
amplitude of back-scattered light, were displayed either in gray scale or false-colour
coded.

Figure 2.3: Front panel of the TDOCT setup used for setting up the desired imaging parameters
and display of OCT images
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START
Set desired parameters
Axial Scan Range, Lateral Scan range
No. of Axial (M) & Lateral pixels (N), Scan Speed,
Offset, Sampling depth, File name to save the data,
No. of Averages (if any)

Initialize setup
Initialize DC (Depth scanning) and Stepper
(Lateral scanning) motors,
Configure data acquisition

Acquire A-scan data
Start depth scan, generate trigger signal,
Start data acquisition on triggering,
Move DC motor to initial position

Display A-scan
Plot A-scan

Lateral scan
Shift sample stage one step

No. of lateral shifts < N

Yes

No

Display Image
Display Image in log scale

Save image

Yes

Save
Save the data

No
STOP

Figure 2.4: Flow of control in the Labview program (.vi) to acquire and display the OCT image.
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2.4 System characterization
In Figure 2.5 a, we show a typical interferogram signal (red waveform) obtained using a
mirror in the sample arm of the interferometer. The corresponding demodulated envelope
is also shown in the Figure 2.5 a (white waveform). The height of the envelope represents
the amplitude of the back-scattered light while the width of envelope (enlarged portion is
shown in Figure 2.5 b) can be used to get the axial resolution of the setup. From this we
estimate an axial resolution of ~ 11 µm for our setup. The lateral resolution (∆x) of the
setup is determined by focal spot size on the sample, i.e., ∆x = (4f λ/πd), where f is the
focal length of the imaging lens and d is the diameter of the beam on the lens. The
estimated value of lateral resolution for 10× microscopic objective was ~17 µm.
The SNR of the OCT system was measured by using a mirror in the sample arm.
To avoid saturation of the detector the sample light was attenuated with a neutral density
filter. The detector gain was adjusted until the output signal was just below the saturation
limit of the detector. The SNR can be measured as the ratio between the amplitude of the
interference signal and the standard deviation (σ) of the noise as given below:
 Signal 
SNR = 20 log 
 + 2 × NDfilter (dB )
 σ 

(2.1)

The measured SNR for the OCT system was ~100 dB.
Figure 2.5 c shows the interferogram of a microscopic cover slip with two peaks
(interferogram envelops) corresponding to the air–glass and glass–air interfaces. From the
measured peak separation of 227 µm (optical path length) and assuming glass refractive
index ~ 1.5, the thickness of coverslip was estimated to be ~ 152 µm, which was in good
agreement with the value measured using a calliper.
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(a)

(b)

(c)

Figure 2.5: (a) Typical interferogram acquired using the set-up and its demodulated envelope. (b)
Zoomed view of interferogram and its envelope (c) OCT signal or A-scan of a microscopic cover
slip showing two peaks for front and back interface of the coverslip.

Figure 2.6 shows some representative images acquired with the OCT setup. Figure 2.6 (a)
shows the 2D cross-sectional OCT image of human finger pad. The reddish color visible at
the surface of tissue show the highest back scattered intensity owing to the large refractive
index mismatch at air-tissue (1 and 1.34) interface. Inside the tissue, the layered structure
of the skin is visible. The two distinct layers are known as epidermis and dermis of the
skin. The measured thickness of the epidermis was found to be ~ 250 µm. The imaging
depth obtained for the skin images was about ~ 600 µm. Figure 2.6 (b) shows the OCT
image of the human nail. Different anatomical features of the nail fold such as nail plate,
nail bed, epidermis and cuticle are differentiated in OCT image. Figure 2.6 (c) shows an
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OCT image of a formalin fixed intact Zebrafish eye. Various ocular structures of the eye
such as cornea, iris, lens and retina of the eye are clearly visible in the imaged.
Nail plate

Epidermis

Epidermis

Dermis

Nail bed
Cuticle

(a)

(b)

(c)

Figure 2.6: OCT images of (a) human skin, (b) nail and (c) Zebrafish eye acquired with the
developed OCT setup. Image size: a & b: 2 mm x 3 mm; c: 3 mm x 2 mm.

2.5 Improvement in Lateral resolution
As discussed previously, the axial resolution of OCT is determined by the source
coherence length and the lateral resolution by the spot size at the sample surface.
Conventional OCT systems typically achieve lateral resolutions in the range of 20-30 µm
using low numerical aperture imaging objectives. Use of the shorter focal length objective
lens would improve lateral resolution but at the cost of imaging depth. To address this
problem we investigated the use of tapered fiber tips for enhancing lateral resolution of
OCT setup without significantly compromising the depth of imaging.
A single mode optical fiber (Thorlabs, USA) appropriate for 840 nm was used for
preparing the tapered tips. One end of the fiber was connectorized with FC connector for
joining it with the sample arm of the 2x2 optical fiber coupler. The other end of the
mechanically cleaved bare single mode fiber was dipped into 40% Hydrofluoric (HF) acid
containing a protective layer of Toluene at the top (Figure 2.7 (a)). The tip formation takes
place at the interface of the etching liquid and the protecting over layer. As described by
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Hoffmann et al. [44] the cone angle of the fiber tip is determined by the contact angle of
HF with the fiber. The etching process is self-terminating and the cone angle is influenced
by the liquid used as protection layer. In order to have large cone angle we used Toluene
as the protection layer. Fig. 2.7 (b) shows a microscopic image of the prepared tip,
recorded using an inverted microscope (Zeiss, Axiovert 135 TV) with a Leica camera
(Model: DC 350F). From the acquired image, the cone angle of the tip was measured to be
~ 270.

Figure 2.7: (a) Schematic of the chemical etching process, (b) Microscopic image of the tapered tip

Figure 2.8 shows the sample arm of the interferometer modified to incorporate the
tapered fiber tip. In the modified interferometer, the collimation and focusing optics in the
sample arm was replaced with a fiber having fibertip. To minimize the dispersion effects,
the optical path in reference arm was compensated as far as possible by adding appropriate
fiber length and thus minimize air path. The measured free space axial resolution for the
modified interferometer was ~16 µm.
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Figure 2.8: Modified sample arm with the tapered tip.

The tapered region of the fiber can be modelled as equivalent to a lensed fiber. Starting
with the fundamental mode of the single mode fiber with core size ~9 µm,

E fund


≈ exp



− ( X 2 +Y 2 )

ω2


 where ω is the mode field size, the electric field propagating from



the tip at any observation point (xo, yo) can be described as [45]:

E( xo , yo ) =

exp(ikz)
iλ z

∞ ∞
2
2
(x + y )] ∫ ∫ { E (x , y )
1 1
o
o
−∞-∞
2z
k

exp[i

exp[ i

k
2π
2
2
( x1 + y1 )]} exp[ − i
( x x + y o y1 )] dx 1 dy 1
2z
λz o 1

(2.2)

where E (x1,y1) is the field at the point (x1,y1) on the conical aperture. E (x1,y1) can be
calculated using the fundamental mode field E fund and accounting for the phase acquired
along the taper region. Figure 2.9 (a-c) show the beam profiles of the SLD beam
transmitted through the tapered fiber measured at distances of 50 µm, 100 µm and 200 µm
from the tapered tip respectively. Figure 2.9 (d-f) show the corresponding calculated
transmitted intensity profiles. We have used a core size of 9 µm, cone angle of ~ 270 and
air as the surrounding medium for these calculations. The slight asymmetry noticed in the
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measured profiles may be attributed to the quality of the tip, since the chemically etched
tips are sensitive to environmental influences such as vibrations, temperature drifts, etc.,
during the etching process. This can further be improved by modified etching procedures
such as etching the fiber through the acrylate jacket [46], tube etching [47], reverse- tube
etching [48] and dynamic etching [49]. The simulated beam profiles are in reasonable
agreement with experimentally measured profiles. Two factors are responsible for the
observed deviation between the experimentally measured and theoretically estimated beam
profiles. First, leakage from the tapered region of the fiber which was not accounted for in
the simulation, second, the shape of the fiber tip fabricated using chemical etching process
may deviate from perfect conical shape as has been assumed in the theoretical simulations.

a

d

b

c

e

f

Figure 2.9: Beam profiles of the laser beam transmitted through the tapered fiber measured at
distances distance of (a) 50 µm , (b) 100 µm and (c) 200 µm from the tip; Calculated spatial mode
profile at (d) 50 µm, (e) 100 µm and (f) 200 µm. Images (a-f) are in same magnification. Image
size: 25 µm x 25 µm.

The transverse intensity distribution of the calculated beam profiles, are shown in Fig.
2.10 (a) for the distances of 50 µm, 100 µm and 200 µm. The beam waist is found to be
increasing with increase in axial distance from the tip. However, the rate of increase in the
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beam waist is slower compared to the beam spread when a microscopic objective 20X is

Beam waist (µm)

Normalized intensity

used as shown in Figure 2.10 (b).

Transverse Position (µm)

Axial position (µm)

Figure 2.10: (a) Beam profiles of the laser beam transmitted through the tapered fiber measured at
distances distance of 50 µm, 100 µm and 200 µm. (b) Beam waist as a function of axial distance
from tip.

Figure 2.11 shows the results of the use of the modified OCT set-up to image different
objects. Figure 2.11a shows OCT image of the scattering medium when the imaging tip is
dipped in the intralipid placed on a cover slip. The reflection from the cover slip is also
seen in the image. Figure 2.11b shows the OCT image of the scattering from an infrared
viewing card. In order to verify that the OCT set-up incorporating the tapered fiber is able
to image through biological tissues, we used the set up to image Elodea densa plant leaf.
The choice was made because the cells are large (~ 100 µm x 40 µm x 30 µm) and have a
large number of chloroplasts having typical size of 6 µm [50] which is lower than the
lateral resolution available with our conventional OCT set up and larger than the tapered
tip size.
Figure 2.11 c shows the OCT image of a plant leaf (Elodea densa) taken with a
tapered tip and Figure 2.11 d shows the processed image after applying minimum filter
using National Institute of Health (NIH)’s public domain software ImageJ.

The
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rectangular boxes in Figure 2.11 c outline the cell boundaries. Figure 2.11 e shows the
Elodea densa section taken using a conventional OCT set up with 10X microscopic

objective (lateral resolution ~17 µm) with a selected region (size comparable with Figure
2.11 d), marked inside box, shown separately in Figure 2.11 f. The image taken using the
tapered tip shows intracellular structures (black spots being the chloroplasts), which could
not be visualized by the conventional setup. The resolution therefore is enhanced using the
fiber tip probe, without the need of high NA microscopic objectives.

(b)

(e)

(f)

Figure 2.11: OCT images with the modified set-up with the tapered fiber tip (a-d): (a) Scattering
from intralipid placed on coverslip. (b) OCT image of scattering from infrared viewing card;
Image size (a & b):0.4 mm (depth) x 0.2 mm (lateral). (c) OCT image of plant leaf Elodea densa
and (d) after applying minimum filter using ImageJ software. Image size (c & d): 0.1 mm (depth) x
0.2 mm (lateral). (e) OCT image of Elodea densa taken with conventional OCT set-up with 10 X
microscopic objective. Image size: 0.2 mm (depth) x 1.0 mm (lateral). (f) Expanded image of the
marked region; size 0.1 mm (depth) x 0.2 mm (lateral).

The sensitivity of the fiber-tip incorporated OCT set-up, as characterized by the
SNR of the interferogram, can be increased by using tips with larger cone angle and
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further application of metal coating outside the tapered region to reduce the losses [44].
Further, the tapered fiber tip OCT setup is most suitable for M-mode imaging of dynamic
processes spatially localized in very small regions of biological tissues.

2.6 Development of Polarization sensitive OCT setup
The basic OCT system relies on the spatial variation of refractive index that modifies the
amplitude of the light and provides contrast to the OCT images. Many biological
structures have properties such as birefringence, optical rotation and diattenuation which
can modify the polarisation state of the incident light. Incorporation of polarization
sensitive measurements with OCT makes it capable of visualizing the polarization contrast
stemming from optical polarization properties of samples. We have developed a PSOCT
setup which measures the depth-dependent changes in the polarization state of detected
light to determine the polarization parameters of a sample. In this setup, the sample is
illuminated by a circular polarized beam and the birefringence of the sample can be
obtained by measuring the envelope of the interferometric signal in linear orthogonal
components [21]. A circularly polarized incident state is preferred in order to keep the
measurements independent of the orientation axis of the sample. In fiber based setups, it is
difficult to propagate (or deliver) a circular polarization state at the sample surface, as
environmental stress change the polarization state of the light travelling through the fiber.
Therefore, a free-space optical system was developed for the measurement of tissue
birefringence.

2.6.1 System description
Figure 2.12 shows the schematic of a single detector based free space PSOCT setup. A
SLD having centre wavelength 840 nm and bandwidth ~ 40 nm was used as a light source.
64

The output of the SLD was collimated and passed through a linear polarizer (P) to get
vertically (V) polarized light beam and then split into reference and sample arms using a
non-polarizing beam splitter (NPBS). In the reference arm, another non-polarizing beam
splitter (NPBS2) splits the incident linearly polarized light into two beams. One of the
reference beam, reflected from the NPBS2, passes through a QWP2 with its fast axis
oriented at 45° and reflected back by a mirror (M2) to provide horizontally (H) polarized
reference light in round trip. Another reference beam, transmitted through the NPBS2, gets
reflected from mirror (M1) to provide V polarized reference beam. Both mirrors were
mounted on the same translation stage such that the optical path lengths in reference arm
for H and V polarized light differ by ~ 2 mm, greater than the imaging depth for the source
wavelength. In the sample arm the linearly polarized light passes through a QWP with its
fast axis oriented at 45° to the incident vertical polarization to produce circularly polarized
light. A 10X microscopic objective lens then focuses the circularly polarized light onto the
sample surface. The light scattered from the sample, in general has an arbitrary (elliptical)
polarization state determined by the optical properties of the sample, and returns through
the focusing optics and the QWP. This light recombines with the H and V polarized
reference beams in the detection arm, and produces temporally and spatially shifted
horizontal and vertical components of interference signals IH and IV respectively. This
arrangement offers the advantage that a single detector can be used to detect interference
signals in the two orthogonal channels. This helps to ensure that the sensitivity and noise
in both the polarization channels remains the same [51]. The detected interference signals
are amplified and band pass filtered. A lock-in amplifier (EG & G 7265) was used for
demodulation of the interferogram. The demodulated signal was digitized with a data
acquisition card (NI PCI 6110). All subsequent data processing and display of images
were performed in the software. The logarithm of the amplitudes of the acquired data are
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displayed and stored on a personal computer. The estimated axial and lateral resolutions
were ~ 11 µm and ~ 17 µm respectively. The image acquisition time was ~ 100 sec for an
image consisting of 1000 (depth) x 100 (lateral) pixels. The measured SNR of the setup
was ~ 93 dB.

Figure 2.12: Schematic of single detector based polarization sensitive optical coherence
tomography setup. D- Detector; L- lens; M1,M2: Mirrors; NPBS- Nonpolarizing beam splitter; PPolarizer; QWP- Quarter wave plate; SLD- Superluminescent Diode.

2.6.2 Calculation of the polarization states:
The Jones matrix formulation can be employed for describing the polarization state
of the light passing through the different optical components of the interferometer [52].
The polarization state of the light after passing through a horizontal linear polarizer can be
defined by a Jones vector
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1 
E = E0  
0

(2.3)

where E 0 = A0 (k ) exp[i (ωt )] is the scalar electric field and A0(k) is the field amplitude as a
function of wave number k=2π/λ. A non-polarizing beam splitter splits the linearly
polarized input light into the reference and the sample arms. In the sample arm of the
interferometer, the horizontally polarized light is passed through a QWP with fast axis
oriented at 45o with respect to the horizontal axis. The Jones matrix of QWP (fast axis at
45o) can be expressed as

JW =

1 1 i 


2 i 1

(2.4)

After passing through the QWP, the electric field vector is

1 1 i  E0 1  E0 1
  =
 

.
2 i 1 2  0  2  i 

(2.5)

which denotes a circularly polarized light. If the sample is assumed as a linear birefringent
material having birefringence ∆n with fast axis oriented at an angle Φ with respect to the
horizontal, it can be expressed as [51]:
exp(iδ 2) cos 2 (Φ) + exp(− iδ 2) sin 2 (Φ)

2i sin(Φ) cos(Φ) sin(δ 2)
JS = 
 (2.6)
2
2
2i sin(Φ) cos(Φ) sin(δ 2)
exp(− iδ 2) cos (Φ) + exp(iδ 2) sin (Φ)


where δ (= 2π. ∆n /λ0) is the phase retardance experienced in travelling a distance d in the
tissue. Assuming the sample reflectivity RS(d), the back scattered electric field that returns
to the beam splitter after traversing a distance d in the sample can be expressed as:

E S ( d ) = J W J S RS ( d ) J S J W E 0

E S (d ) =

1  sin(δ ) exp(2iΦ ) 

 RS (d ) E 0 exp(−i 2kl s )
2  cos(δ )


(2.7)

(2.8)
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where lS = l0 + d is the optical path length travelling from the beam splitter to the sample
surface (l0) and in the sample d, RS(d) is the sample reflectivity at a given depth d. In the
reference arm of the interferometer, the linear polarized light splits in two parts ER1 and
ER2 by a beam splitter (NPBS2). One of them passes through a QWP2 oriented at 45˚ with
respect to the horizontal axis and returns through the same wave plate after getting
reflected from the reference arm mirror M2 (see Figure 2.12). After passing through the
beam splitter, the sample and the reference arm beams (ER1 and ER2) in the detection arm
can be expressed as:

1  sin(δ ) exp(2iΦ ) 
 RS (d ) E0 exp(−i 2kl s )
E S = 
2  cos(δ )


E R1 ≅

E0
2

(2.9)

1
E 0
  exp(−i 2kl r1 ) and E R 2 ≅ 0   exp(−i 2kl r 2 )
2 1
0

(2.10)

where E R1 and E R 2 are H and V polarization electric field in reference arm and lr1 and lr2
(= lr1 + ∆l) are the optical path for the different beams in reference arm with offset ∆l. The
sample and reference arm electric fields (equation 2.9 and 2.10) recombine and generate
interference fringes, which can be written as:

ESR

2
H

= ES + ER
2

ESR

V

E
= 0
2

2
H

= ES + E R

(

RS (d ) (sin(δ ) exp(2i Φ)) exp(−i 2klS ) + exp(−i 2klr1 )

V

E
= 0
2

2

(

RS (d ) (cos(δ )) exp(−i 2klS ) + exp(−i 2klr 2 )

)

)

2

(2.11)
2

(2.12)

The orthogonal polarization components of interference signals at the detector are:

IH ≈
IV ≈

E02
1 + RS (d ) sin 2 (δ ) + RS (d ) sin(δ ) cos 2(Φ + k ∆ l r1 )
4

(

E02
1 + RS (d ) cos 2 (δ ) + RS (d ) cos(δ ) cos 2(k ∆ lr 2 )
4

(

)

)

(2.13)

(2.14)

After lock-in demodulation, the obtained orthogonal polarization interference signals are
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I H ≈ R (d ) sin δ
s

and

I V ≈ R (d ) cos δ
s

(2.15)

Conventional OCT images (or the reflectivity map) and accumulated phase retardation (δ)
images of the sample can be obtained as per the following relations:

Rs (d ) = I H2 + I V2

(2.16)

δ ( z) = arctan[I H ( z) IV ( z)]

(2.17)

It can be observed from the above relations that only intensity measurement (amplitude
measurement) is sufficient to determine the phase retardation between the orthogonal
polarization components of light. The fast axis orientation (Φ) can also be determined by
measuring the phase difference of the interferometric signals (eq. 2.9 and 2.10) that
requires phase sensitive OCT measurements [53].

2.6.3 Characterisation of PSOCT setup
For calibration of the PSOCT setup, phase retardations of quarter wave plates designed for
three different wavelengths (532 nm, 665 nm and 1054 nm) were measured. The
comparison of the phase retardation value measured by PSOCT setup and with the
conventional polarimetry method [52] using a combination of polarizer, analyzer and
sample wave plate is shown in the Table 2.2.
Table 2.2: Comparison of phase retardation measured with polarimetry and PSOCT.
Quarter wave plate
Design
wavelength(nm)

Measured Phase
retardation using
polarimetric
method(degrees)

Measured Phase
retardation using
PSOCT(degrees)

532

57

55.5

665

67.5

68

1054

73

69.7
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The phase retardations for these wave plates at 840 nm were measured using the
experimental configuration shown in Figure 2.13. The light output from SLD source was
passed through a polarizer and an analyzer. The orientation of the analyzer was set to get
null intensity. The wave plate (WP) of unknown retardation (for 840 nm wavelength) was
inserted in between the polarizer and analyzer. The inserted WP was rotated to get the
minimum intensity. After that the WP was rotated by 45° from its optic axis. The copolarized (Io) and cross-polarized (I9o)

components of the intensity of the light passing

through polarizer, wave plate and analyser were measured using a photodiode. The
retardation of the wave plates were measured using the following formula [52]:

 (I 0 − I 90 ) 

 (I 0 + I 90 ) 

δ = cos −1 

(2.18)

Figure 2.13: Experimental Set up for measuring Phase retardation of wave plate (WP). SLD:
Superluminescent diode; P: Polarizer; A: Analyzer.

The small deviation between the PSOCT and polarimetric measurements can be attributed
to the errors in setting of wave plate axis at desired orientation and also due to the slight
offset of design wavelength of polarizing optics from the source wavelength. As
mentioned earlier circularly polarized light was used in the sample arm of the
interferometer to keep the phase retardation measurements independent of the optic axis
orientation of the sample. To verify that the phase retardation is independent of the
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orientation axis, the phase retardation value of a wave plate was measured for its different
fast axis orientations (Figure 2.14). The measured mean value of the phase retardation is
68.3ﾟwith standard deviation of 1.7ﾟ.

Figure 2.14: Measurement of phase retardation of wave plate (design wavelength 665 nm) for
various orientations of fast axis.

Figure 2.15: Intensity (a) and cumulative round-trip phase retardation (b) images of chicken breast
tissue in-vitro. Image size: 1.2 mm (depth) × 3 mm (lateral).
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Figure 2.15 (a) & (b) show the intensity and cumulative round trip phase
retardation image of chicken breast tissue in-vitro. The phase retardation map of the
sample is gray-scale coded from 0 to 90 degrees. While the intensity image shows the
scattering information of the tissue, the birefringence of the tissue sample is depicted in
the phase retardation image. Because of the cumulative nature, it shows periodic changes
in the phase retardation [54]. The birefringence can be determined by measuring the
average distance between the two consecutive white bands (corresponding to π phase
retardation). The measured average distance 200 ± 22 µm corresponds to the birefringence
value 2 ± 0.3×10-3. The observed average distance of ~ 200 µm for π phase retardation is
in agreement with the reported literature [55].

2.7 Summary
A time domain linear translation stage based fiber coupled OCT setup has been developed
which can provide two dimensional cross-sectional images with ~11 µm and ~17 µm axial
and lateral resolutions respectively. The setup is capable of acquiring images at a rate of
one image per minute limited by the scanning speed of the linear translation stage.
However, it has the advantage that a larger depth scan can be performed which would be
suitable for imaging less scattering samples. An effort was also made to improve the
lateral resolution by incorporating the chemically etched fiber tip in the sample arm of the
interferometer. Using the modified setup, imaging of the intracellular structure like
chloroplast of the elodea densa plant cell (corresponding to lateral resolution ~3 µm) was
demonstrated. For utilization of polarisation contrast, a PSOCT setup was developed in
free space geometry. The PSOCT provides two dimensional map of phase retardation (or
birefringence) in addition to the structural features of the tissue.
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3 CHAPTER 3: DEVELOPMENT OF HIGH SPEED
OCT SETUPS

Abstract: For clinical applications of OCT and for reducing motion-artefact during
imaging of living objects, high-speed image acquisition is essential. In this chapter we first
describe the development of a high speed OCT setup by incorporation of a rapid scanning
Fourier domain optical delay line (FDODL) in TDOCT system (discussed in chapter 2) to
achieve image acquisition at 8 frames per second (with 500 A-cans per image).
Development of a more sophisticated Fourier domain OCT imaging setup with image
acquisition speed of 10 frames per second (with 1000 A-cans per image) and a better
signal to noise ratio is discussed next.

3.1

Time Domain High Speed Imaging Setup

3.1.1 Implementation of rapid scanning FDODL
In time domain OCT, a high speed scanning delay line is required in the reference arm of
the interferometer in order to produce real time imaging. Use of a retro-reflector translated
by a linear translation stage or a galvanometer-based translation system can provide axial
scan rate of a few axial scans/s to ~ 100 axial scans/s [56]. Piezo-electric fiber stretcher
based delay line has been used to achieve scan rates of ~ 600 scans/s. However, for near
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real time imaging, say 10 frames per second with 500 A-scans per frame, about 5000 Ascans/sec are required [57]. Further, the translation of the retroreflector at high speed also
leads to a higher modulation or carrier frequency (~ 100 MHz) which degrades detection
sensitivity [11]. Therefore, methods based on dispersive delay lines have been used which
not only provide a control over the modulation frequency but also help in controlling the
dispersion mismatch between the reference and sample arm of the OCT interferometer
[58]. This scheme makes use of the well known fact that an addition of a linear phase
ramp in the frequency domain results in a group delay in the time domain. This is
described by the following equation [58]
f (t − t0 ) = F (ω )e − jωt0

(3.1)

M2
G

M1

Figure 3.1: Ray diagram of the rapid scanning FDODL. G-grating; M1-resonant scanning mirror;
M2-Double pass mirror [58].

A schematic of the FDODL is shown in Figure 3.1. A collimated broadband light is
incident on the diffraction grating at an angle θ such that the diffracted light propagates
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normal to the grating. The grating G is placed at the back focal plane of an achromat
doublet lens. The dispersed light is focussed on a mirror (resonant scanner mirror) which
is placed at the front focal plane of the lens. Since the light is spectrally dispersed by the
grating, different wavelength components of the light focus at spatially shifted location of
the mirror resulting in a line on the scanning mirror (M1). The scanning mirror imposes a
linear phase ramp on the spectrum and reflects the light back through the lens, which recollimates the spectrum onto the grating. The grating then diffracts the beam (in a reverse
manner) and passes to the double-pass mirror. The reflected light from the double-pass
mirror (M2) follows its original path in reverse direction. From the grating equation, it
follows that the grating diffracts the spectral component ∆λ (i.e. λ-λ0) into the angle

∆θ=∆λ/p.cosθ where p is the grating period and ∆θ is the difference between the
diffraction angle of the wavelength components λ and λ0. The phase shift ϕ(λ) as a function
of wavelength (λ) for a given mirror tilt angle (σ) and a lateral shift (x) of the beam with
respect to the pivot of the tilt mirror can be obtained following the grating equation and
the ABCD matrix of the lens and free space (lf) propagation of light. The phase shift ϕ(λ)
can be expressed as [58]

φ (λ )) =

or

φ (ω ) =

8πσx

λ

+

8πσl f (λ − λ0 )

(3.2)

pλ

4σxω 8πσl f (ω − ω0 )
+
c
pω

(3.3)

where ω0 is the center angular optical frequency. From the above equation the phase delay
(tφ= φ(ω0)/ω0) due to the tilted mirror can be shown as

tϕ =

4σ x
c

(3.4)

Similarly the group delay (tg= dφ(ω)/dω) for ω=ω0 can shown to be
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tg =

4σx 4σl f λ0
−
c
cp

(3.5)

Thus the path length delay (∆lg=tg.c) can be expressed as

 l f λ0 
∆lg = 4σ  x −

p 


(3.6)

The first term in equation (3.6) represents the path length differences observed due to
angular displacement of mirror. The second term of the equation 3.6 dominants over the
first term yielding significantly larger path length delays even for small angular
displacements. Using equation 3.4 and 3.6 it can be observed that the group path length
difference is mainly governed by the design parameters i.e. lf and p hence the offset x of
the beam from the pivot of the tilt mirror, only affects the phase path length difference
(4σx) or the carrier frequency of the interference signal. This decoupling of the phase
delay and group delay provides an important advantage that the carrier frequency of the
interference signal could be set within the signal conditioning or the sampling frequency
of digitization even for a high scan speed which is not possible for the mechanical
translating scanners [58].
The other advantage of this scheme is that if the normal angle of the grating
deviates from the optical axis of the lens, Group Velocity Dispersion (GVD) is introduced
as the grating is also displaced from the focal plane of the lens [11]. Hence moving lens
and resonant scanner simultaneously towards or away from the grating, the dispersion
between the reference and sample arm of the interferometer can be minimized. This would
help control the degradation of the axial point spread function due to unknown dispersion
encountered in the sample.
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For our design parameters 600 lines/mm grating rulings (grating pitch p=1.66 µm),
lf ~ 50 mm, 1-2 degree scan angle with 2 kHz repetition rate of the resonant scanner, λ0 =
1310 nm and ∆λ = 43 nm the achievable parameters of the delay line are scan range ~ 3.5
mm, A–Scan rate 4 kHz (considering data acquisition for both backward and forward
scan) and carrier frequency ~1.5 MHz.
The 4 kHz scan rate is sufficient to image at 8 frames per second with each frame
consisting of 500 A-scans per frame. Even higher frame rate 16 (or 32) fps can also be
achieved for lesser number of A-scans 250 (or 125) per frame. The scan range, 3 mm in
this case, can be further increased by increasing the scan angle of the resonant scanner.
This scan range is sufficient to image scattering biological tissue like skin. It should be
noted that the carrier frequency and bandwidth of the OCT interference signal are also
significantly higher for these delay lines therefore the sensitivity of the OCT
measurements is compromised. This arises because at high speed data acquisition, the
system dwell time per pixel decreases. Therefore, for a given input power a lesser number
of photons are collected by the detector corresponding to one pixel location. To
compensate for this, a higher power optical source is required to provide adequate
illumination in a short amount of time. To improve the signal quality a balanced detection
scheme was used. In Michelson interferometer only half of the light from reference arm
and sample arm reaches to detector. The other half that returns towards the source is
wasted. Further, in practical situations, the reference-arm light is significantly attenuated
to optimize the SNR. To utilize the source power efficiently, the Michelson interferometer
was replaced with a Mach-Zehnder interferometer, where using fiber optic circulators and
unbalanced couplers, more power is directed to the sample which otherwise is lost in
reference arm attenuation [59]. The details of the system implementation are discussed in
the following section.
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3.1.2 System implementation
A schematic of the real time TDOCT setup is shown in Figure 3.2. The system utilized a
high power broadband SLD optical source (Dense Light, Singapore). The source has
center wavelength 1310 nm with full-width at half-maximum 43 nm and 18 mW optical
power in single mode fiber. Light coming from the source was introduced into a fiber
based Mach-Zehnder interferometer which includes an 80/20 input coupler, two identical
circulators one leading to the sample arm while the other leading to the reference arm, and
a 50/50 detection coupler. The unbalanced coupler (80/20) pass the 80 percent source light
to sample arm circulator (port 1) and the remaining 20 percent to the reference arm
circulator (port 1). The sample arm comprises of a fiber collimator lens, a galvo-scanner
mirror and a stationary assembly of relay lenses was used to deliver the light onto the
sample. In reference arm of the interferometer, we employed a FDODL for a high speed
depth scanning. The polarization controllers were used in the reference and sample arms to
optimize the interference signal. The back reflected light from the sample and reference
arms coupled back to the port 2 of the corresponding circulators. These circulators pass all
the back-reflected light (via port 3) coming from both the reference and sample arms to a
50/50 coupler which equally distribute the OCT interference light to an adjustable gain
trans-impedance InGaAs balanced photo-receiver. Since the interference signals at the two
photodiode of the balanced detector are out of phase, the differential output of the
balanced detector cancels the common mode noise and doubles the interference signal
which leads to improvement of SNR. [43,59]. The output of the balanced detector was fed
into a band pass filter and amplified further using a demodulating logarithmic amplifier.
The demodulating logarithmic amplifier demodulates the amplitude modulated
interferometric signal and detects envelope of the OCT interference signal. The output
from the logarithmic amplifier was low pass filtered and then digitized using a frame
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grabber board (Data Translation 3152, USA). The acquired data were used to generate
cross-sectional images to display on the screen. The axial and lateral resolutions of the
system are ~20 µm and the measured SNR of the system was ~ 92 dB. The theoretically
estimated values of axial and lateral resolutions were ~ 17 µm and ~ 20 µm respectively
and for SNR ~ 98 dB. The experimental values are quite close to the estimation. Some loss
of resolution may arise due to deviation from the perfect matching of dispersion in sample
and reference arms which leads to broadening of interferogram. Similarly losses in fiber
will result in lower SNR than the theoretical estimated value.

Figure 3.2: Schematic of time domain high speed OCT system. BPF: band pass filter; C1 & C2:
circulators; LPF: low pass filter; RSOD: rapid scanning optical delay line; SLD: superluminescent
diode.

A photograph of the OCT system is shown in Figure 3.3 (a). For ease in in-vivo imaging of
various external parts of the body a hand held probe was developed. A photograph of the
handheld probe suitable for dermatological applications is shown in the Figure 3.3 (b). A
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typical image of the finger pad acquired with hand held probe is also shown in Figure 3.3
(c). Various anatomical structures of skin such as epidermis, dermis and sweat gland are
distinguished in the OCT image. The diameter and the length of the dermal probe were ~
30 mm and ~ 50 mm respectively. An oral probe of diameter ~15 mm and length ~150
mm was also designed for in-vivo imaging of oral cavity. The schematic of the oral probe
is shown in Figure 3.3 (d).

(a)

(b)

(c)

(d)

Figure 3.3: (a) photograph of the high speed OCT system; (b) photograph of hand held probe for
in-vivo imaging of dermatological samples; (c) an OCT image of finger pad acquired with the hand
held probe (size: 2.5 mm x 3 mm); and (d) the schematic of the developed oral probe with an
image of oral mucosa (size: 2.5 mm x 3 mm).
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Figure 3.4 shows a few representative OCT images acquired with high speed OCT system,
(a) is an OCT image of a 0.2 mm pitch treaded screw and (b) is an image of oral mucosa.
Different layers of the oral mucosa such as lamina propia, epithelium and sub mucosa are
visible in the image. OCT images of nail, nail fold and palm are also shown in Figure 3.4
(c-e). Figure 3.4 (f) clearly shows the presence of a blister and the disjunction of the
epidermis from the dermal layer and the signal free region due to edema.

(a)

(b)

(c)

(d)

(e)

(f)

Figure 3.4: OCT images of (a) treaded screw (size: 2 mm x 2.5 mm), (b) oral mucosa, (c) finger
nail, (d) nail-finger junction, (e) palm and (f) palm with blister. Size: a-f 2 mm (depth) x 2.5 mm
(lateral).
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3.2 Fourier domain OCT setup
Imaging speed of the TDOCT system is limited by the speed of reference arm
scanning and because of higher repetition rate, reference arm scanning leads sensitivity
degradation [60]. Fourier domain depth ranging allows high imaging speed without
compromising the sensitivity. Although this concept of depth ranging was demonstrated
within a couple of years of time domain OCT development, it took about a decade to fully
understand and demonstrate that the Fourier domain detection has a better sensitivity
advantage over time domain detection [17,18]. A prime reason for this delay could be the
unavailability of the fast imaging devices (CCD) required to support the high speed
imaging [14].
In FDOCT detection approach, the interference of the reference and sample arm
light is optically dispersed on a linear detector array and Fourier transform of the
interference spectrum is used to retrieve the depth information. Therefore, information
about the entire axial structure of the object is collected simultaneously in “single shot”
eliminating the need for scanning in the reference arm which also facilitates enhanced
image acquisition speeds [61, 9]. Owing to its superior sensitivity over the conventional
TDOCT, it has undergone rapid development and has proved to be a promising technique
for clinical and biological applications [8].
Figure 3.5 shows the basic scheme of FDOCT setup. Light from a low coherent
source is split into the sample and reference arms of the interferometer and the back
reflections from the stationary reference mirror and sample recombine to generate
interference fringes. In FDOCT approach a spectrograph is used in the detection arm of
the interferometer which disperses the light and records the spectrum of the interference
signal. The measured wavelength component of the interference intensity signal can be
written as:
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λ0



(3.7)

where S(k) is spectral intensity distribution of the light source, 2z is the round trip optical
path difference between reference and sample arms, λ0 is the wavelength of the source
and ϒ(τ ) is the complex degree of coherence. The first term of the above equation
corresponds to the intensity of the reflected reference beam which is barely the
measurement of source spectrum. The second term corresponds to the beams reflected
from different layers within the sample. However, the amplitude of this term is very small
in comparison to other terms. The third term represents the interference of the reference
beam with sample beam. For a given optical path difference between reference and sample
arms, the measured interference signal is a cosine function of modulation frequency. The
depth resolved back scattering information of the sample is encoded in modulation
frequencies superimposed on the light source spectrum such that the amplitude of each
cosine is proportional to the sample reflectivity. The modulation frequency (in k-domain)

varies linearly with an increase in the optical path delay between reference and sample
fields. The depth resolved reflectivity profile of the sample can be obtained by performing
the Fourier transform of the recorded modulated spectrum. It should be noted that the
Fourier domain OCT can also be implemented using a swept laser source and a single
photodiode. Instead of dispersing the interferometric light signal by means of
spectrograph, the interference spectrum can also be measured by sweeping the wavelength
of the swept laser and measuring the interference signal using a single detector. Both of
these approaches provide the interference spectrum which can be Fourier transformed to
obtain depth resolved scattering. The first approach is generally referred as spectral OCT
(also spectral radar) while the later is known as swept source OCT (also optical frequency
domain OCT).
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Figure 3.5: Basic scheme of FDOCT approach.

Figure 3.6 (a) shows a typical interference spectrum for a mirror like object which
can be called as interference signal in k-domain. The FFT of the measured spectrum
provides the depth resolved reflectivity profile in spatial domain, as shown in Figure
3.6(b). Two mirror peaks one on either side of the center peak (located at the centre of the
plot in the spatial domain) corresponding to the negative and positive optical path delay.
Similarly Figure 3.6 (c and d) show the interference spectrum for a multilayer sample and
corresponding depth profile after performing FFT. It should be noted that to avoid the
overlapping of the desired signal from the negative distance (or negative frequency signal)
and zero delay peaks, it is general practice to keep the object surface away from reference
plane with an offset z0 (~ 2 or 3 times of lc).
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Intensity (a.u.)

(b)

Interference spectrum (LSC pixels)

Reflectivity profile (depth domain)

(c)

(d)

Interference spectrum (LSC pixels)

Reflectivity profile (depth domain)

Intensity (a.u.)

(a)

Figure 3.6: Typical interference spectrum (a, c) and corresponding A-scan (b, d) after performing
FFT.

The axial and lateral resolution of the FDOCT system is similar to the TDOCT
system. The axial (δz) and lateral resolutions are determined by the coherence length of
the source and the NA of the objective lens respectively. In a FDOCT system, the output
intensity spectrum I (λ) is a set of N discrete data points corresponding to an intensity
measurement at each detector in the CCD or photodiode array. The Fourier transformation
of the recorded intensity spectrum results in a series of N discrete data points. Since the
recorded intensity spectrum is a real valued sequence, FFT of this is conjugate symmetric,
therefore only half of the data sets i.e. N/2 is available for depth information. From
equation 3.7 it can be observed that a large optical delay between the object and reference
beams will result a high modulation frequency in the spectrum. According to the sampling
theorem the sample frequency of the photodiode array has to be twice as large as the
highest occurring frequency in the spectrum. For zmax the period of the cosine fringes is
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δ knzmax = π where n is the refractive index of the medium. Hence the maximum
achievable distance is zmax = π / (nδ k ) [61]. For δ k = 2πδλ / λ 2

z max =

1  λ20 
 
4n  δλ 

(3.8)

Hence, for a source having centre wavelength λ0 = 800 nm and bandwidth ∆λ = 50 nm,
and detector array consists of N ~ 1000 elements the achievable maximum axial scan
depth for a sample is zmax ~ 2 mm. The maximum axial scanning depth scales linearly with
the number of detector elements. Therefore imaging range can be increased by increasing
the number of pixels of the detector array. It should also be noted that the higher pixel
numbers of the detector array leads to better sensitivity of the measurements because the
amplitude of the Fourier component is proportional to the number of illuminated pixels of
the camera times the modulation depth of the spectrum. However the larger pixel number
takes longer time to execute FFT and affects image display rate.

3.2.1 System implementation
Figure 3.7 shows a schematic of the FDOCT setup. A 5 mW superluminescent diode
source with FWHM of 40 nm centred at 840 nm was used as a light source. A 2x2 3 dB
single mode fiber coupler was used to realize a Michelson interferometer. At the distal end
of the sample arm a lens collimates the beam and a galvo-scanner driven with a saw-tooth
waveform was used for transverse beam scanning on the sample. A focussing lens focused
the beam on the sample surface with estimated spot size of ~20 µm. In reference arm of
the interferometer the collimated light was reflected by a static reference mirror. The light
returned from the two arms was recombined and directed to the spectrometer placed at the
detection arm of the interferometer. In the spectrometer, the interfered beam was first
collimated with a 50 mm focal length lens and then dispersed by a volume phase
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transmission holographic grating of 1200 lines/mm (Wasatch Photonics, UT, USA). A
150 mm focal length imaging lens Fourier transform the dispersed beam onto the line scan
camera (2048 pixels, 14 µm pixel size Atmel, CA, USA). The line scan camera (LSC) was
operated at 10 kHz readout rate corresponding to the 100µs integration time. A frame
trigger generated by a function generator in synchronization to that saw tooth waveform
was used to trigger the data acquisition. The data from the LSC was digitized by a PCI1428 (National Instruments, TX, USA) camera link image acquisition board. NI-IMAQ
software was used under LabView™ environment for data acquisition and subsequent
processing.

Figure 3.7: Schematic of FDOCT setup. C: collimator lens; G: galvo-scanner; L: imaging lens;
LSC: line scan camera; M: reference mirror; S: sample; SLD: superluminescent diode; TG:
transmission grating.

Since the physical distance z is conjugate to wave number k, the depth profile (Ascan) is obtained by taking Fourier transformation of the measured interference spectrum.
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It should be noted that the data collected by the spectrometer are sampled with equal
wavelength increments and are not evenly spaced in k-domain since k ∝ 1 . This leads to

λ

a broadening of the PSF function with the increase of the optical delay between sample
and the reference. Figure 3.8 (a) shows the A-scans measured for different optical
distances between the reference mirror and an object (first interface of a thick glass plate).
The depth resolution degrades as the optical distance between object and reference mirror
increases. A proper depth profile can be obtained only after interpolating the acquired data
and making interference spectrum evenly spaced in k-domain [60]. Hence the acquired
spectra are pre-processed prior to FFT in Labview graphical tool. The pre-processing first
reduces the DC background and fixed pattern noise. For that an average of 1000 reference
spectrum, acquired at the time of imaging by blocking the sample path, is subtracted from
each acquired interference spectrum. The DC subtracted interference spectrum is
transformed from evenly sampled λ to evenly sampled k-domain by means of cubic spline
interpolation. The FFT of the resultant data was then taken to construct the structural
images. Figure 3.8 (b) shows the set of A-scans where FFT is performed after re-sampling
of the measured spectrum. It can be observed that the axial resolution as well as the
amplitude of the A-scans was significantly improved. The time taken to process a single
2D image (containing 800 spectra corresponding to different lateral location of the sample
and 1024 pixels per spectrum) with DC subtraction, interpolation and FFT is
approximately ~5 seconds. For realtime (online) display of the acquired images FFT is
performed directly on the acquired interference spectrum and the other processing is done
off-line on the saved data. In online mode the display rate of the images is ~10 Hz for an
image consisting of 512 (axial) x 1000 (lateral) pixels. By further increasing the read out
rate of the LSC (maximum ~29 kHz for our LSC) it can perform video rate imaging. The
system is capable of performing OCT imaging with measured sensitivity of ~ 95 dB. The
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measured axial resolution of the FDOCT setup is ~12 µm with achievable imaging depth
close to 2 mm.
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Figure 3.8: Set of A scans measured for different optical delays between the reference mirror and
object. (a) FFT performed without resampling and (b) after resampling.

Figure 3.9 shows the representative OCT images of biological tissues using
FDOCT setup at 10 Hz frame rate. The OCT image of (a) human nail fold, (b) skin (back
side of the finger), (c-d) finger pad, and (e) onion is shown in the figure. The sweat gland
and thick epidermal layer (due to thicker stratum corneum) with ridges of the finger is
seen in the image (c) and (d). The significant difference between the thicknesses of the
epidermis is observed in the images acquired from finger pad and the skin from the back
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side of the finger. The realtime in-vivo imaging ability of the FDOCT setup with
sensitivity sufficient to image biological as well as non-biological objects makes it a
valuable tool for research as well as clinical importance.

(a)

(b)

(c)

(d)

(e)

Figure 3.9: OCT images of biological tissue samples (a) nail fold, (b) skin back side of the finger,
(c and d) finger pad and (e) onion using FDOCT setup. Image size 1.25 mm (depth) x 3 mm
(lateral).

3.3 Summary
A TDOCT setup operating at 1310 nm was developed to provide high resolution (~ 20
µm) high speed image acquisition required for the use of OCT to perform in-vivo imaging.
The setup employed a rapid scanning Fourier domain optical delay line which provides 4
kHz A-scan rate and allows acquisition of images at 8 frames per second (an image
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consisting of 500 A-scans per image). Hand held probes were also developed for imaging
of dermatological and oral cavity tissues. To further improve the imaging speed and axial
resolution without sacrificing the sensitivity, FDOCT setup was developed. The FDOCT
setup measures the backscattered interference light in k-space which can be transformed in
spatial or depth domain by performing the Fourier transform of the interference spectrum.
These setups were used to demonstrate in-vivo OCT imaging of various biological tissues.
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4 CHAPTER 4: UTILIZATION OF TDOCT SETUPS
FOR IMAGING ZEBRAFISH

Abstract: In this chapter we describe the results of our studies on the utilization of
TDOCT setups for non-invasive, high resolution imaging of the different organs of
Zebrafish, a vertebrate model system widely used for studies on ocular development and a
variety of human diseases. The ocular images obtained using TDOCT setups could be
used to measure corneal and retinal thickness and refractive index profile of the lens. A
three dimensional iso-surface model of Zebrafish brain was also reconstructed using high
resolution (~ 20 µm) two dimensional OCT images and the major structures of the brain
could be clearly seen.

4.1 Introduction
Zebrafish, a popular aquarium fish (Figure 4.1) has life cycle of about 2-3 years. At the
age of 3 months it is sexually reproductive and lays 100–200 rapidly developing embryos
per week in each clutch [62,63]. The embryos develop externally to the mother and are
also completely transparent for the first few days which facilitate easy observation of
embryonic development using microscopy. These features of Zebrafish make them a good
system for laboratory experiments [64,65]. Zebrafish has also proved to be an important
model organism particularly for the developmental research which includes formation of
neural connections in the retina and brain, understanding the visual behaviour and the
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underlying mechanisms of retinal image formation, etc. Various mutants have been
identified in Zebrafish that have relevance to human disease like retinal defects. For
studies in these areas, measurement of several ocular parameters of the Zebrafish, like
refractive index of the crystalline lens, mean retinal thickness, etc. are required. Most of
these measurements have been carried out on extracted eye samples [66]. We have
investigated the use of OCT for non-invasive measurements of the ocular parameters and
for imaging of other internal organs like brain.

Figure 4.1: A photograph of adult Zebrafish.

4.2 Non-invasive imaging of intra-ocular structures of adult
Zebrafish eye
Zebrafish were procured from local suppliers. For in-vivo imaging, the fish was
anaesthetized using clove oil following the protocol given by Grush et al. [67]. Briefly,
clove oil was dissolved in ethanol (1 : 10) and then mixed in 1 liter of water in a glass
tank, such that the clove oil concentration was about ~ 75–100 ppm. The fish lost physical
movement within 10 minutes. When the fish showed no response to physical stimulus, it
was transferred to a petri dish for imaging. The fish was observed to revive within ~ 1 h
after which it was transferred to a freshwater tank. In Figure 4.2 a, we show the in-vivo
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OCT image of the whole eye of the anesthetized Zebrafish. While the cornea, the anterior
angle region, and the retina are clearly seen, the lens is not visible in the image due to
index matching of the lens surface with the surrounding fluid. During the course of several
experiments, it was found that the lens could be imaged with better contrast after dipping
the fish in a petri dish containing 10% formalin solution for ~ 15–30 min. In Figure 4.2 b,
we show the image of the fish eye after it was dipped in 10% formalin solution. The lens
(L) as well as other ocular structures like cornea (C), iris (I), and retina (R) can be clearly
seen.

(a)

(b)
C

L
I

R

Figure 4.2: OCT images of whole eye of Zebrafish (a) under anesthesia, and (b) ~ 30 minutes
dipped in 10% formaline solution. Image size: 3 mm (depth) and 2 mm (lateral). Abbreviations: Llens, C-cornea, I-iris, and R-retina.

Figure 4.3 (a) shows the in-vivo image of the cornea of Zebrafish. The image
features are in good agreement with the reported images of Zebrafish eye obtained using
light microscopy [68]. Corneal thickness in fish is an important parameter that is affected
by environmental stress and infection. The maximum corneal thickness was measured to
be ~ 34 µm. Assuming a corneal refractive index of 1.33, the geometrical thickness of
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Zebrafish cornea, in the region where the OCT light is perpendicular to the cornea, turned
out to be 26 µm (± 11 µm). In their experiments on Zebrafish cornea extracted from
dissected eyeballs, Swamynathan et al. [68] estimated its thickness to range from 16 to 20
µm. The difference in the two measurements may be due to the difference in the protocol
and may illustrate the usefulness of in-vivo measurements. It should be noted that since the
resolution of our set-up is ~ 11 µm, we could not resolve the epithelium layer of the
cornea, which has thickness of ~ 8 µm [68]. Use of an ultra-high resolution OCT set-up
will be required for quantitative comparison of corneal thickness and microstructures
therein. The anterior chamber angle is another important parameter in the structure of the
eye. Narrowing of this angle increases the risk of glaucoma. Non-invasive measurement of
anterior chamber angle is therefore vital for characterization of structural changes in the
anterior region and changes in the intraocular pressure (IOP). In-vivo imaging of the
anterior chambers of different mutant variants of Zebrafish may help in better
understanding of the genesis of glaucoma. Figure 4.3b shows the in-vivo OCT image of
the anterior region of the eye. The anterior chamber angle of the cornea with the iris is
clearly visualized. Figure 4.3c shows the expanded OCT scan of the Zebrafish retina with
the layered structure. Due to the small retinal thickness and poor axial resolution
compared to histology, only broad categorization is possible. The first reflective interface
posterior to the lens at the top of the image in Figure 4.3c represents the anterior border of
the retina (vitreo–retinal interface) with the retinal nerve fibre layer (RNFL) at the vitreous
interface. The outermost band is thought to be that of the retinal pigment epithelium (RPE)
choriocapillaris complex showing high scattering. Assuming a retinal refractive index of
1.38 and considering the band above RPE, the retinal thickness can be estimated as 123 ±
11 µm. For comparison a mean retinal thickness of ~ 85 µm for wild-type Zebrafish was
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reported by Link et al. [69]. The difference in these values could be due to the fact that the
measurements reported by Link et al. were on resected eyes.

(b)

(a)

(c)

Figure 4.3: (a) In-vivo OCT image of cornea of Zebrafish. Image size 0.4 mm (depth) x 0.9 mm
(lateral); (b) In-vivo OCT image of anterior angle of the cornea with the iris of Zebrafish. Image
size 1.3 mm (depth) x 0.7 mm (lateral); (c) In-vivo OCT image of retina of Zebrafish. Image size 1
mm (depth) x 0.7 mm (lateral).

In Figure 4.4 we show the OCT image of the whole eye of a Zebrafish, dipped in
10% formalin solution. Along the apex of the lens (when the OCT beam was exactly
perpendicular to the cornea) some scattering inside the lens was also seen, indicating that
the crystalline lens has gradually varying refractive index as a function of depth. It is
pertinent to note that although the lens of the fish eye is known to be spherical in shape,
the diameters of the lens as measured by OCT were different along the axial and lateral
directions. This is because, while in axial direction the measured diameter is the optical
length of the lens (geometrical path x effective refractive index), in the lateral direction it
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is the true geometrical diameter. The difference in the ratio of the measured diameters can
be used to estimate the effective index of refraction of the lens medium. From the image
shown in Figure 4.2b, effective refractive index of ~ 1.43 was estimated for the Zebrafish
crystalline lens at the centre wavelength of the source (840 nm). The crystalline lens of the
fish is usually assumed to be spherical with a gradient refractive index that varies from
approximately 1.35–1.38 at the surface to 1.55–1.57 at the core of the lens [70,71].

Figure 4.4: OCT image of whole eye of Zebrafish. Size of the image is 3 mm in axial and 2.2 mm
in lateral direction.

The refractive index of the fish lens was also measured using focus-tracking
method described by Wang et al. [72]. The sample arm light was focused using a high
numerical aperture microscopic objective (20X) with the focal plane set initially at the top
surface of the lens. This was achieved by monitoring the intensity of the A-scan peak, and
maximizing the corresponding peak of the lens surface. Once the focus was set at the top
of the lens surface, the objective was moved a distance ∆x such that the bottom surface of
the lens came in focus. The corresponding change in the reference mirror position (∆y) to
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get the A-scan peak intensity was noted. The effective refractive index was determined
using the expression [72]

1
 ∆y 
2
n =  NA 2 + NA 4 + 4 n0 − NA 2  
2
 ∆x 


(

2

)

2






(4.1)

where n0 is the refractive index of the surrounding medium of the tissue. Before applying
this technique to fish lens, we used it to measure the refractive index of quartz window.
The measured value of 1.445 @840 nm was found to be in good agreement with the
reported value [72].
From the measurements, we estimate the effective (integrated) refractive index of the fish
lens as ~ 1.43 @ 840 nm within 3% rms deviations. The effective refractive index can also
be computed assuming the refractive index variation along the beam direction to be of
parabolic form [73] given by
n ( z ) = n0 1 − z

2

a2

(4.2)

where n0 is the maximum refractive index at the centre of the lens and a is a constant that
indicates the steepness of the gradient in the refractive index. The effective refractive
index of the lens (neff) as seen by the OCT beam is then given by
+r

∫ n(z )dz

neff =

−r

2r

(4.3)

is the total optical path along the apex of the lens as seen by the OCT beam and r is the
radius of the spherical lens. Using OCT, r was measured to be 0.46 mm. The index of the
lens surface is reported to be in the range 1.35–1.38 at 632.8 nm [70,71]. As the OCT
reflection (@ 840 nm) from the lens surface was feeble, we assume the index at the lens
surface to be close to water. We calculated the effective refractive index from equation 4.3
using different values of core index n0 in the range 1.54– 1.59. Using n0 = 1.54 yields
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effective refractive index neff ~ 1.47, closer to the experimentally measured value. The
relative error in the estimation of effective refractive index of the crystalline lens using the
OCT method can be estimated by

δneff
neff

=

δDz
Dz

−

δDx
Dx

(4.4)

where Dz is the diameter of the lens along the axial direction, Dx is the diameter of the lens
along the lateral direction, and dDz and dDx are the uncertainties in measurement of the
diameters along the axial and lateral directions respectively. Using the values dDz ~ 11 µm
(axial resolution), and dDx ~ 27 µm (lateral resolution with 5× objective), the relative error
|dneff/neff| is estimated to be ~ 2%. Taking the measured value of neff ~ 1.43, the absolute
error in the effective refractive index estimate is dneff ~ 0.03. To the best of our
knowledge, there are no experimental measurements of refractive index of intact Zebrafish
lens. Even though the fish could not be revived after these measurements, it did not require
separation of the lens from the fish eye unlike the previous studies by Garner et al. [70],
where MRI was used for determination of graded index of fish lens after physical
separation.

4.3 Measurement of gradient refractive index profile of
Zebrafish crystalline lens
It is known that the spherical lens of Zebrafish has a gradient refractive index profile for
correcting the large spherical aberrations to be expected from a spherical lens. There
exists considerable interest in determining the refractive index profile of crystalline lenses.
Several techniques are employed for this purpose such as the Abbe refractometer,
interference technique, and laser ray tracing methods [70,74,75]. These require either
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sectioning or resection of the lens. Magnetic resonance imaging (MRI) can be used for
non-invasive measurement of the refractive index profile of the fisheye lens. However, it
is not suitable for measuring the refractive index in the core region of the lens due to the
absence of free water [70]. Recently a tomographic method reported for the measurement
of the gradient refractive index of a spherically symmetric lens which later has been
extended to rotationally symmetric lenses [71,76]. Here, we present the use of OCT for
non-invasive measurement of the gradient refractive index profile. In OCT, the
backscattered signal is detected only when the optical path length of the light in the
reference and the sample arm matches within the coherence length of the source [10,14].
Since, the path length in the reference arm is known, the optical path length in the sample
arm and thus the position of the reflecting structure can be calculated. OCT can thus detect
the backscattered or reflected light at front and back surfaces of the lens, respectively, and
provides a direct measurement of the optical path length of the ray passing through the
lens. The optical path of the ray inside the lens can be computed using ray tracing,
assuming a polynomial form refractive index profile. Thus by fitting the measured optical
path length with the optical path calculated using a ray tracing algorithm, coefficients of
the index profile can be extracted. The approach has been employed for determining the
index profile of a fisheye lens under both resected and intact (in-vivo) conditions. The
slow speed TDOCT setup which uses a motorized translation based reference arm
scanning for depth ranging was used to image Zebrafish eye. The details of the setup are
discussed in chapter 2 of the thesis. In the sample arm was collimated focused on to the
sample with a 5× microscopic objective (NA ~ 0.1). It should be noted that to achieve
depth of focus ~ 1mm as required for this study, we purposely under filled the objective
to reduce its effective NA. While the clear aperture of the objective was 5 mm, we kept the
width of the collimated beam incident on it ~ 1 mm, so that NA reduces to ~0.02. This
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resulted in a focal spot size (∆x) ~ 27 µm and the corresponding depth of focus was ~ 1.3
mm. Due to the large depth of focus, the beam size can be assumed to be constant
throughout the lens.

(b)

(a)

(c)

x
A
B
C

D

z

n(r)

Figure 4.5: OCT images of (a) resected and (b) in-vivo Zebrafish eye lens; (c) ray diagram of light
propagation through a graded refractive index spherical lens.

In order to acquire a two-dimensional image of the lens, the fish/resected eye lens was put
on a linear translation stage that was controlled by a stepper motor. Unlike angular
scanning of the beam for two-dimensional retinal imaging used in OCT, a parallel beam of
light was translated across the pupil for imaging of the lens. For in-vivo imaging, the fish
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was anaesthetized using clove oil as discussed in the previous section. Following the loss
of physical movement (within 10 minutes.) and response to physical stimulus, it was
transferred to a petri dish for imaging. After imaging, the fish was transferred back to a
fresh water tank for its revival. A typical OCT image of a resected fisheye lens is shown in
Figure 4.5 a. Figure 4.5 b shows the image of a fisheye structure in the meridional plane
acquired in-vivo. The images consist of a number of A-scans (depth scans) at different
transverse locations of the sample. From these images, the optical path length of the
incident light rays that travelled through the lens was measured. These measured data was
then used as the experimental input data for fitting with the path calculated from the
assumed polynomial form refractive index profile [77]. To retrieve the gradient refractive
index profile, we consider a spherical lens with radius R. In a radial gradient medium, the
gradient refractive index profile is normally represented by a polynomial with only even
powers of r [75, 78]:
3

n ( r ) = ∑ a j r 2 j = a0 + a1r 2 + a2 r 4 + a3r 6
j =0

and r =

[( x

2

+ z 2 )1 / 2
R

(4.5)

]

where r is the normalized radial distance from center to edge. This is attributed to the fact
that if a linear term in r was present, the paraxial theory would no longer apply and no
useful imaging can be obtained and in presence of the other odd terms the effect on
aberrations can be serious [79].
Consider a collimated beam of light passing through the lens as shown schematically in
Figure 4.5 c. The ray A experiences refraction at point B on the surface of the lens.
Afterwards, due to the refractive index gradient of the crystalline lens, the ray follows a
curved path. It emerges from point C at the back surface of the lens and intersects the optic
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C

axis at point D. The optical path inside the lens can be obtained evaluating

∫ n(r )ds where
B

ds is arc length along ray path [80]. For retrieval of the refractive index, optical path

lengths measured from the OCT images i.e. BCexpt needs to be fitted with the calculated
theoretically optical paths i.e. BCtheo for a given gradient refractive index profile. The
theoretical optical paths i.e. BCtheo were calculated using the ray tracing method reported
by Sharma et al. [80] in the following manner:
In gradient refractive index medium the propagation of the ray is governed by the
following expression [80]
d 
dr 
n( r )  = ∇n ( r )

ds 
ds 

(4.6)

where n(r ) is the gradiented index medium, r is the position vector and ds is the length
along the ray. Equation 4.6 can be modified to transform it in a numerically solvable form:
d 2R 1 2
= ∇ n ≈ n∇ n
2
dt 2

Where t = ∫

(4.7)

ds
ds
or dt =
;
n
n

The modified variables R and D are defined such that the above equation 4.6 transform in
to a second order differential equation as below:
d 2R
= D( R)
dt 2

(4.8)

Where R = ( x, z ); and D = n(dn / dx, dn / dz ) . An optical ray vector T = n(dx / ds, dz / ds )
can be defined as T ≡ dr / dt ≡ ndr / ds ≡ iˆn cos α + kˆn cos γ , where α and γ are angles ray
direction makes with xy and z axes respectively. The above matrix Equation 4.8 can be
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solved to generate successively (R1, T1), (R2 ,T2 ), …, (Rn.Tn) points for a given initial
condition using (R0,T0) using Runge-Kutta algorithm as below [80]:
Rn+1 = Rn + ∆t[Tn +

1
( A + 2 B )],
6

1
Tn+1 = Tn + ( A + 4 B + C ),
6

(4.9)

where the matrices A, B, and C are defined as

A = ∆tD( Rn );
∆t
1


B = ∆tD Rn + Tn + ∆tA ;
2
8


1


C = ∆tD Rn + ∆tTn + ∆tB 
2



(4.10)

where ∆t is the step size for the computation for desired accuracy. Optical path BCtheo can
be calculated by measuring the arc length for every step along the ray (inside the lens
only) and multiplying it with refractive index calculated for that particular point in the
lens. The coefficients aj were retrieved with the use of the nonlinear least squares curvefitting algorithm that minimizes the difference between theoretically calculated optical
path (BCtheo) and the optical path length measured experimentally (BCexpt) from the
acquired OCT images i.e.
M

∑[ BC

m
theo

m
2
− BC exp
t]

(4.11)

m =1

where M is the total number of rays measured for different lateral shifts and
BCtheo

2j

( Rn+1 + Rn ) 

= ∑ ∑ aj
× Rn +1 − Rn−1


2



(4.12)

where Rn is the position vector of a grid point and n is chosen such that Rn is within the
lens. For quantitative estimation of the errors, random noise corresponding to
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measurement inaccuracy of 11 µm was added to the optical path length data. This leads to
uncertainties in the coefficients of the refractive index profile (i.e., aj) ∼ 10−3. The

maximum error in refractive index due to these uncertainties was estimated to be ∼ 0.013.
The size of the beam also affects the uncertainties in the refractive index estimation. For a
beam width of ∼ 27 µm at the sample, the maximum error in refractive index was
estimated to be ∼ 0.012. The increase in beam width reduces the number of data points
and therefore increases the uncertainties in estimating the coefficients, and hence the
refractive index. For example, for a spot size ∼ 100 µm the error in the refractive index
was estimated to be ∼ 0.016. We have also used the images for the measurement of the
index profile in the Y–Z plane. As expected, the refractive index profiles in the two
orthogonal planes were found to be the same.

Table 4.1: Optimized coefficients for refractive index profile

Radius
a0
a1
(mm)
In-vitro
1
0.46
1.545
-0.117
*
2
0.46
1.540
-0.109
3
0.45
1.545
-0.119
4
0.62
1.543
-0.113
In-vivo
5
0.48
1.544
-0.116
6
0.48
1.545
-0.125
*
Measurement for orthogonal plane of sample 1
Samples

a2

a3

-0.034
-0.032
-0.033
-0.033
-0.035
-0.031

-0.034
-0.037
-0.033
-0.032
-0.036
-0.029
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Figure 4.6: (a) Refractive index profile obtained from the mean values of coefficients of Table 4.1.
(b) Ray paths for the refractive index profile shown in (a).

The optimized coefficients of index profile obtained from the resected lens and the
in-vivo measurements are shown in Table 4.1. The polynomial form refractive index
profile obtained from the mean values of coefficients (Table 4.1) is shown in Figure 4.6 a.
A gradual decrease in refractive index from ∼ 1.54 to 1.36, from the core to the edge of
the lens, can be seen in the figure. The difference between the group and phase index
values for the case of the crystalline lens of the fisheye, was estimated to be ∼ 0.05 using
the reported ocular dispersion values [81]. The ray paths for a polynomial form refractive
index profile obtained from the mean values of coefficients are shown in Figure 4.6 b. The
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equivalent focal length (distance from center of lens to focal point) of the lens is seen to be
1.06 mm and the corresponding Matthiessen’s ratio, defined as the ratio of the focal length
of the lens to its radius, was estimated to be∼ 2.30. These values are in very good
agreement with the values reported in the literature [78]. It is important to note here that
the optimized coefficients of the gradient refractive index profile indeed lead to small
spherical aberrations (longitudinal and transverse). The marginal rays focus closer to the
lens than the paraxial rays. For an aperture of 0.85R, the calculated values of longitudinal
spherical aberration (LSA) defined as the distance between the focal point of the marginal
rays and the focal point of the paraxial rays is ∼ 55 µm which significantly smaller for a
lens of size ∼ 0.9 mm.

4.4 In-vivo imaging of Zebrafish brain
The real time OCT setup was used to acquire two-dimensional cross sectional images (XZ
plane, as shown in Figure 4.7) of the brain of anesthetized Zebrafish and a 3D model of
Zebrafish brain was reconstructed. About 90 cross-sectional images of the brain were
acquired by moving the sample in the Y direction. The acquisition time for each 2D crosssectional image was 0.125 s. Around 90 images were acquired in the XZ plane by
manually moving (50 µm) a micrometer controlled stage along Y-axis. The major lobes of
the brain such as bulbus olfactorius, telencephalon, tectum opticum, cerebellum, frontal
bone and eminentia granularis were clearly distinguishable in these images [82]. The raw
images were thresholded for minimizing the speckle noise. Using these images, a threedimensional model of the Zebrafish brain was constructed (Figure 4.8) with AMIRA
software. The iso-surface brain model so developed was found to be in resemblance to the
model reported previously [83]. We also compare the OCT images with the Zebrafish
brain images posted on the VCCRI fishnet website [84] database. The images shown on
107

fishnet website are of 17 mm length (adult) fish taken with optical projection tomography
[85]. The fishnet data base images do not clearly show the structure of bulbus olfactorius
and Eminentia granularis. The other structures such as telencephalon, frontal bone, tectum
opticum and cerebellum are resolved better in OCT images than the reported images on
fishnet database. The cavity inside tectum opticum is clearly distinguishable in our images
compared to the fishnet database. Due to the presence of a highly scattering layer in the
hind portion of the Zebrafish brain the structures beyond the cerebellum such as crista
cerebellaris, medulla spinalis, parasphenoid, palatoquardrate, etc. were not clearly
distinguishable. It is pertinent to note that the adult Zebrafish used in this study was ~35
mm long. In a fish of smaller size (few days old) the internal structures of brain could be
better visualized with good contrast. Further, using OCT set up with higher sensitivity (~
110 dB), one can distinguish the anatomical structures more effectively. The 3D imaging
of the internal structures of brain helps rendering of data for better visualization and
understanding of the features. In-vivo 3D imaging of an adult Zebrafish brain demonstrates
the capability of OCT to monitor the developmental changes even for adult Zebrafish
when it becomes turbid and unable to visualize under microscopy techniques.
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bulbus

Telencephalon

Frontal bone

Cerebellum

Tectum Opticum

Eminentia Granularis

Figure 4.7: Cross-sectional images of Zebrafish brain displayed at an interval of 150 µm (The
horizontal and vertical bars denote 0.5 mm length)
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Cerebellum
(a)
Tectum opticum

Telencephalon
Bulbus olfactorious

Axial plane

Sagittal plane

(c)

(b)
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Figure 4.8: (a) 3-D image of adult Zebra fish brain in axial and segittal plane, (b-c) Orthogonal
projection image of brain; (d) crossection of brain in axial plane.
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4.5 Summary
We have utilized the OCT setups developed by us to image the various ocular structures of
Zebrafish eye such as cornea, iris, eye lens and retina with an axial resolution of ~10 µm
and measured various ocular parameters such as corneal thickness, retinal thickness and
equivalent refractive index of Zebrafish eye lens. We also successfully demonstrated the
use of OCT for non-invasive measurement of the refractive index profile of the eye lens.
For the latter we exploited the fact that since OCT provides direct measurement of the
optical path length, the gradient refractive index profile can be retrieved by iterative fitting
of optical path calculated by ray tracing method with that experimentally measured using
OCT at various lateral locations of the sample. The 3D optical imaging of brain at speed
(@ 8 fps) and with resolution significantly better than obtained by other techniques like
MRI and computed tomography was also demonstrated. The three dimensional images of
Zebrafish brain reconstructed using two dimensional OCT images clearly show the major
structures of the brain such as bulbus olfactorius, telencephalon, tectum opticum,
cerebellum, frontal bone and eminentia granularis.
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5 CHAPTER 5: UTILIZATION OF OCT SETUPS
FOR MEASUREMENT OF BIREFRINGENCE AND
ELASTIC PROPERTIES OF BREAST TISSUES
AND FOR MONITORING GROWTH DYNAMICS
OF TUMOR SPHEROIDS.

Abstract: In this chapter we describe the use of OCT for quantitative assessment of the
birefringence and elastic properties of resected human breast tissue samples. The
estimated values of birefringence obtained from the PSOCT imaging showed that the
benign breast tissue samples have significantly higher birefringence as compared to the
malignant tissue samples. Further, using OCT based elastography measurements, the
stiffness coefficients of these tissue samples were also quantified. A significant difference
in the stiffness coefficients of the three breast pathologies, normal, benign and malignant,
was observed. The use of OCT to monitor the growth dynamics of tumor spheroid noninvasively is also discussed. Here, the study showed that in comparisons with microscopy
(which provides only 2D information) the volume estimates provided by OCT were in
much better agreement with the total cell count of tumor spheroids measured using
hemocytometer.
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5.1 Introduction
It is known that breast cancer is often accompanied by fibrosis [86]. Since collagen fibers
are birefringent, it is expected that the neoplastic changes would lead to changes in the
polarization parameters which can be monitored by polarization sensitive measurements.
Further, since the mechanical properties of breast tissue depends on its structural
organization, any alteration in the organization results in significant variation in the
mechanical properties of different pathological tissues. These macroscopic differences in
the mechanical properties of the breast tissues have been the basis of the conventional
approach of manual palpation for the detection of breast tumors. We have investigated the
use of the OCT and PSOCT setups for measurements of the birefringence and stiffness
coefficients of the breast tissues to discriminate among the normal, malignant and benign
tissue sites.
We have also used OCT to monitor growth dynamics of tumour spheroids. Tumor
spheroids are three-dimensional cell cultures that mimic the avascular solid tumours.
Studies have shown that the tumour spheroids exhibit structural, metabolic, functional and
growth patterns similar to that of solid tumours. These are therefore, a good model system
for understanding tumor growth and its organization. Tumour spheroids are also being
increasingly used for studying response of solid tumours to photodynamic therapy [87, 88,
89].

5.2 Resected human breast tissue samples
Pathologically characterized tissue samples were obtained from the Pathology Department
of CHL-Apollo Hospital, Indore. The tissue samples were kept preserved in formalin
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(10%) at room temperature (~ 24ﾟC). Tissue samples from only those patients were
included in the study for which the histopathological diagnosis was unambiguous. The
histo-pathological report provided by the histopathologist was taken as the gold standard
for this study. The samples were of three categories: normal fatty adipose tissues,
fibroadenoma (benign tissues) and invasive ductal carcinoma (malignant tissues). The
normal tissue samples were obtained from uninvolved areas of the resected cancerous and
benign specimens based on histopathologist’s assessment.

5.3 Measurement of birefringence of breast cancer tissue using
PSOCT
In Figure 5.1 we show the intensity images of breast tissue samples of different
pathologies. The intensity and birefringence (or retardation) images of breast cancer
tissues were acquired using PSOCT setup discussed in chapter 2 (section 2.6.1). The OCT
image of normal tissue, which is primarily composed of large sized lipid-filled adipocytes
[90], is shown in Figure 5.1A (i). The spatially periodic highly scattering boundaries seen
in the image can be attributed to the large adiposities. In contrast to the low-scattering
patterns of adipocytes of normal tissue, the abnormal tissues (malignant Figure 5.1A (ii) &
fibroadenoma 5.1A (iii)) show relatively dense and homogeneous scattering which could
be due to increased cell density in tumor tissue [90]. Using the intensity image, while it
was possible to discriminate abnormal from normal it was difficult to discriminate
between malignant and the benign tumor tissue. The retardation images of the same tissue
samples in gray scale are show in Figure 5.1B. For normal breast tissue as in the OCT
intensity image, the retardation images show the adipocytes boundaries only. However for
malignant and benign tumor, in contrast to intensity images the retardation images show
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marked differences. The transition from black to white band in benign PSOCT image
represents the change in the accumulated phase retardation from 0 to π/2.

Figure 5.1: (A): Intensity images (i) normal, (ii) malignant, and (iii) benign of resected breast
tissue samples. (B): Retardation images (i) normal, (ii) malignant, and (iii) benign of resected
breast tissue samples. Image size: 1 mm (depth) × 2mm (lateral).

Figure 5.2 shows the calculated phase retardation as a function of the depth for malignant
and benign samples respectively. The malignant tissue samples display a phase retardation
plot increasing at a slower rate in comparison to benign tissue samples, indicating a lower
birefringence. The birefringence ( ∆n ) of the sample can be calculated by a measurement
of the slope of the phase retardation profile along the depth using the following expression
[91]
∆n = slope × λ / 2π

(5.1)

where λ is the wavelength of the source used.
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Figure 5.2: Phase retardation depth profile of malignant (circle) and benign (square) breast tissue.
The linear fitting of the depth profile is shown by solid (benign) and dashed (malignant) lines. The
arrow shows tissue top surface.

The mean birefringence value of benign samples averaged over 12 different
samples (4 ± 1 × 10-4) was significantly higher (p < 0.001, t-test) than that of the
malignant tissue (8.0 ± 3.0 ×10-5). These changes can be attributed to the fact that the
fibroadenoma has more ordered collagen which contributes to an increased birefringence
as compared to the malignant breast tissue [92,93]. The results indicate that the PSOCT
can be used as a potential tool for effective discrimination of breast tissue samples.
The feasibility of PSOCT to discriminate the normal, benign and malignant breast
tissue samples has significant potential for tissue diagnosis and identification of tumor
margins of normal and abnormal tissue. In Figure 5.3 we show a representative image or
identifying the tumor margin. The arrows in the image differentiate the normal tissue
from the tumor tissue. The image region left side of the arrows shows the cell boundaries
of the adipocytes cells while the right region of the image shows the dense scattering of
tumor tissue.
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(a)

(b)

Figure 5.3: (a) Intensity and (b) retardation images of breast tissue. Arrows show the tumor
margin. Image size: 1 mm (depth) × 2 mm (lateral).

5.4 Measurements of elastic properties of resected human
breast tissue samples
Several elastography techniques such as ultrasound elastography, magnetic resonance
elastography, etc. have been used to estimate or assess the changes in the mechanical
properties of the tissues under compression at a microscopic level. These techniques are
based on the principle that by applying a known pressure on the tissue sample and by
measuring the induced strain in the sample, information about the mechanical properties
(e.g. tissue stiffness) can be extracted. Optical elastography which includes micro-/nanospeckle method (electron speckle photography), diffusing wave spectroscopy (DWS), etc.,
offers the potential for increased spatial resolution and better strain resolution as compared
to ultrasound and magnetic resonance elastography techniques. OCT has also been used
for elastographic measurement of the biological tissues. Schmitt [94] reported the
measurements of displacements as small as a few micrometers in heterogeneous gelatin
phantoms containing scattering particles in addition to human skin as a function of depth
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under a compressive load using OCT-elastography. This technique has also been applied
for the investigation of arterial wall biomechanics [95,96], atherosclerotic plaques [97,98],
and engineered tissues [99].
For measurement of stiffness coefficients, OCT has been used to image displacements
induced within the resected human breast tissue samples subjected to external axial
compressive loads. A speckle-tracking technique based on two-dimensional cross
correlation of successive OCT images (pre-compressed and post-compressed) was
employed for a quantitative measurement of the induced local speckle displacements.
Resultant strains at each pixel have been calculated using the two-dimensional
displacements maps for normal, benign and malignant breast tissue samples. The stiffness
of each sample has been quantified in terms of the modulus of elasticity using the stressstrain relationship. To validate the methodology of OCT elastography measurements
including the speckle-tracking method, the overall data reduction approach has been
examined by estimating the elastic properties of tissue-mimicking gelatin phantoms. The
procedures applied for phantom preparation and OCT elastography measurements are
based on the method suggested by Rogowska et al. [98].
Figure 5.4(a) shows a schematic diagram of the loading arrangement employed to
compress the tissue samples. The tissue compression unit consists of an L-shaped metallic
plate mounted on a stepper motor vertical translation stage. The resolution of the
motorized translation stage is 4 µm. Here the metallic plate acts as the loading component.
The translation stage traverses in the vertical direction, which in turn moves the metallic
plate, and the plate compresses the tissue sample in the axial (downward) direction. The
horizontal arm of the L-shaped metallic plate has a clear hole of about 5 mm diameter in
the middle to allow the OCT probe beam to pass through. A cover slip placed on the top of
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the sample serves as an optical window as well as a compression plate. The objective lens
in the sample arm of the OCT setup focuses the light beam on the tissue sample. As the
translation stage is lowered, an approximately uniform pressure is applied to the sample,
compressing its surface along the axis of the sample beam. Axial load exerted on the
sample (after correcting for the weight of the sample holder) is monitored using a load cell
kept below the sample holder. The resolution and maximum capacity of the load cell
employed in the present work are 4.9×10-4 N and 4.9 N respectively. In the experiments,
the relaxation of load for a particular imposed displacement was found to be quite small (≤
5%). Furthermore, this variation has been taken care of by using an average of initial and
final values of axial compressive loads for the determination of elastic properties of the
tissue samples. To monitor the uniformity of the pressure applied on the tissue surface, the
displacements of the top layer of the tissue was measured for different values of
compressive loads. Across the region of imaging (~ 2 mm), nearly uniform displacement
of the top layer in the downward direction was observed for a given value of compressive
load, confirming the uniformity of the pressure applied. This also confirms the
establishment of full contact of the metallic plate with top surface of the tissue samples.
The response of the breast tissue samples under axial compressive loading is shown in
Figure 5.4 (b). The figure shows average displacements of the top surface of normal and
malignant samples with respect to the axial load. It can be seen that the tissues exhibit
nearly linear mechanical behaviour up to a value of ~ 0.30 mm of the average
displacement of the top layer under compression. In the experiments reported in the
present work, the maximum displacement of the top surface of the tissue samples
(corresponding to the maximum load applied) was about 240 µm. The analysis for the
determination of elastic coefficients of tissue samples was carried out within this limit
wherein the force-displacement response of the samples is nearly linear.
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Figure 5.4: (a) Schematic of arrangement for compressive loading of tissue samples; (b) plot of the
force versus average displacement of the top surface of normal and malignant breast tissue
samples.

5.4.1 Phantom preparation
For preparation of tissue phantoms, a mixture of gelatin (800 mg) and agarose (100 mg)
was dissolved in 6 ml of boiling water and the solution was continuously stirred to avoid
the formation of lumps within the solution. A fixed amount of activated charcoal particles
(25 mg) was added in the solution as the scattering centers. The mixture was poured into a
Petri dish (40 mm diameter) and refrigerated for several hours. After refrigeration, the
phantoms were cut into 20 mm × 20 mm × 4 mm thick squares, covered with a glass slide
of thickness ~1.5 mm and were subjected to axial compressive loading using an
arrangement schematically shown in Figure 5.4(a). The original and compressed phantoms
were scanned with OCT at an axial resolution of 11 µm.
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5.4.2 Displacement and strain calculation
The interpretation of OCT images is usually based on the visualization of the twodimensional, cross-sectional microstructures within the tissue samples. To derive
quantitative information from the recorded OCT images, several data processing steps are
required. In the present work, a speckle-tracking method based on two-dimensional crosscorrelation technique has been employed to derive displacement and strain information
from the OCT images of pre-compressed and post-compressed breast tissue samples and
tissue-mimicking phantoms.
Cross-correlation is a standard pattern matching approach to identify structures in the
initial image and track them in the successive images. For each pair of images, a twodimensional window (kernel) of dimension m×n (width × height) is defined in the initial
OCT image (pre-compressed). This window is centered at every pixel in the successive
images (post-compressed) and a 2-D array of cross-correlation coefficients is calculated.
Mathematically, the cross-correlation coefficient at a position (i, j) on the image can be
expressed as
m

n

∑∑ (kernel[ii + n][ jj + m] − kernel)(image[i + ii][ j + jj ] − image)
C (i, j ) =

jj =1 ii =1
m

n

∑∑ (kernel[ii + n][ jj + m] − kernel) 2 (image[i + ii][ j + jj] − image)2

(5.2)

jj =1 ii =1

Here, kernel and image are the mean values of the pixels under an area of
dimensions m×n in the pre-compressed and post-compressed images respectively. The
cross correlation coefficient is maximum for the identical regions and displays minima for
the uncorrelated regions. Over the entire image, an array of correlation coefficients is
calculated and the point of highest cross-correlation magnitude corresponds to the
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displacement of pixel (i, j) in the post-compressed OCT image in the axial and lateral
dimension. The axial and lateral displacements can be combined to form vectors, which in
turn, can be graphically represented as displacement vector maps. In the present work, six
different kernel sizes (11×11, 21×21, 31×31, 41×41, 51×51 and 61×61) were employed
for the gelatin phantoms for comparison and to test the accuracy of the measured
displacements. Here the first and second numbers represent the number of pixels in the
axial and lateral directions respectively. The optimum kernel size was selected by
comparing the mean axial displacement as calculated from the displacement maps for the
six kernels and the actual (measured) displacement of the top layer of the phantom under
axial compression.
Local strain value (ε) at a given pixel (i, j) in the image has been calculated from
the 2-D axial displacement maps as:

ε=

Here, d i , j and d

i+1, j

d i +1, j − d i , j
∆z

(5.3)

are the displacement magnitudes of two successive pixels in the axial

direction under the effect of applied load, ∆ z being the original distance between these
two successive pixels.

5.4.3 Validation experiments with gelatin phantoms
Figure 5.5 shows the OCT images of gelatin phantom subjected to axial compressive load.
The pre-compressed image is shown in Figure 5.5 (a) while the displaced OCT images
have been displayed in Figure 5.5 (b-f). The phantom-cover slip interface is labelled in
Figure 5.5 (a). Compressive load corresponding to the successive displacement (~ 20 µm)
as observed in the experiments is about 245 N/m2. However, for better visualization of
displacement of the top layer of phantoms, images corresponding to alternate load values
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(490 N/m2) have been shown in the figure. Bright speckle patterns as seen in the images
are due to the presence of the distributed activated charcoal particles embedded in the
phantom. A gradual shift of these speckle patterns in the axial direction due to the
compressive loading can be seen from the displaced images.
Figure 5.6 show the displacement vector maps for the gelatin phantoms for 31×31, 41×41
and 51×51 kernel sizes. The maps correspond to the images shown in Figure 5.5. A
comparison of all the six kernel sizes in terms of accuracy in the measurement of the mean
axial displacement has been summarized in Table 5.1. The axial displacement map
presented in the figure quantifies the trajectories of the speckle patterns of the phantom
and gives a measure of the degree of particle displacement subjected to compressive
loading. It is to be seen that with the increasing size of the kernel, the displacement vector
maps are less noisy and the vectors are more clearly defined. This transition can be
attributed to the fact that the large kernel sizes tend to average out the differences in the
displacement of small particles in the phantom. However, larger kernel sizes also limit the
ability of the technique to assess the microstructural movement of small speckles within
the tissue phantoms. For the selection of the best kernel size, the mean axial displacement
has been calculated from the displacement maps of successively displaced OCT images
and compared with the actual displacement of the top layer of the phantom. The actual
displacement has been measured directly from the recorded OCT images by noting the
downward shift in the top layer of the phantom before and after the application of the axial
compressive load (245 N/m2). In terms of the percentage error between the calculated and
measured displacements, minimum error was observed for 41×41 kernel dimensions (~
5%) whereas the errors were seen to be considerably higher for 11×11 (~ 45%), 21×21 (~
30%), 31×31 (~ 10%), 51×51 (~15%) and 61×61 (~25%) kernel sizes (Table 1). Based on
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these results, a kernel size of 41×41 pixels was chosen as the optimum for the cross
correlation technique and also employed for the analysis of resected breast tissue samples.

Figure 5.5: Original (a) and post-compressed (b-f) OCT images of gelatin phantoms. Axial load (in
steps of ~ 245 N/m2) is applied along z-direction to compress the phantoms. For better clarity,
OCT images corresponding to alternate load values have been shown above. The displacement of
the top layer of the phantom (phantom-cover slip interface) in successive images shown above is
about 40 µm.
Table 5.1: Percentage error between calculated mean axial displacement and measured
axial displacement for six different kernel sizes.

Kernel size
(Pixels)
11×11
21×21
31×31
41×41
51×51
61×61

Calculated mean
axial displacement
(µm)
11
14
18
21
23
25

Measured axial
displacement (µm)

Percentage
error

20
20
20
20
20
20

45
30
10
5
15
25
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Kernel size:

31×31

41×41

51×51

Stress applied (σ) = 490 N/m2

σ = 980 N/m2

σ = 1470 N/m2

σ = 1960 N/m2

σ = 2450 N/m2

Figure 5.6: Displacement vector maps for a series of axial compressive loads as obtained for
gelatin phantoms by cross correlation technique with three different kernel sizes (31×31, 41×41
and 51×51 pixels). The maps correspond to the OCT images shown in Figure 5.5. (Vertical
dimension of each plot (from top to bottom): 1.38, 1.34, 1.30, 1.26 and 1.22 mm. Horizontal
dimension: 2.0 mm. Numbers below each row indicate the compressive stress applied in N/m2.)
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5.4.4 Measurements on breast tissue samples
OCT images of the normal, benign and malignant breast tissue samples were acquired
with tissues subjected to compressive loading in the axial direction. The cross correlation
technique was used to determine the axial displacement and strain for the breast tissue
samples. The elastic properties of normal, benign and malignant tissue samples were
calculated using the stress-strain relationship and have been reported in terms of the
modulus of elasticity. The present analysis is valid under the assumption that the tissue is
incompressible [100,101]. This implies that the Poisson ratio for breast tissue samples is
approximately 0.5, and hence, only an elastic modulus is required to characterize the
tissue.
Figure 5.7 shows the OCT images of normal, benign and malignant resected breast
tissues samples. The pre-compressed images have been shown in Figure 5.7(a) and the
successively displaced images due to compressive loading are presented in Figure 5.7(b).
The spatially periodic highly scattering boundaries, as seen in the normal breast tissue
OCT images (column 1), are primarily due to the presence of large lipid-filled adipocytes
cells. Columns 2 and 3 in Figure 5.7 show the OCT images of benign and malignant breast
tissues respectively. These images show relatively dense scattering compared to the OCT
images of normal samples. The scattering differences between malignant and the benign
tissues are not very significant hence these two pathological variations cannot be
distinguished based on the qualitative assessment of OCT images alone.
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Figure 5.7: Original (a) and post-compressed (b) OCT images of normal, benign and malignant
breast tissue samples. The compressive stress is applied along z-direction (axial). Displacement in
successive images shown above is about 40 µm.
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Figure 5.8: Displacement vector maps for a series of axial compressive loads as obtained for
normal, benign and malignant breast tissue samples by cross correlation technique. (Kernel size=
41×41 pixels). (Vertical dimension of each plot (from top to bottom): 1.66, 1.63, 1.59, 1.54 and
1.50 mm. Horizontal dimension: 2.0 mm). The number below each image indicates the
compressive stress applied in units of N/m2.)
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Figure 5.8 shows the axial displacement vector maps for normal, benign and
malignant breast tissue samples. The displacement vector maps for the normal class show
a well-defined movement of the speckle patterns in the axial direction. On the other hand,
the displacement vectors are not so uniformly distributed for benign, and especially for the
malignant samples. For these samples, the vector maps qualitatively highlight the presence
of regions where net displacement is either very small or negligible. A comparatively
larger variation is also to be seen in the magnitude of axial displacements within a given
vector plot for malignant samples. These differences in the distribution of axial
displacements of the speckle patterns between the three classes of tissue samples could be
attributed to the differences in the elastic properties of the samples as well as to the degree
of heterogeneity within a given tissue sample (that was large for the malignant samples
considered in the present work).

Normal
Benign
Malignant

2.00

Stress (kPa)

1.50

1.00

0.50

0.00
0.00

0.05

0.10

Strain

0.15

0.20

Figure 5.9: Stress-strain curves for normal, benign and malignant breast tissue samples.

Quantitative assessment about the relative differences between the elastic
properties of normal, benign and malignant breast tissue samples can be made by
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estimating the modulus of elasticity for these samples. In the present work, the Young’s
modulus for each class of breast tissue samples has been estimated by measuring the slope
of the respective stress-strain curves. Figure 5.9 shows the stress-strain curves for normal,
benign (fibroadenoma) and malignant (invasive ductal carcinoma) breast tissue samples
subjected to compressive loading. The stiffness coefficients (Young’s modulus) for each
class of tissue samples were estimated by calculating the slope of the respective stressstrain curve using a linear fit. The analysis was performed on 12 samples and the means
and standard deviations for each category have been presented. It is to be stated here that
for each compressive load, an average of local strain values over all the pixels has been
calculated and this value is used for plotting the stress-strain curve for each of the three
classes. In quantitative terms, it can be seen that the curve for malignant breast tissue
sample is the steepest (slope, a measure of elastic modulus: 16.45 kPa (mean) ± 1.103
(standard deviation)) revealing highest stiffness coefficient among the three classes
whereas the curve for benign sample (slope: 9.03 ± 0.215 kPa) falls between the normal
(slope: 4.17 ± 0.074 kPa) and malignant. It is to be noted that the values of the standard
deviation are relatively low in all the cases, which confirms the repeatability of the
experiments and the data reduction approach. These values are also summarized in Table
5.2. The numerical values of Young’s modulus for malignant breast tissue samples are
approximately four times higher than the normal tissues whereas for benign tissue
samples, it is about 2 times higher than the normal samples. These results are qualitatively
consistent with the previous reports on elastic properties of breast tissue by Krouskop
[100], Manduca et al. [102], Lorenzen et al. [103] and Samani et al. [104].
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Table 5.2: Means and standard deviations of the estimated modulus of elasticity for the three
classes of breast tissue samples identified as normal, benign (fibroadenoma), and malignant
(invasive ductal carcinoma).

Elastic modulus
(kPa)

Normal

Benign
(Fibroadenoma)

Malignant
(Invasive ductal
carcinoma)

4.17 ± 0.074

9.03 ± 0.215

16.45 ± 1.103

5.5 Imaging tumor spheroids using OCT
Multicellular tumour spheroids are three-dimensional cell cultures that resemble avascular
solid tumours [105]. Studies have shown that these spheroids exhibit structural, metabolic,
functional and growth pattern similarities to solid tumours [106,107]. Tumour spheroids
are therefore a good model systems for studying therapeutic effects of radiation.
For effective testing of drugs being explored for treatment of solid tumours, rapid
methods of generation and analysis of spheroids are crucial. For studying the response of
tumour spheroids to drugs, the most widely used method is to measure their size and
volume by microscopy. However, volume estimation by this method may not be accurate
because spheroids formed by different techniques may not be perfect spheres. Histology is
also used for studying the response of tumour spheroids to different treatments. This
however, is not only laborious and time consuming but is also destructive. Non-invasive
techniques that could periodically monitor the size and the shape of spheroids are required
for speeding up the process. In the direction, Yu et al. have used holographic optical
imaging technique for imaging rat osteogenic sarcoma tumour spheroids [108]. We have
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used OCT setup for studying the dynamics of tumour spheroid formation, as it can provide
high resolution cross-sectional images non-invasively.
Tumor spheroids generated by modified hanging drop method were used for
imaging growth dynamics [109]. Single cell suspension (Human colon adenocarcinoma,
colo-205 cells) was prepared by trypsinizing cells grown in monolayers with 0.25%
trypsin (w/v) (Himedia). Cell count in the suspension was determined using
Hemocytometer and the suspension was diluted in growth medium to have ~ 1.75 × 106
cells ml-1. For generating cellular aggregates, 20µl of the cell suspension having ~35,000
cells was placed as drops on the lids of 60 mm Petri dishes (Tarson, India). The lids with
drops were inverted over the dishes containing 2 ml of growth medium and then incubated
at 370 C in 5% (v/v) CO2 incubator. After 24 h of sedimentation, the cellular aggregates
were picked up using a pipette. These were transferred to agar coated Petri dishes
containing 5 ml of growth medium and allowed to form spheroids. For growing spheroids
by the liquid overlay technique, 1× 106 cells were plated on the agar coated Petri dishes
containing 5ml of growth medium. Clusters of cells could be observed within three to four
days of incubation. These were allowed to grow for 7 to 14 days.
The growth dynamics of tumour spheroid formation were imaged using conventional
microscopy and OCT imaging setup. In Figure 5.10 (A) we show the OCT images of the
spheroids grown for different durations. In all the images, scattering from the agar base is
clearly visible. The initially cellular aggregates appear flat with slight curvature towards
the edge. With increase in the age of the spheroids, the thickness of the cell layers in the
axial direction was observed to increase whereas lateral diameter decreased. In contrast to
OCT images, the cellular aggregates and the growing spheroids appeared spherical under
microscope (Figure 5.10 B (a-e)). The diameter of each spheroid was estimated by
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measuring the geometric mean of the two orthogonal diameters using a calibrated eyepiece
reticule (Figure 5.11). The images were taken with a camera mounted on the top of the
inverted microscope. Volume of the spheroid images with microscope (50X) was
calculated using the formula V=4/3πr3 for a sphere where ‘r’ is the radius. The spheroids
appeared translucent up to 3 days. Beyond this time point, two distinct regions could be
seen in the microscopic images. The central region was dark compared to the outer region.
In six-days old spheroids, the area of the dark center increased and diffuse light could be
seen only from rim of the spheroids (Figure 5.10B (d)). The observed decrease in the light
transmitted through spheroid is due to an increase in thickness. However, actual thickness
could not be estimated by microscopic method.

Figure 5.10: Images of spheroids grown for different durations (a) 0, (b) 4, (c) 5, (d) 6 and (e) 7
days; A) OCT and B) Phase contrast images. Zero day represents time when cell aggregate is
transferred from hanging drop to agar coated petridishes. Scale bar: 500 µm

The measurements made by OCT on the axial thickness of spheroids with growth are
shown in Figure 5.11. Since OCT images revealed that the tumour spheroids were not
spherical, volume was calculated using the formula for oblate spheroid, V=4/3πa2b, where
‘a’ and ‘b’ are the radius for the long and short axis respectively. The OCT images provide
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the optical depth (physical depth multiplied by refractive index of the medium) hence the
physical depth of the spheroid was determined by taking its refractive index to be 1.36
same as for the tissue [110]. Although axial thickness was seen to increase with growth,
lateral diameter of spheroids measured by both microscopic and OCT methods reduced
with increase in age and were found to be almost constant after 4 days (Figure 5.11). The
reduction in lateral diameter may arise because, the non-adherent agar base prevents the
cell attachment to surface and therefore even if cell growth expands laterally, layer of cells
fold onto itself and grow only in the axial direction [109]. Another reason for the observed
decrease in lateral thickness of spheroids may be the increase in cohesiveness of cells in
the spheroids. This arises because of an enhanced expression of cadherins and integrin
proteins in cells comprising spheroids [111].

Figure 5.11: Comparison of dimensions of spheroids measured by microscopy and OCT.

Volumes of the spheroid determined by OCT increased with increase in growth
and correlated with increase in cell number (Figure 5.12 a). Total number of cells in the
spheroids at different time points was evaluated by microscopic counting using
hemocytometer (Figure 5.12b). It is interesting to note that for the spheroids prepared by
134

the method followed by us, although the cell number increased with time, volume
determined by microscopy decreased with growth (Figure 5.12a and b). This may be
because in this method, a large numbers of cells are used for the hanging drop preparation.
This result in formation of large two dimensional cell aggregates and acquires threedimensional structure on transfer to non-adherent agar by growing only in the axial
direction. Since microscopic measurements cannot evaluate the depth accurately, the
lateral diameter used for calculation may wrongly estimate a decrease in volume with
increase in time of growth. It is also pertinent to note that although the volume measured
by OCT method was slightly lower than the microscopic method the difference in the two
measurements decreased with an increase in the age of the spheroid. This may be due to a
lower axial thickness of the spheroid as compared to its lateral diameter.

(a)

(b)

Figure 5.12: (a) Volume of spheroids determined by microscopy and OCT. Inset shows volume of
spheroids determined by OCT in expanded scale. (b) Total number of cells in spheroids grown for
different days. Cell count was determined using Hemocytometer.

Spheroids generated by the liquid overlay and spinner culture method develop
necrotic centers due to the low levels of oxygen and nutrients. With an increase in the age
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of spheroids the size of necrotic centers increases [112]. To evaluate the possibility of the
use of OCT for studying the morphological changes, we imaged 10 days old spheroids
(~200 µm, diameter) prepared by liquid overlay method (Figure 5.13). For identifying the
necrotic regions in spheroids, these were stained with 10 µg/ml of propidium iodide
(Molecular Probes Inc) for 15 min. These were then examined under a fluorescence
microscope (Axiovert 135, Zeiss) using 540 nm band pass excitation and 590 nm long
pass emission filters to detect fluorescence from propidium iodide. Spheroids, which
showed fluorescence were used for imaging by OCT. The OCT images showed distinct
high intensity scattering in some regions. Since these spheroids also showed propidium
iodide fluorescence, the high scattering regions can be considered to be necrotic.

Figure 5.13: OCT cross sectional images of the spheroid grown by liquid over-lay method (a-b), a
& b are OCT images of same spheroid acquired twice to show the reproducibility of high
scattering regions, fluorescence image of a typical spheroid grown for 10 days time stained with
propidium iodide. Scale bar: 50 µm (c). Spheroids were stained with propidium iodide (10 µgml-1)
for 15 min. The fluorescence was viewed under microscope using 540 nm band pass excitation and
590 nm long pass emission filters respectively. Scale bar: 40 µm.

5.6 Summary
We have carried out OCT and PS-OCT imaging of resected human breast tissue samples
belonging to different pathologies. The measured values of birefringence show that the
benign (fibroadenoma) breast tissue samples have significantly higher birefringence than
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that in malignant (invasive ductal carcinoma) tissue samples. Similarly, the stiffness
coefficients of these tissue samples were quantified in terms of the elastic modulus
estimated using the measured displacement vector and axial strain. The results of the
experiments performed on resected breast tissue samples reveal that the stiffness
coefficient for benign samples, as calculated from the stress-strain relationship, is found to
be about 2 times higher than the normal samples, whereas for malignant samples, it is
approximately 4 times. These results indicate that PSOCT imaging and OCT based
elastography can be used as the potential tool for effective discrimination of breast tissue
samples.
We have also used OCT to monitor the growth dynamics of tumour spheroid
formation. Volume of spheroids estimated by OCT correlated well with the increase in cell
number as a function of the growth. OCT images also revealed heterogeneous structures in
the 200 µm spheroids that correlated with necrotic regions observed by the fluorescence of
propidium iodide. The use of OCT imaging for monitoring the growth of spheroids may
prove to be useful for evaluating the drug response on tumour spheroids. Compared to
histology, this technique provides a non-invasive and rapid method for evaluating tissue
changes.
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6 CHAPTER 6: NON-INVASIVE MONITORING OF
WOUND HEALING USING OCT

Abstract: In this chapter we first describe the use of PSOCT imaging of tissues resected
from Staphylococcus aureus infected and uninfected wounds, at different healing times, to
assess the morphological changes and collagen remodeling at various stages of wound
healing. Next we describe the use of a time domain real time (~ 8 frames/s) OCT set up for
monitoring the healing of wounds non-invasively without sacrificing the animal. These
measurements showed that compared to the uninfected wounds, the infected wounds had
prominent edematic regions which leads to a significant delay in re-epithelization and
collagen remodeling phases of wound healing. The OCT measurements were found to be
consistent with the corresponding histological measurements demonstrating the potential
of OCT for non-invasive monitoring of the progression of wound healing.

6.1 Introduction
Cutaneous wounds e.g., burns, chronic skin ulcers and surgical wounds are among the
most common wounds in clinical medicine [113,114]. Wound healing is a complex and
dynamic process that can be roughly divided into three phases – inflammation,
proliferation and tissue remodeling. In the normal wound-healing process, after the
inflammatory phase, re-epithelialization, thickening of the newly formed epidermis and
remodeling of collagen fibers occur in a timely fashion [115]. However, in a chronic
wound, these healing processes are disrupted at one or more points, resulting in a delay in
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healing beyond the anticipated time. Bacterial infection is one of the main predisposing
factors for the development of chronic wounds [116] and infected wounds could severely
compromise the overall health of an individual, and may cause increased trauma and
higher treatment costs [117]. Staphylococcus aureus is one of the most common human
pathogens responsible for a variety of cutaneous and systemic infections including
postoperative or injury wound infections [118] resulting in impairment of wound healing
[119]. Clinical manifestations in infected wounds mainly arise due to the host response to
the toxins secreted by bacteria [120].
In clinical practice, wound size, colour, odour, and drainage are used for gross evaluation
of wound healing. These methods, however, do not provide structural information below
the wound surface and can be very subjective [121]. Histology is the standard method for
obtaining the structural details of the wound tissues [122] however biopsy is disruptive,
may contaminate the wound, and also introduces a new wound, thereby prohibiting
repeated assessment of the healing process in the same wound [123]. Other methods
include measurements of the tensile strength and electrical impedance of the wound.
Because of invasiveness, these methods are also not common in clinical practice [124]. To
facilitate a timely decision for correct therapy, it is important to accurately monitor the
morphological changes in the infected wounds using non-invasive tools. Several
noninvasive methods have been investigated, which include high-resolution ultrasound,
thermography, laser Doppler imaging, polarization imaging, fluorescence imaging [125],
confocal microscopy, [126] and magnetic resonance imaging [127]. Although ultrasound
imaging is used to examine wound healing, the depth resolution achievable (~75 µm) is
insufficient to monitor fine structural changes like reepithelialization. Additionally,
ultrasound requires matching media in direct contact with the wound surface, which may
cause mechanical damage to wound tissue [126]. The morphological changes of wounds
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can also be measured using OCT or using PSOCT which can also monitor changes in the
ordering of collagen matrix. These structural and birefringence changes can be used to
characterize the different phases of the wound healing and could provide a basis for noninvasive wound healing assessment.
The use of PS-OCT for quantitative evaluation of collagen denaturation induced by
a thermal injury, for visualization of collagen fiber regeneration and for quantification of
various drug effects during wound healing has been demonstrated [128]. While these
previously mentioned studies have demonstrated the utility of PS-OCT for monitoring the
normal wound healing process, the use of this technique for evaluating the morphological
changes associated with bacteria infected wounds has not been investigated. Further, it has
been demonstrated that bacterial toxins have a detrimental effect on wound tensile strength
and have been found to decrease collagen deposition and cross-linking [129] that may
show up as birefringence changes in PS-OCT imaging. We have therefore used PSOCT
and real-time OCT imaging setups to characterize the different phases of healing of
uninfected and S. aureus-infected superficial skin wounds under ex-vivo and in-vivo
conditions respectively. The PSOCT setup was used to investigated the changes in
collagen birefringence in the uninfected and S. aureus infected wounds while the realtime
OCT imaging on samples were performed for studying the kinetics of healing of infected
wounds under in-vivo conditions.

6.2 Staphylococcus aureus bacterial culture
S. aureus MTCC No. 740 (equivalent to ATCC 9144) was obtained from the Institute of
Microbial Technology, Chandigarh, India. Bacteria used for infection were grown
overnight in Tryptic Soya broth (TSB, Himedia, Mumbai, India) under aerobic conditions
at 37º C using a shaker incubator.
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6.3 Wound creation and bacterial infection
Animal infection experiments were performed in accordance with institutional and
national guidelines on animal care. Six- to 8-weeks-old female Swiss albino mice were
used for all experiments. The mice were anesthetized by an intraperitoneal injection of
Ketamine (80 mg/kg) and Xylazine (10 mg/kg). The tape-stripping wound model was
generated according to the procedure described by Kugellberg et al. [130]. For tape
stripping wounds, hair was removed from an area of ~ 2 cm2 from the back of the mice
using a depilatory cream after anesthetizing the animals. The skin was then cleansed with
Betadine. For wound generation, the skin was stripped 12–15 times with Tensoplast
(Johnson & Johnson, Mumbai, India). Following this procedure, the skin became visibly
damaged and appeared red and glistening but no bleeding was observed. Microscopically,
this procedure resulted in the partial removal of the epidermal layer. Infection was
initiated by placing a 50 mL of stationary-phase culture of S. aureus suspension containing
~5 × 108 cells on the tape-stripped skin. To confirm the establishment of wound infection,
mice were euthanized at different time points and ~ 2 cm2 wounds were excised. Wound
tissue was divided into two parts. One part was used for determining bacterial counts by
colony-forming units (CFU) and the other part was used for PSOCT and histological
studies. The number of CFU in the wounds was assessed at different post-infection time
points.
For CFU determination, the tissue was homogenized in 2 ml of phosphate-buffered
saline (PBS) using a hand homogenizer. Homogenized samples were diluted in PBS and
an appropriate volume of the diluted sample was plated on TSB agar plates to determine
the CFU. The bacterial counts obtained were normalized with respect to the weight of the
infected wound tissue. About 108CFU/gm were recovered from the wound at 24 h
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following the application of S. aureus (Figure 6.1). The number of CFU decreased by 1.5
log at 48 h. The bacterial count recorded (~ 106 CFU/gm) at this time point indicated the
successful colonization of bacteria in the wound [117]. Beyond 96 h, the bacterial counts
were negligible.

Figure 6.1: Post-infection time-dependent bacterial counts obtained from wounded skin tissue of
mice. The error bar represents the standard deviation around the mean calculated from three
different experiments. Data represented at each infection time point are obtained from three mice.

6.4 Ex-vivo imaging of healing of wounds using PSOCT and
Histology
The PSOCT setup used for the ex-vivo imaging is described in chapter 2 of the thesis.
Briefly, it measures the polarization components of the back scattered light from sample
and calculates the intensity or reflectivity images and the birefringence images of tissue
samples. For imaging, resected wounded skin was marked with an ink pen at regions of
interest and placed on a linear translation stage.
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In order to characterize the histopathology of the wound model, wounded skin close to the
OCT imaged regions was excised on days 2, 4 and 10 of tape stripping and fixed in
formalin (4%). The formalin-fixed biopsy specimens were processed using a standard
histological procedure and stained with hematoxylin and eosin. The slides were examined
under a microscope to determine tissue changes such as inflammation and reepithelization.

Figure 6.2: PSOCT image of the normal mice skin. Back scattered (a; image size: 1.5 mm × 3
mm), optical retardation (b; image size: 1.5 mm × 3 mm) OCT images of resected mice skin and
the histology image (c) of the corresponding tissue. Scale bar: 200 µm.

Figure 6.2 (a) shows the backscattered intensity OCT images of normal mice skin.
The upper layers in the skin correspond to the epidermis, which is approximately 50 ± 12
µm. The relatively higher scattering region of ~ 250 ± 12 µm below the epidermis
corresponds to the dermis. The corresponding cumulative optical retardation (i.e. phase
difference induced in the two orthogonally polarized light beams in the given thickness of
the tissue) is shown in Figure 6.2 b. The transition from black to white bands in the
PSOCT image of the dermal region represents the change in the accumulated phase
retardation from 0 to π/2. This can be attributed to higher collagen density or organized
collagen [128]. Figure 6.2 c shows the histology of the skin section imaged with OCT. The
thicknesses of the epidermis and the dermis measured in this image are 30 ± 12 µm and
143

150 ± 15 µm, respectively. These values are lower (~ 1.5 times) than the values measured
from the OCT images. This is attributed to the shrinkage of the tissue caused by
histological processing [131].

Figure 6.3: Time-dependent structural changes in uninfected wound skin of mice. Left (a, d, g),
middle (b, e, h) and right (c, f, i) panels represent backscattered intensity OCT images, PSOCT
images and histological images, respectively. Top (a–c), middle (d–f) and lowermost (g–i) rows
represent images of resected wounded skin sample imaged on days 2, 4 and 10 of wounding,
respectively. OCT images; image size: 1.5 mm × 3 mm. Histology images; scale bar: 100 µm.

Figure 6.3 shows the representative backscattered intensity (a, d, g), birefringence
(b, e, h) and the corresponding histological images of uninfected wounded skin on days, 2,
4 and 10. On day 2, a bright scattering discontinuous layer appeared at the top that
corresponded with the early crust (Figure 6.3; a–c). The back-scattered intensity in the
epidermis and dermis region of the wound tissue (Figure 6.3; a) was lower and more
nonuniform than that of normal skin, which indicated loosening of the tissue matrix due to
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tissue inflammation [132]. In addition, several signal-free regions were also observed in
these images (arrows), which may be due to the development of edema. These scattering
changes were comparable with the histological images (Figure 6.3; c). Further, in contrast
to normal tissue, scattering changes corresponding to adipocytes and the muscle layers
below the dermis were clearly observed. This indicated an increase in imaging depth. In
the corresponding PS-OCT image, accumulated phase retardation decreased with respect
to that of the normal skin, indicating randomization in collagen (Figure 6.3; b). On day 4,
the backscattered intensity of the top layer appeared brighter and continuous as compared
with day 2, indicating the presence of a continuous crust layer (Figure 6.3; d).
Inflammation at this time point was much lower as compared with that of day 2. In
addition, a new scattering layer appeared below the edematic regions of the dermis
corresponding to a new epithelial layer formation as observed in the histology image
(Figure 6.3; f). The appearance of a high scattering layer below the newly formed
epithelial layer suggested the formation of granulation tissue [132]. The PS-OCT image at
this time point showed an increase in retardation with respect to that of day 2, indicating
an increase in tissue compactness (Figure 6.3; e, f). With an increase in the post wounding
time (day 10), the intensity of back-scattered light increased. In the OCT images, the
granulation tissue appeared more uniform compared with that of the earlier time points,
and the dermis epidermis junction (DEJ) was clearly visible (Figure 6.3; g). A relatively
higher retardation observed on day 10 (Figure 6.3; h) indicated the recovery of collagen
morphology. The histology image showed an almost reconstituted dermis and some
budding hair follicles (Figure 6.3; i).
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Figure 6.4: Postinfection time-dependent structural changes in infected wound skin of mice. Left
(a, d, g), middle (b, e, h) and right (c, f, i) panels represent backscattered intensity OCT images,
PS-OCT images and histological images, respectively. Top (a–c), middle (d–f) and lowermost (g–
i) rows represent images of resected infected skin sample imaged on days 2, 4 and 10 of wounding,
respectively. Image size: 1.5 mm × 3 mm.

Figure 6.4a shows the backscattered images of an infected wound on day 2. Compared
with the uninfected wound, the back-scattered intensity from the dermis regions of
infected wound tissue was significantly lower. Inflammatory, edematic regions in the
dermis below the crust were clearly observed in these images (Figure 6.4 a, b). These
observations were comparable with the histology images (Figure 6.4 c). On day 4 (Figure
6.4 d), the severity of edema and inflammation did not show a significant change
compared with that of day 2. However, in comparison with the uninfected counterpart, the
severity was higher. Further, unlike in the uninfected wound, reepithelialization and
granulation tissue were not observed at this time point. Compared with the uninfected
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wound, nonuniform scattering and many signal-free regions (Figure 6.4 g) were still
evident on day 10 in the infected wound skin, and phase retardation images also showed a
disordered collagen morphology. However, the new epithelium started to appear at this
time point. These morphological features were comparable with the histology features
(Figure 6.4 i) that showed the presence of an incompletely reconstituted dermis.

Figure 6.5: Measured mean phase retardation of normal (N), wound skin without (UI) and with
infection (I) measures along the skin depth on day 10 of wound creation. Individual columns
represent the mean value per sample measured from six different images taken from two different
experiments. The scale bars represent standard deviation around mean. The statistical significance
was determined using oneway ANOVA (*Po 0.05).

In Figure 6.5, a comparison of the phase retardation values of normal, uninfected and
infected wounds on day 10 is shown. A significant reduction in phase retardation was
observed in both infected and uninfected wounds, with infected wounds showing a lower
value (~45%). Student’s t-test was used to determine the significance of the difference
between two means. One-way ANOVA was used to compare the significance of the
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difference in the phase retardation values of different groups. The level of significance
was set at Po 0.05.

6.5 In-vivo monitoring of wound healing

Figure 6.6: Kinetics of healing of uninfected and infected wound imaged using real-time OCT.
Top panel (a): image of normal skin. Image size: 1.5 mm × 3 mm. The images show, compared
with uninfected infected wounds, a delay in different phases of wound healing.

Wound-healing in infected and uninfected mice under in-vivo conditions were also
investigated using a real-time OCT imaging setup, the details of which are presented in
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chapter 3. In each group (uninfected and infected), a single mouse was used for
monitoring the morphological changes during wound healing. Before OCT imaging, the
mice were anesthetized and placed on the XY stage. Figure 6.6 shows the back-scattered
intensity (in-vivo) images of uninfected (left panel) and infected mice (right panel) skin on
days 2 (b, c), 4 (d, e) and 10 (f, g). The discontinuous scattering observed from the new
epithelium of uninfected mice on day 4 becomes uniform on the 10th day. The backscattered intensity images of normal skin, uninfected and infected wounds monitored
using real-time OCT were comparable to that of resected normal and wounded skin
imaged using the PSOCT set up.

6.6 Discussion
In this study, PS-OCT and real-time OCT imaging were used to characterize the different
phases of healing of uninfected and S. aureus-infected superficial skin wounds under exvivo and in-vivo conditions. The changes observed in the OCT images of wounded skin on
day 2, such as an increase in imaging depth compared with normal skin and the presence
of signal-free regions (Figure 6.3; a–c) corresponding to edema, indicate an early
inflammatory response of the wound tissue. The inflammatory phase is the first step in the
wound-healing process comprising both a vascular and a cellular response [133]. The
vascular response involves local vasodilatation, blood and fluid extravasations into the
extra vascular space, and blockage of lymphatic drainage leading to the development of
edema. The cellular response of inflammation, which normally starts within 24–48 h of
wound, is characterized by infiltration of neutrophils and other immune cells. In the OCT
images, the non-uniform dermal back scattering (Figure 6.3; a) observed on day 2 is an
indication of the presence of inflammatory cells [132]. The migration of immune cells is
149

accompanied by the production of matrix-degrading hydrolytic enzymes, which initiate the
degradation of the provisional matrix [134]. This may have contributed to the low and
random birefringence observed on day 2 (Figure 6.3; b). The crust layer was also visible in
the OCT images at this time point. These observations are in agreement with the woundhealing-associated morphological changes in mice reported using ultra-high-resolution
OCT [128]. In the OCT images, the presence of a noticeable bright scattering layer below
the crust layer of wound on day 4 (Figure 6.3; d) indicated the formation of a new
epithelial layer [135]. This corresponded with the proliferative phase of wound healing.
During this phase, the epidermis is restored following a cutaneous injury. In addition,
below the new epithelial layer, a relatively uniform high scattering layer was observed.
This indicated the onset of granulation on the fourth day after wound creation in
uninfected wounds (Figure 6.3, d) during which new collagen is synthesized [115]. On day
4, the increase in birefringence, tissue compactness and decrease in imaging depth (Figure
6.3, d) also correlated with the formation of granulation tissue. More intense
backscattering and ordered birefringence observed on day 10 in the wounded tissue than
on previous days suggests restoration of collagen corresponding to the remodeling phase
of wound healing. It has been reported that 2–3 days after wound infliction, collagen is
deposited [136]. This is randomly oriented initially and becomes reoriented in an orderly
fashion during the late granulation stage [133]. In some regions, higher birefringence than
that of normal skin was also observed, suggesting an increase in collagen synthesis.
Previous studies have shown that the collagen content increases during early wound repair,
peaks around 2–3 weeks after injury and returns to the preinjury morphology over a longer
period [115]. Concurrent with these dermal changes, on day 10, the reepithelialization was
almost complete and was in agreement with the histology (Figure 6.3; i). The results
presented in this study showed that the structural changes associated with the healing of
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infected wounds were different as compared with the uninfected wounded tissue. Unlike
the uninfected wounds, infected wound tissue showed persistence of inflammation and
edema on day 10 even when the bacterial count was negligible after day 4. It may also be
noted that in the uninfected wound, the reepithelialization and granulation started around
day 4, but in the infected wound, both the processes were delayed almost by a week. The
lower phase retardation value (Figure 6.5) and the higher imaging depth observed on day
10 in the infected wound in comparison with that of the uninfected counterpart are
suggestive of a degraded collagen matrix and a delay in the collagen remodelling phase.
Our real-time OCT images (Figure 6.6) also showed kinetics of wound healing under invivo conditions that had features like edema and reepithelialization similar to that observed
in resected tissue using PS-OCT. Our OCT results also showed that even in the epidermal
wounds generated by tape stripping, the collagen morphology was disturbed, which was
repaired during the healing process. The appearance of epidermal invaginations observed
in the epithelial layer of wounded skin during the healing process in the histology images
confirms the renewal of hair follicle growth. This observation shows that the dermis and
the dermal appendages were recycled during the repair of epidermal wound healing. These
results are in agreement with the epidermal wound healing reported by Sugata et al. [137],
wherein they have shown the involvement of dermal papilla in the restoration of the
epidermal layer using confocal microscopy.

6.7 Summary
PSOCT imaging was used to monitor the differences in the morphological and
birefringence changes in resected tissues from bacteria-infected and uninfected wounds.
The observed results have been validated by histological studies. A real-time OCT was
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also used to monitor the progress of healing during infection in a single animal. This
imaging technique can provide a rapid assessment of morphological changes, thereby
facilitating timely treatment planning.
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7 CHAPTER 7: REFRACTIVE INDEX
MEASUREMENTS WITH COMMON PATH
PHASE SENSITIVE FDOCT SETUP

Abstract: In this chapter we describe the use of a common path phase sensitive FDOCT
set up. The phase measurements of interference spectrum fringes, acquired with common
path FDOCT setup, were used to achieve optical path length measurements with resolution
of ~2 nm. The setup has been used for the measurement of refractive index of biomimetic
materials (glucose solution in water having intralipid as the scattering medium) and single
biological cells (keratinocyte).

7.1 Introduction
There has been considerable interest in the use of interferometric techniques for in situ
measurement of the refractive index of the biomaterials [72,138]. Since the resolution of
the OPL measured by a standard OCT setup is limited to the coherence length of the
source (i.e. a few micrometer) the accuracy of refractive index measurement by this
approach for an imaging depth of a few mm is limited to ~ 10-3 [72]. To further improve
the accuracy of the refractive index measurements the resolution with which OPL can be
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measured needs to be improved. This can be done if phase information is retrieved in
addition to the measurement of the amplitude of the interference fringes [139]. In a typical
time domain OCT setup, which involves scanning of the reference arm for depth imaging,
precise phase measurements are made difficult due to the considerable phase jitter induced
by vibration and noise generated due to the scanning process. Much improved phase
stability is obtained in Fourier domain optical coherence tomography setups as these do
not require reference arm scanning for depth ranging [140]. This also makes common path
configuration easy to implement in the FDOCT approach. Indeed Choma et al. used a
common path FDOCT setup to demonstrate picometer level OPL measurements by
retrieval of phase information of the interferometric signal [141]. However, the OPL
measurement range of their technique was restricted to one half of the source wavelength
owing to the 2π ambiguity. In order to measure a larger OPL, the measured phase needs to
be unwrapped which requires that either the phase shifts gradually or a mechanism like
synthesizing the beat frequency needs to be used to account for the 2π ambiguity [142].
Zhang et al. have successfully demonstrated phase unwrapping by incorporating the phase
retrieval in spectral domain (wavenumber space) instead of depth domain [143]. Unlike
depth domain where the phase changes discontinuously, the phase varies gradually in
wavenumber space. Since the approach demonstrated by Zhang et al. can measure large
OPL with high precision it is well suited for the measurement of the refractive index of the
biomaterials.
In this chapter, we describe the utilization of a common path FDOCT setup for the
measurement of the refractive index of a biomimetic material (glucose solution in water
having intralipid as the scattering medium) and a single biological cell (keratinocyte).
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7.2 Common path FDOCT system

Figure 7.1: Schematic of the common path spectral domain interferometer. SLD, FC, C, L, TG,
LSC are the abbreviations for superluminescent diode, fiber-optic coupler, collimating lens, lens,
transmission grating and line scan camera respectively. Inset picture shows the sample chamber
along with the paths of interfering (reference and sample) beams.

A schematic diagram of the common path FDOCT setup, which is modified
version of the FDOCT setup described in chapter 3, is shown in Figure 7.1. It employs an
SLD operating at 840 nm with ~ 40 nm bandwidth. The output of the SLD was coupled in
to a 3 dB fiber coupler. One arm of the coupler is left open while the other arm is used as
common path interferometer to eliminate the common mode noises in the sample and the
reference light [141]. As shown in the inset of Figure 7.1 the sample chamber itself
provides the reference beam required for the interference. Since the technique is depth
resolved, the interference arising due to the beam reflected from the different interfaces of
the chamber can be easily separated. A 5X microscopic objective (NA: 0.1) was used to
focus light on the sample. The back-reflected components of the reference and sample
light are coupled back to fiber coupler. In the detection arm, the interferometric signal was
acquired using a spectrometer which comprises a transmission grating (1200 lines per mm,
Wasatch Photonics), a 150 mm focal length lens (for focusing the diffracted beam) and a
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line scan camera (LSC, Atmel Aviiva). Since the spectral resolution of the spectrometer
used for acquiring the spectrum of the interference fringes was ~ 0.1 nm, the imaging
depth is restricted to a value of ~ 2 mm [17]. As the sample chamber used for common
path configuration was made of ~ 1.5 mm thick glass plates with a separation of ~ 300 µm,
only the interference from the inner surfaces of the sample chamber is within the
measurable depth range of the setup. The measured OPL is an average value for the
illumination sample area which in our case is estimated to be ~ 25 µm for 5X objective. A
low numerical aperture (NA) lens was chosen to have a large depth of field across the
sample chamber.

7.2.1 Phase sensitive OPL measurement
The spectral distribution of light at the detector has a sinusoidal interference pattern
(u(k) ∝ cos( 2kz ) where k=2π/λ) superimposed on the broad source spectrum. The phase
information of the interferometric fringes can be retrieved using Hilbert transformation,
defined as w(k)=u(k)+iHT{u(k)} [144]. The phase Φ(k) of the interference signal can be
calculated as Φ(k ) = tan −1[Im(w(k ) / Re(w(k ))] . The calculated phase is wrapped and varies
between – π to + π. The absolute phase can be recovered by unwrapping the calculated
phase as discussed in Ref [145]. The unwrapped phase of a sinusoidal function (u(k))
varies linearly and the absolute optical path (z) can be obtained by linear fitting of the Φ-k
curve. The slope of the linear fit gives the OPL ( z = 1 dΦ ) [146]. The OPL thus measured
2 dk

was used as the approximate value to determine the integer reference to remove the 2π
ambiguity. More precise value of OPL (z’) can be obtained by including the actual phase
value along with the phase slope as follows [143,147]

z' =

1
2k


 Φ − 2kz 
Φ − 2π int  2π 




(7.1)
156

The interference spectra recorded for the empty (solid line) and water filled sample
chamber (dash-dot line) are shown in Figure 7.2A and in Figure 7.2B we show the
variation of unwrapped phase retrieved using Hilbert transformation for the same. The
observed change in the slope of the unwrapped phase versus wave number is due to the
optical path difference between the empty and water filled chambers. Inset of Figure 7.2B
shows the stability of the measured optical path length of a coverslip (thickness 115 µm)
over 100 measurements for a coverslip of thickness 115 µm. The OPL of the coverslip was
used to calibrate the system.

Figure 7.2: (A) The spectral interference fringes are shown for empty (solid line) and water filled
(dash-dot line) sample chamber, (B) the unwrapped phase and wave number curve shows change
in slope for the empty (black line) and water filled sample chamber (dash-dot line). Inset picture
shows the stability of the optical path length (OPL) calculated over 100 measurements for a
coverslip of thickness 115 µm.
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Figure 7.3 shows a comparison of the fluctuations in the values of OPL measured using a
conventional interferometer (where the open arm of the 3 dB fiber coupler was used as
reference arm) and with the common path interferometer. As expected in the common path
interferometer the fluctuations in OPL are significantly reduced to ~ 2 nm as compared to
~ 4 µm for the conventional dual arm interferometer.

Figure 7.3: Fluctuations in measurements of OPL using (A) separate reference and sample arm and
(B) with common path interferometer.

7.2.2 Measurements on coverslips
The setup was used to measure the thickness and the refractive index of a borosilicate
glass coverslip. For this, we first measured the optical path lengths of the sample chamber
when a coverslip of thickness 115 µm (thickness measured with 1 µm resolution digital
micrometer gauge) was placed inside the sample chamber and then the OPL of the empty
chamber was measured by carefully removing the coverslip from the sample chamber
without disturbing the location of sample chamber. The FFTs of the recorded
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interferograms are shown in Figure 7.4. To measure the thickness and the refractive index
of the coverslip we need the optical path of coverslip and the change in optical path length
of the sample chamber. The peak marked by letter A corresponds to the OPL of coverslip
while B and B’ are the peaks corresponding to the optical thickness of the sample chamber
before and after removing of the coverslip from sample chamber. The other peaks are
because of the interference among the reflections of the coverslip and sample chamber
interfaces. The optical path lengths corresponding to the coverslip and the chamber were
measured by filtering out the undesired peaks using Fourier filtering. Using the measured
optical thickness of the coverslip and the change in optical thickness of the sample
chamber (before and after removing the coverslip) the refractive index of the coverslip
was worked out to be 1.52757 ± 0.00002. It is to be noted that the repeatability obtained in
our case is an order of magnitude better than that obtained by Na et al. [148] where a selfreferencing approach was employed for reducing the noise arising due to the variations in
the environmental conditions. In the approach used by us, the use of phase retrieval for
higher resolution OPL measurement coupled with the common path interferometry leads
to the enhanced repeatability.

Figure 7.4: FFT of the acquired spectrum before (solid line) and after (dotted line) remove
coverslip from the sample chamber. The peak marked by letter A corresponds to the OPL of the
coverslip while B and B’ are the peaks corresponding to the thickness of the sample chamber
before and after removing the coverslip respectively.
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7.3 Refractive index sensing of glucose solutions
For refractive index measurements we made a solution of glucose in water. For this, we
made 100 mM aqueous solutions of glucose (Sigma-Aldrich chemicals) as a base solution.
The different dilutions of the base solution were made to get 0 to 100mM glucose solution.
To prepare biomimetic medium, 0 to 100 mM glucose solutions were prepared in 0.5%
and 1% of intralipid solutions (Fresenius Kabi Austria GmbH Graz, Austria, 10%
dilution).
To measure the RI of glucose solution, the OPLs were measured first with an empty
chamber of geometrical thickness t, followed by liquid filled chamber to estimate the
optical thickness (i.e. n×t). In view of the fact that the glass plates used to make sample
chamber may have non-uniform thickness, the OPLs were measured at the same location.
The observed changes in RI for different glucose concentrations in water and in two
different concentrations of intralipid (0.5% & 1%) are shown in Figure 7.5A and Figure
7.5B respectively. As expected, a linear increase in RI was observed with an increase in
concentrations of glucose. The slope of the curve, its intercept and the residuals of the
linear fit are tabulated in Table 7.1. From Table 7.1, it can be observed that with the
addition of intralipid scattering medium the RI of a given glucose concentration increased.
This is because of the presence of glycerol, fat, etc. in intralipid solution. There is no
significant variation in the slope of the RI measurement with glucose concentration for the
three solutions (water, 0.5% and 1% intralipid solution). With an increase in intralipid
concentrations the residual values also increased because the increase in the scattering
coefficients in the medium leads to a decrease in the interference signal. The goodness of
the linear fit (R-square value) obtained for water, 0.5% and 1% intralipid solution were
0.998, 0.994, 0.988 respectively. The refractive indices of the glucose solutions could be
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measured with a standard deviation of ~ 1.5 × 10-4. The measured slope of the variation of
RI with Glucose concentration (2.40 × 10-5) is reasonably close to the previously reported
values of ~ 2.20 ×10-5 [149,150].
Table 7.1: Linear fitting parameters for glucose sensing in water and in intralipid solutions.
Parameters

Water

0.5%

1%

Intralipid

Intralipid

Slope (dn/dC)

2.4e-5

2.4e-5

2.3e-5

Intercept

1.3366

1.3372

1.3377

Residuals

9.1e-5

1.5e-4

2.2e-4

Figure 7.5: The RI data obtained for different concentrations are shown for (A) water (B) 0.5%
intralipid (square), and 1% intralipid (diamond). The linear fit to data obtained in water is shown in
solid line and that of 0.5% intralipid and 1% intralipid are shown in dotted and dashed lines
respectively.
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7.3.1 Single cell refractometry
To measure the RI of single cell, we coupled a microscope with the common path phase
sensitive interferometer as shown in Figure 7.6. A CCD was placed in the viewing port of
the microscope to get the bright field image from the same objective lens with which OCT
signal was collected. For cell refractometry experiments, human keratinocyte cells
(HaCaT cells, NCCS, Pune, India) were used. These were grown on 35-mm-diameter
petridishes in F-12/DMEM (1:1) media supplemented with 10% fetal bovine serum,
antibiotics. The cells were incubated at 37 °C in an incubator humidified with 5% CO2.
After 48h, cells were harvested using Trypsin Versene Glucose solution. These cells were
suspended in F-12/ DMEM medium (without serum) for using in the experiments.

Figure 7.6: (A) The schematic diagram of single cell refractive index measurement setup. (B) The
measured change in OPL when light passes through the cell and outside the cell.
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Figure 7.6A shows an image of a single keratinocyte cell suspended in cell media,
recorded by the CCD camera. For the measurement of RI of single cell we used a 20X
objective lens due to the small size of the cell and to take care of the low depth of field for
the high NA objective, the chamber thickness was decreased to ~200 µm. The cell
diameter (CS) of keratinocyte cells was measured using the bright field CCD image
assuming the suspended cells are spherical in shape. In order to measure the RI, we
measured the OPLs of the sample chamber when the light passes through the cell (Lc) and
outside it (Ls). From these measurements the refractive index of the cell can be derived as

nc = n s +

(Lc − Ls )
CS

(7.2)

where nc is the refractive index of the cell, ns is the refractive index of the cell media. In
Figure 7.6B we show the results for the 100 measurements carried out for Lc and Ls for a
given cell. The variation in the OPL measurements through cell is ~10 nm (Figure 7.6B)
which corresponds to refractive index precision of ~ 4 x10-4. Measurements made on 15
cells gave an average refractive index of keratinocyte cells of 1.38±0.02. This observation
is consistent with the results of Rappaz et al. [151] where they have used digital
holographic microscopy to measure the RI of neuronal cells with a precision of ~3 x10-4
but cell to cell variation in RI of ~0.01.

7.4 Conclusions
We have used common path phase sensitive spectral domain optical coherence
tomography setup to measure optical path lengths with 2 nm precision. The set up could
be used to measure refractive index of a biomimetic material (0 to 100 mM concentration
of glucose in water having 0.5% and 1% intralipid as the scattering media) with a
repeatability of ~ 0.00015. By coupling the common path interferometer with a
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microscope, refractive index of single keratinocyte cell was also measured with a
repeatability of ~ 0.0004 As this technique uses broadband SLD light source, it is free
from coherent noise associated with the laser light used in digital holography microscopy,
which severely reduces the optical quality of the resulting images [152]. Further, in view
of its simplicity compared to the digital holography approach it can be easily integrated
with micro-fluidic devices and thus may find applications in rapid screening of refractive
indices of biological fluids and cells.
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8 CHAPTER 8: SUMMARY

In this thesis we have described the development of OCT setups and their
utilization for applications in biomedical imaging like imaging of Zebrafish organs (eye
and brain), monitoring of wound healing and discrimination of pathologies of tumour
tissues. Towards this objective, we first developed a TDOCT setup. It uses a mechanical
scanning reference arm mirror using motorized translation stage for axial or depth scan.
Major advantage with this linear translation based scanner is that it facilitates large
imaging depth range suitable for imaging transparent samples like eye. The TDOCT setup
was used for imaging various ocular structures of Zebrafish eye such as cornea, iris, eye
lens and retina. Several ocular parameters such as corneal thickness and retinal thickness
were measured from the acquired ocular images. OCT imaging provides direct
measurement of optical path length of the light travelled inside the medium. This
information was used to estimate the effective or integrated refractive index of the lens for
formalin fixed Zebrafish. The study was also extended for in-vivo measurement of the
refractive index profile of Zebrafish eye lens. The gradient refractive index profile was
retrieved by iterative fitting of optical path calculated by ray tracing method with that
experimentally measured using OCT. We have also investigated the use of chemically
etched tapered fiber and demonstrated the improvement in resolution by visualization of
chloroplasts in Elodea densa plant leaf.
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The slow imaging speed (~ one minute per image) of the TDOCT setup hampered
its use for in-vivo imaging of biological tissues. To overcome this, a high-speed OCT
system was developed where a rapid scanning FDODL was introduced in reference to
achieve scan rates of ~ 4000 scans/s which leads to imaging at 8 frames per second with
500 A-scans per frame.

The setup was used for 3D optical imaging of brain with

resolution (~20 µm) significantly better than obtained by other techniques like MRI and
computed tomography. The setup was also used for monitoring the healing of wounds
non-invasively without sacrificing the animal and demonstrated the applicability of the
technology for rapid assessment of the wound healing to facilitate timely treatment
planning. The high speed image acquisition using resonant scanning FDODL requires
large detection bandwidth that compromises the sensitivity of the system. To implement
fast image acquisition without significantly compromising the detection sensitivity OCT
system based on Fourier domain approach was also developed. This approach eliminates
the need for scanning in reference arm and thus facilitates enhanced image acquisition
speed with better signal to noise ratio. The FDOCT setup was used to image in-vivo
samples like skin and nail with 10 frames per second with 1000 A-scans per image. The
A-scan rate can further be increased up to ~29 kHz (limited by the read out rate of the
LSC) that is sufficient to achieve video rate (32 fps) imaging. The standard OCT setup is
only sensitive to the refractive index variation of the tissue. Many biological tissues
exhibit birefringence which can modify the polarization state of the incident light.
Therefore, we developed a time domain PSOCT setup, which measures orthogonal
polarizations of the scattered light, to monitor the birefringent constituents (collagen,
tendon, etc.) of the tissue. The PSOCT setup was used for monitoring of collagen
remodelling during wound healing progression in the resected tissues of bacterial infected
and uninfected mice models. The setup was also used to monitor the changes in the
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collagen that take place in malignancy and based on these measurements normal, benign
and malignant breast tissue samples were discriminated. Further, OCT based system was
also used to measure mechanical properties of breast tissues and significant differences in
the stiffness coefficients of normal, benign and malignant tissue were obtained.
In addition to the polarization and elastography information, phase sensitive
measurements of OCT interference was also explored. The phase sensitive measurements
help to retrieve optical path length changes beyond the restriction of the coherence length
of the source. The nanometer scale optical path lengths, obtained using phase sensitive
measurements of the interference fringes, were used for the measure of refractive index of
biomimetic materials and single biological cell (keratinocyte cells).
The present work can be further extended along the following directions:
We used PSOCT setup for monitoring wound healing. However, for the ease of
imaging in a clinical environment, a fiber based high speed PSOCT imaging setup would
be better. It will also be interesting to incorporate the Doppler measurements[153] with
PSOCT as it would also provide information regarding micro-circulation and angiogenesis
of wound healing in addition to the collagen remodelling and morphological changes.
Since, formation of new blood vessels is essential for several physiological and
pathological events, e.g. embryogenesis, wound healing and tumor growth and metastasis,
it would also be a useful tool to visualize the tumor microvasculature and developmental
studies on Zebrafish embryos also.
We have used the polarisation sensitive and elastography based measurements with
OCT imaging to discriminate the normal, benign and malignant tissue pathologies.
Another interesting line of research can be to explore the use of optical contrast agents like
nanoparticles to further enhance the diagnostic imaging capabilities of OCT. These
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contrast agents may enable site-specific labelling of tissue structures, and thus improve the
visualization of early-stage and metastatic tumors and tumor margins to help image-guided
surgical resections. Incorporation of the OCT with other imaging modalities such as
confocal fluorescence microscopy, laser induced fluorescence, Raman spectroscopy, multi
photon microscopy, etc. will also be a worthwhile objective as it will help simultaneous
characterization of the 3-D tissue morphology and its biochemical composition [154,155].
These biochemical and morphological information would be useful for fast screening of
the normal and diseased tissue at an early stage.
We made use of phase sensitive measurement of the interferometric fringes to measure the
refractive index of bio-mimetic materials and single cells. By incorporation of 2D galvoscanner (for raster scanning of beam) in the setup, it will be possible to measure the two
dimensional distribution of the optical path lengths across the biological cells. This would
help high resolution imaging of the microscopic objects like cells without staining or
affecting them [156]. The studies could be performed to assess the variation in optical
path length of the cellular objects affected by different treatments or by the environmental
factors such as temperature or pH. It can also be used for label free quantitative and
qualitative apoptosis studies which begin with a variety of morphological changes that
differs from viable cells.
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