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Abstract

Optical coherence tomography (OCT), a method for cross sectional tissue imaging, is
gaining significant ground as a diagnostic tool in various fields. However many early
disease changes remain below the resolution of the technique. In OCT the resolution
is fundamentally limited by the spectrum of the laser source and the optics used.
Enhancements can only be marginal since the spectral increase required for further
axial resolution improvement cannot be supported even by the highest end lasers. The
lateral resolution of OCT can be improved by use of high numerical aperture (NA)
objectives. However, use of a high NA objective restricts the depth of focus. In this
dissertation we propose some novel methods for axial and lateral resolution
improvement which are independent of the above limitations, providing the
opportunity for cellular and sub-cellular resolution imaging, without increasing the
cost and complexity of the system.

A method for axial resolution improvement was developed, which was based on the
modulation of the axial PSF of the system. With this method the axial resolution may
be improved by a factor of 7. The application of this method in time domain OCT
differs significantly from that in frequency domain OCT systems. However different
formulations have been developed for both. Their mechanical basis and experimental

validation are presented in this thesis.

A method for lateral resolution improvement based on the oversampling of the OCT
images was also developed. The information in the oversampled OCT images was
used to estimate the locations of multiple scatterers, assuming each contributes a
weighted portion to the detected signal. This method was applied to laterally
oversampled OCT images, and a resolution improvement of a factor of 3.7 was
experimentally demonstrated.

The theoretical and experimental framework developed in this thesis can significantly
improve the resolution of OCT images allowing imaging of diagnostically crucial
cellular level characteristics. Such technological improvements can increase the

effectiveness of OCT as a tool for diagnosis of very early cancer and other diseases.
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IHepiinyn

H Ontwd Zopepwvn Topoypaeio (OZT), eivarl o péBodog OnTIKNAG ATEKOVIONS TNG
E0MTEPIKNG OOUNG TV 10TOV, Kot KePSIlel oAoéva Kol O ONUOVTIKO £00.(pOC ™G
epYOAElo ddyvmong oe d1apopovg Touelc. Qo6tdc60, ot aAhayég mov cupPaivovy oe
TPOIUL0 GTASLOL OPKETAOV AGHEVELDV TAPAUEVOLY KAT® amd TNV gukpivela (SLoKPITIKA
wavotnta) e pebodov avtic. H evxpivela g peBoddov OXT mepropileton
OepeMwddg and 1o dopa g mTyNS Aélep Kol TO YOPOKTNPICTIKG TOV OMTIKMOV
pécmv mov ypnowonotovvtat. H ypnon avaPadbuicpévov pécov mpokaiel oplokég
(Likpéc) PBetiwoelg oty avdAlvon aeov 1N EOCUATIK abENoN Tov amotteiTol yio
nepaltépm Peltiooon g aovikng gvkpivelag dev vrootnpiletal ovte amd to Aélep
tehevtaiog teyvoroyiag. H eykapoia evkpivera g pebddov OXT pmopel va Pertiomdel
HE TN YPNOT OMTIKOV QUKAOV HeYOAov aplBuntikod avoiypatog (AA). Qotdco, n
YPNOTM OMTIKOV QOK®V pHe peYdAo apluntikd dvorypo mepropiler to Pdboc g
eotiaong. Avt 1 dwaktoptky dwtpPn mpoteivel véeg nebodovg v Pertiooon g
aEOVIKNG Kot £YKAPOLag evkpivelag Tov cvotnudtov OXT, tov givar ave&dptnteg and
TOVG TTOPATAV® TEPLOPICUOVS, TAPEYOVTOS TI OLVATOTNTO OMEIKOVIONG LLE KVTTOPIKN
KOl EVOOKLTTOPIKY €VKpiveln, Ywpig var avENcEL TO KOGTOS Kol TNV TOALTAOKOTNTO
TOV GLGTNLOTOG,.

H pébodoc mov avamtdydnke yoo v Pertioon g agovikng gvkpivelng, Paciletaon
oTNV JPOPO®MON NG AEOVIKNG CLVAPTNONG HeTapopds (EMX) tov cvotiuatoc. Me
avt ™ péBodo M afovikn evkpivela umopel va PeAtiwbel xotd emtd @opéc. H
epapuoy” avtg ™¢ nedddov oe cvotuato OXT mov Aettovpyodv oto medio TOL
xPOVoL dtopépel onuavtikd ond ta cvotyuate OXT mov Asttovpyodv 610 medio ™G
ouyvotag. o avtd avamtdyTnKoy 6Vo EEXMPLOTEG HEBODOAOYIEC-O1ATVIMGELS Yo
™V €Qapuoyn TG HeBOdoL avTiG Kot 6Tovg dvo THovg cuotnudtov OXT. Ot apyég
Aertovpylog KoL 1 TEPALATIKY] EQAPROYN Kol a&loAdynon tng nebddov Kot yio Tovg
VO TOTOVG GLGTNUATOV TAPOVCIALETOL GE QVTRV TNV SLTPLP].

Emiong, avantdydnke pia pébodog yio v PeAtimon g eykapoiog gukpivelog mov
Booileton otnv vaepderypatoinyio (oversampling) tov swoévov OXT. H smumhéov
TANPOPOPIOL OV  EUMEPLEXETAL OTIG  VLREPOELYHaToANTTOpEVEG  €koOveg OXT
YPNOWOTOmONKE Yoo TNV &KTiUNon TV 060ewV TV TOALUTADV GCKESUCTMV,

vroBétoviag 0Tt kébe okedaotNg ovuPdiiel €vo OTOOUOHEVO TOGOGTO GTO
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aviyveoopevo  onuo.  H  péBodoc  avty  epoapuoomke  0€  €YKAPGLOC
vrepdetypatoAnmrovpeveg ikoveg OXT kol n Peitioon g eykdpoiag gukpivelng
Kot €vov cuvtedeotn 3.7 mTapovcslaleTal TEPAUATIKE GE aLTHV TNV OtoTpiPy.

To Bewpntikd ko mepopaTikd TAAIcI0 OV avamTHYONKE G€ AVT TN OBAKTOPIKN
SwtpPny umopel va  PeATidoel onupaviikd TNV evkpiveln tov ewkovov OXT
EMTPEMOVTIOG TNV  OMEIKOVION OyveOoTIKA Kpiowwomv kot (OTIKNg onuociog
YOPOKTNPIOTIKOV 0 KVTTAPIKO emimedo. TEtoleg T1eyvoroyIkég PEATIOGES pmopel va
avénoovv v anotedecpatikotnta g OXT wg éva epyareio yio ™ ddyvaoon twv

TPOUOV 6TOdI®V TOV Kapkivoy Kot GAA®V aceveudv
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Chapter 1

Introduction

Optical coherence tomography (OCT) is a diagnostic medical imaging technology for
performing high-resolution cross-sectional imaging. OCT is analogous to ultrasound
imaging expect that is based on the detection of infrared light waves backscattered
(reflected) from different layers and structures within the tissue rather than sound.
However, unlike ultrasound, the speed of light is very high, rendering electronic
measurement of the echo delay time of the reflected light (time for the signal to
return) impossible. Similar measurements can be performed using a technique known
as low coherence interferometry. Within the interferometer, the light beam from the
optical light source is split into two parts, a reference and a sample beam. The
reference beam is reflected off a mirror at a known distance and returns to the
detector. The sample beam reflects off different layers within the tissue and the light
returning from the sample and reference arms combines. If the two beams have
travelled the same distance (optical path length) the two beams will interfere. OCT
measures the intensity of interference obtained from different points within the tissue
by moving the mirror in the reference arm that changes the distance light travels in
that arm. Low coherence can be used to localize backreflection sites and provide the
desired high resolution by limiting the interference pattern to a coherence length of
mismatch between the two arms. Two or three-dimensional images are produced by
scanning the beam across the sample and recording the optical backscattering versus
depth at different transverse positions. The resulting data is a two or three dimensional
representation of the optical backscattering of the sample on a micrometer scale. The
logarithm of the backscattering signal is represented as a false color or a gray scale
image. Image resolutions of 1-15 um can be achieved with this method which is one

to two orders of magnitude higher than conventional ultrasound. The main



disadvantage of OCT is that, in most tissues, the optical scattering limits the image

penetration depth to 2-3 mm.

OCT imaging was first demonstrated in 1991 [1] for cross-sectional imaging of the
retina and coronary artery. The first in vivo OCT images of the human retina were
demonstrated in 1993 [2][3], and since then ophthalmology remains the most

developed application area of OCT.

With recent advances in OCT technology, providing faster acquisition speeds and
better sensitivity and resolution, this technique has developed into a noninvasive
diagnostic imaging modality with ubiquitous applications [4][5][6].Clinical
applications of OCT have emerged in a variety of fields including further advances in
ophthalmology, intravascular imaging in cardiology, and applications in oncology,
gastroenterology, dermatology, dentistry, urology, gynecology and many others.
However, many of the hallmark changes associated with early cancer are not
discernible even with this advanced OCT technology. As a result, further resolution
improvement is required for the identification of these subtle changes. Unfortunately,
resolution is fundamentally limited by the spectrum of the laser source and the optics
used. Enhancements of the axial resolution can only be marginal since the spectral
increase required for further improvement cannot be supported by even the highest
end lasers. The lateral resolution of OCT can be improved by the use of high
numerical aperture (NA) objectives. However, use of a high NA objective severely
restricts the depth of focus and significantly degrades the resolution for out of focus

layers.

Deconvolution algorithms have shown to improve the axial and lateral resolution in
OCT. Commonly used deconvolution algorithms include iterative methods, such as
the Jansson-van Cittert algorithm [7], algorithms based on Fourier filtering, such as
the Wiener filter method and classical least-squares regularization methods based on
the minimization of a Tikhonov functional [8], and algorithms based on Bayesian
inference, the most popular being the Richardson-Lucy [9] algorithm which is shown
to give better performance in image contrast and quality for OCT imaging [10]

In addition high resolution algorithms for multiple scatterer localization have been
used in radar imaging. Perhaps the most widely used algorithms, are the MUSIC [11]
and Capon’s algorithms [12]. The MUSIC algorithm takes advantage of the

autocorrelation matrix eigenstructure, resulting in a decomposition of the space into



two orthogonal subspaces, called the signal and noise subspace. This technique offer
good resolution, however selection of the the number of scattering centers poses a
considerable challenge. Capon's maximum- likelihood (ML) method was an early
attempt at high- resolution spectrum estimation based on an optimality criterion. It is
also known as the minimum-variance distortionless response (MVDR) and the
reduced-variance distortionless response (RVDR). With this technique the resolution
is improved by minimizing the energy contributed by interferers while keeping unit
gain on the location of interest.

In this dissertation we propose some novel methods for axial and lateral resolution
improvement which will be independent from the source bandwidth and the optics
used, giving the opportunity for cellular and sub-cellular resolution imaging. For axial
resolution improvement the methods are based on the modulation of the axial PSF of
the system, and subsequently deconvolution with appropriately chosen modulated
kernel functions. The Lucy Richardson algorithm is used for deconvolution operation.
For lateral resolution improvement the method is based on the oversampling and
estimation of the locations of the multiple scatterers which contribute to the signal.
The information in the oversampled images is used to estimate the locations of
multiple scatterers assuming each contributes a weighted portion to the detected

signal. The weights are obtained using the Capon’s algorithm described above.

1.1 Motivation

Imaging at cellular and subcellular level resolutions is important for the diagnosis of
early neoplasias as well as other applications. Early neoplastic changes are
characterized by accelerated rate of growth, mass growth, local invasion, lack of
differentiation, anaplasia and metastasis. For the correct identification and grading of
neoplasias, it is necessary to evaluate such structural and cellular features. Glandular
organization and architectural morphology can be imaged with OCT and any change
in their architecture, is easy to identify since they fall within the resolution limits of
most standard resolution OCT systems. However, preliminary OCT imaging studies
have not yet demonstrated the ability to differentiate sub-cellular morphologic
changes. Consequently the ability to diagnose and grade dysplastic early changes
remains an open question. In ophthalmology, high resolution imaging of retinal

features such as retinal thickness and retinal nerve fiber layer thickness, would allow



for detection and screening of macular edema and glaucoma. Additional
improvements in resolution would allow those measurements to be performed with

increased accuracy.

The axial resolution of OCT is determined by the coherence length of the light source
used for imaging. Broad bandwidth light sources are necessary for high resolution
OCT imaging. In addition, for a sufficient signal to noise ratio light sources with
powers of several milliwats are typically necessary. One approach for achieving high
resolution is to use short pulse femptosecond solid state lasers as light
sources[13][14]. However these light sources are not clinically viable because of their
complexity and expense. In addition, due to the asymptotic inverse dependence of
resolution on bandwidth, significant increases in bandwidth are required even for

marginal resolution improvement.

The transverse resolution depends on the focusing characteristics of the objective lens.
The use of high numerical aperture (NA) objectives results in high transverse

resolution. Unfortunately, high NA also results in a decrease in the depth of field.

In this dissertation, we investigate methods for axial and lateral resolution
improvement without the need to further increase the bandwidth of the light source or
restrict the depth of focus. Those methods can be applied to any OCT system and
significantly enhance its axial and lateral resolution.

1.2 Aim of the Thesis

The aim of this thesis is to develop techniques for improving the axial and lateral
resolution of OCT systems, without any noticeable adverse effects on the system’s

complexity cost, and performance.

A novel technique for axial resolution improvement has been developed and applied
to a time domain OCT and a Fourier domain OCT system. This novel technique is
inspired from radar and ultrasound and is based on the modulation of the point spread
function (PSF) of the system. In radar and ultrasound it has been shown that superior
performance can be obtained with smart manipulations of the space and frequency
characteristics of the beams. OCT is not analogous to ultrasound but we draw
inspiration and create a method to apply modulation to an OCT beam.



A technique for lateral resolution improvement has also been developed and applied
to OCT images. This technique is based on oversampling, and is also inspired from
radar. It has been shown that this technique can improve the radar range resolution,
and its implementation for OCT can also improve the lateral resolution of

oversampled OCT images.

These techniques can significantly improve the resolution of OCT images, allowing
imaging of diagnostically important cellular level characteristics and thus increasing
the effectiveness of OCT as a tool for diagnosis of very early cancer and other

diseases.

1.3 Research Objectives

The main research objectives of this work are summarised as follows:

e Development of a swept source optical coherence tomography (SSOCT)
system which has been used to confirm experimentally the result of the
theoretical investigations.

e Investigation of methods for axial resolution improvement of a time domain
OCT system.

e Experimental confirmation of the applicability of those methods to a time
domain OCT system

e Investigation of methods for axial resolution improvement of a Fourier domain
OCT system.

e Experimental confirmation of the applicability of those methods to a swept
source OCT (SSOCT) system.
e Investigation of methods for lateral resolution improvement of OCT systems.

e Experimental confirmation of the applicability of the above methods to a
SSOCT system.

1.4 Dissertation Organization and Overview

1.4.1 Dissertation Organization

The thesis is divided and organised into seven chapters.



Specifically, Chapter 1 is the introduction and includes the motivation, the aim and
the research objectives of the proposed thesis. Chapter 2 presents a detailed
theoretical analysis of optical coherence tomography. It begins with a general
description of the technique, a historical overview of its development follows, and
subsequently the various technologies are described. Finally an extensive theoretical
analysis behind each technology is presented. In Chapter 3, a detailed description of
the implementation of a swept source OCT system, is presented, followed by the
characterization of the system. Chapter 4 includes a method for axial resolution
improvement in a time domain OCT system. The chapter begins with a literature
review, related to the topic. The description of the methodology follows, and finally
the experimental evaluation of the technique and the experimental results are
presented. In Chapter 5 we present a method for axial resolution improvement in a
swept source OCT system. It begins with a description of the methodology. The
experimental evaluation of the technique and experimental results follows. In
Chapter 6 we present a method for lateral resolution improvement of OCT systems.
As before the chapter begins with a literature review, related to the topic. It is
followed by a description of the methodology, the experimental evaluation of the
technique, and the experimental results. Finally, in the last chapter, Chapter 7,

conclusions, future work and contributions will be presented.

1.4.2 Dissertation Overview

The summary of each chapter follows:

Chapter 2 presents the background of OCT. The first part of this chapter is a general
introduction to OCT. In the second part the development of OCT from a historical
perspective will be reviewed, including an overview of the technology, and the
capabilities of OCT imaging systems. In the third part the basic theoretical

background is provided, and finally clinical applications of OCT are presented.

Chapter 3 describes the swept source OCT system developed in our lab. First, the
implementation of the system will be presented and afterwards the system

characterization will follow. The implementation of the system consists of hardware



implementation, and data acquisition. In addition, some post processing procedures

which are necessary for the swept source OCT signal will be described.

Chapter 4 presents a novel technique for axial resolution improvement of optical
coherence tomography (OCT) systems. The technique is based on step-frequency
encoding, using frequency shifting, of the OCT signal. A resolution improvement by
a factor of ~ 7 is achieved without the need for a broader bandwidth light source. This
method exploits a combination of two basic principles: the appearance of beating,
when adding two signals of slightly different carrier frequencies, and the resolution
improvement by deconvolution of the interferogram with an encoded autocorrelation
function. In time domain OCT, step-frequency encoding can be implemented by
performing two scans, with different carrier frequencies, and subsequently adding
them to create the encoded signal. When the frequency steps are properly selected,
deconvolution of the resulting interferogram, using appropriate kernels, results in a

narrower resolution width.

Chapter 5 describes a novel technique for axial resolution improvement in Fourier
domain optical coherence tomography (FDOCT). The technique is based on the
deconvolution of modulated OCT signals. In FDOCT, the real part of the Fourier
transform of the interferogram is modulated by a frequency which depends on the
position of the interferogram in k space. A slight numerical k shift, results in a
different modulation frequency. By adding two shifted signals, beating can appear in
the A-scan. When the amount of shifting is appropriately selected, deconvolution of
the resulting depth profile, using suitable modulated kernels, yields a narrower
resolution width. A resolution improvement by a factor of ~ 7 can be achieved

without the need for a broader bandwidth light source.

Chapter 6 discusses a novel method for lateral resolution improvement of optical
coherence tomography (OCT) images, which is independent of the focusing of the
delivery optics and the depth of field. This method was inspired by radar range
oversampling techniques. It is based on the lateral oversampling of the image and the
estimation of the locations of the multiple scatterers which contribute to the signal.
The information in the oversampled images is used to estimate the locations of
multiple scatterers, assuming each contributes a weighted portion to the detected
signal, the weight determined by the location of the scatterer and the point spread



function (PSF) of the system. A priori knowledge of the PSF is not required since
there are methods to sufficiently estimate it from the image. Results of such an
approach on laterally oversampled OCT images have shown that it is possible to
achieve a several fold lateral resolution improvement. Such improvement can be
significant, especially in cases where the numerical aperture (NA) of the delivery
optics is limited, such as, for example, in the case of ophthalmic imaging where the

optics of the eye itself limits the lateral resolution.

Chapter 7 presents some concluding remarks and indicates possible future directions.

Contributions of this work are also presented in this chapter.



Chapter 2
Optical Coherence Tomography:

Introduction and Theory

2.1 Summary

Optical coherence tomography (OCT) is a diagnostic medical imaging technology that
has found widespread applications in various medical fields. The first part of this
chapter is a general introduction to OCT. In the second part, the development of the
OCT from a historical perspective will be overviewed, including an overview of the
technology, and a description of the capabilities of OCT imaging systems. In the third
part, the basic theoretical background is provided, and finally clinical applications of

OCT are presented.

2.2 Introduction

OCT is an emerging medical imaging technology which enables micrometer scale,
cross-sectional and three-dimensional imaging of the microstructure of biological
tissues in situ and in real time [1][15][4]. OCT can function as a type of “optical
biopsy” imaging tissue microstructure with 1-10 pum resolutions and 1-3mm
penetration depths, approaching those of standard excisional biopsy and
histopathology, but without the need to remove and process tissue specimens
[5][16][17]. OCT is analogous to ultrasound B-mode imaging, except that imaging is
performed by measuring the intensity of back-reflected or backscattered light rather

than sound. An optical beam is scanned across the tissue and backscattered light is



measured as a function of axial range (depth) and transverse position (Fig. 2.1). Two-
dimensional cross-sectional OCT images of tissue are constructed by juxtaposing a
series of axial measurements at different transverse positions. The resulting data set is
a two-dimensional array which represents the optical backscattering within a cross-
sectional slice of the tissue. Three-dimensional imaging can also be created by

stacking the two-dimensional cross-sectional images at different transverse positions.

OCT imaging has a number of features which make it attractive for a broad range of
applications. OCT can perform imaging with resolutions approaching that of
conventional histopathology, but imaging is possible in situ and in real time. OCT can
be implemented fiber-optically using devices such as handheld probes, endoscopes,
catheters, laparoscopes, and needles which enable non-invasive or minimally invasive
internal body imaging. OCT can be performed in real time, allowing guidance of
excisional biopsy or interventional procedures. 3D-OCT data sets provide
comprehensive, volumetric information on architectural morphology. Cross-sectional
images with arbitrary orientations, as well as projection and rendered views, can be
generated. OCT data is in digital form, facilitating quantitative image processing

techniques as well as electronic storage and transmission.

Transverse Scanning

e[| ||| |]]]
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Tissue Optical Backscattering
(Gray or Pseudocolor)

Figure 2.1 Principle of OCT. OCT measures the backscattering intensity as a function of depth. Cross-

sectional images are generated by scanning a beam across the tissue. A gray scale or false color image
can then be displayed. [18]

2.3 Development of OCT:

OCT is a technique for precise measurement of the dimensions of the structures
within the tissue (“see through the tissue”), a process similar to object ranging using

sonar or radar. The dimensions of structures can be determined by measuring the echo
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delay time it takes for a short pulse of sound or electromagnetic wave to be back-

reflected from the different structures at various distances.

Ultrasound utilizes this principle to generate depth-resolved measurement of
biological tissues (A-mode). The speed of sound in tissue is approximately 1500 m/s,
therefore, the measurement of distances with a resolution of 100 um (typical
ultrasound resolution) corresponds to a temporal resolution in the range of 100 ns,
which is well within the limits of fast electronic detection. However, ultrasound

imaging resolution is not sufficient to reveal the fine biological structures.

Optical methods have the advantage of higher resolution due to the shorter
wavelength of light compared to sound. However, the echo delay times associated
with light are extremely short. For example, the measurement of a structure with a
resolution on the 10 um scale (typical OCT resolution) will correspond to a temporal
resolution in the range of 10 fs given that the speed of light (3x10® m/s in air) is much

faster than sound. Direct electronic detection is not possible on this time scale.

Interferometric detection can measure the backscattered light with high sensitivity and
dynamic range. This technique is analogous to coherent optical detection
communications. OCT is based on low coherence interferometry, which has been
previously applied in photonic devices to perform optical ranging [19][20]. Fig. 2.2
shows a schematic of low coherence interferometry. Measurements are performed
using a Michelson interferometer with a low coherence length light source. One arm
of the interferometer illuminates the tissue and collects the backscattered light
(typically referred to as “sample arm”). The second arm of the interferometer has a
reference path delay which is scanned as a function of time (typically referred to as
“reference arm”). Optical interference between the light from the sample and
reference arms occurs only when the optical delays match to within the coherence
length of the light source. Low coherence interferometry enables one-dimensional
measurement of the magnitude of backscattered light from internal tissue
microstructures versus the delay (and hence the depth) with high accuracy. The first
biological application of low coherence interferometry was in ophthalmology for the
measurement of eye length [21] . A dual beam interferometer was used to perform the
first in vivo measurement of axial eye length [22] and high resolution measurements
of corneal thickness in vivo were also demonstrated using low coherence

interferometry [23][24]. Low coherence interferometry has been applied to the precise
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biometric measurements of highly scattering biological tissues [25][26]. The
successful demonstration of promising biological applications using low coherence
interferometry soon triggered the further development of OCT. Two major forms of
OCT has been developed independently, namely, time-domain and Fourier-domain
OCT.

Source

Detector

Long Coherence Length Short Coherence Length

Figure 2.2 Schematic of low coherence interferometry

2.3.1 Time-Domain OCT

The majority of the OCT systems reported between 1991 to 2003 were based on the
time-domain detection. In time-domain OCT (TDOCT), the optical depth ranging is
achieved by physically scanning the reference arm mirror. The backscattered light
coming from the internal tissue structures with optical pathlengths different from the
distance selected by the reference mirror (either closer or further) will be rejected by
the low coherence gating. TDOCT can achieve >100 dB detection sensitivity and up
to several kHz axial scan speed [27][28][29] which enables near-real-time imaging of

tissue at a frame rate on the order of 1-10 frames per second.

The growing interest in OCT applications prompted rapid technical development.
Important imaging characteristics such as axial (depth) resolution, transverse
resolution, imaging speed and detection sensitivity, have improved significantly over
time. Axial resolution has also improved greatly during this period to better visualize

the internal tissue microstructure. Standard OCT achieves axial image resolution of
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10-20 um using superluminescent diodes (SLDs) [1][3][30] . Using Kerr-lens mode-
locked Ti:Sapphire or Cr:Forsterite lasers, axial resolutions around 5um can be
achieved [13][14][31]. Ultrahigh axial resolutions approaching 1-2 um has been
demonstrated [32][33]. The issue of improving the resolution continues to be an
active research topic [34][35][36][37][38]. Transverse resolution can be improved by
using high numerical aperture (NA) objectives to focus the light to a tighter spot.
Typical OCT systems have 10-20 um transverse resolution which permits sufficient
depth of field. Optical coherence microscopy (OCM), which combines confocal
microscopy with coherence detection, achieves cellular level transverse resolution

[39] . OCM has been applied to ex vivo [40] and in vivo [41] human tissue imaging.
2.3.2 Fourier-Domain OCT

In 2003, several research groups independently demonstrated that Fourier-domain
detection enables a 10-100 fold improvement in detection sensitivity and speed over
the time-domain configuration [42][43][44]. These advances not only greatly improve
the performance of OCT, but enable three-dimensional OCT (3D-OCT) imaging in
vivo. 3D-OCT promises to be a powerful advance since three-dimensional
comprehensive volumetric data can enable new visualization and processing
techniques such as the generation of cross-sectional views with arbitrary orientation,
improved quantitative measurements of morphology, and virtual manipulation of

tissue geometry for the visualization of morphology.

Fourier-domain detection can achieve very high detection sensitivity. In Fourier or
frequency domain detection, the reference mirror position is fixed, and reflections of
light are obtained by Fourier transforming the interference spectrum. This technique is
analogous to Fourier transform spectroscopy and has a significant sensitivity and
speed advantage compared to previous time-domain OCT methods, because it
measures the optical echo signals from different depths along the entire A-scan

simultaneously rather than sequentially.

Fourier-domain OCT (FDOCT) can be performed using two complementary
methods, known as spectral domain OCT (SDOCT) and swept source OCT (SS-
OCT), which is also known as optical frequency domain imaging, OFDI). Spectral
domain detection uses a spectrometer and a high speed line scan camera to measure

the interference spectrum. Although the basic principle of SDOCT has been known
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since 1995 [45], limitations in CCD technology and the failure to recognize the
performance advantages have delayed the use of this technology for nearly a decade.
The first demonstration of in vivo retinal imaging using SDOCT was reported in 2002
[46] and high-speed imaging using line-scan CCDs was demonstrated in 2003 [43].
SDOCT was rapidly developed since then and can perform high-speed imaging at 15
kHz - 75 kHz axial scan rates using line-scan CCD cameras [47][48][49][50][51][52],
and 70 kHz - 300 kHz axial scan rates using CMOS cameras[53]. SDOCT had a
powerful impact on OCT imaging because it enabled ultrahigh resolutions as well as
3D-OCT imaging [54][55][56][57].

In contrast, SS-OCT uses a frequency-swept laser light source and a photo detector to
measure the interference spectrum [58][59][47][60]. SS-OCT technology has the
advantage of performing imaging at longer wavelengths where CCD performance is
limited. Imaging at those wavelengths is important because of reduced optical
scattering and improved penetration depths[61]. SS-OCT was first demonstrated in
1997, but performance was poor because of limitations in available laser technologies
[58][59]. Recently, advances in frequency swept lasers have enabled high speed
imaging with 19 kHz axial scan rates was demonstrated in 2003 [62] and 115 kHz
axial scan rates achieved in 2005. Using further advanced laser technology, ultrahigh
speed SS-OCT imaging has been recently demonstrated at record imaging speeds of
370 kHz axial scan rates, ~100 times faster than previous TDOCT technology
[63][64]. SS-OCT enables three-dimensional OCT imaging of highly scattering
tissues that could have a significant impact on disease diagnosis [65][66][67][68].

2.4 OCT Theory

2.4.1 Low Coherence Interferometry

When two light beams combine, their fields are added resulting in a new wave
pattern. This phenomenon is known as interference. Low coherence interferometry
(LCI), which is the basis of OCT, is the interference between a reference and a sample
beam limited by the short coherence length of the light source. This, so-called,
“coherence gating” results in high resolution localization of the origin of the
interfering beams and can be used for ranging or, in two-dimensions, for imaging of

complex scattering samples.
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Figure 2.3 Michelson interferometer used for low coherence interferometry.

A simplified schematic of a low coherence Michelson interferometer is shown in Fig.
2.3. In the interferometer, the beam from the light source is directed onto a beam
splitter which divides the beam into a reference and a sample, i.e. a measurement,
beam. If the sample is a perfectly reflecting mirror and the polarization effects of light
are ignored, then the back-reflection of the beam from the sample and the reference

mirror can be represented by the complex functions E (t) and E,(t) where

E ()= Aexp{-i(kL, - 1)}
and
E()= Aexp{-i(kL, - wt)}
Ls and L, are the corresponding optical path lengths of the arms of the interferometer
and c is the speed of light. Thus, the resulting light intensity, l4, at the photodetector
is:
1, = ([E,()+E,(t+0][E)+E,(t+9]*), (2)

or

l, =(E,(DE, )+ E,()E," (t+7)+E OE, (t+7) +E (t+2)E,(t+7))

where the brackets denote the time averaging over the integration time of the detector,

the asterisk indicates the complex conjugate operation and 7 is the time delay

15



corresponding to the round-trip optical path length difference between the two arms

and is given by:

AL L -L, _2n(l,-1)

T=—==

c C c

where n is the refractive index of the medium, and £s and ¢r are the geometric lengths
of the arms. Since the intensities of the sample and reference beams can be

represented as
I, =(E.(OE, (t))
and
|, =(E, (t+7)E (t+7))
and
(E,E, (t+7)+E ®E, (t+7))=2Re{(E, (E, (t+7))}

the intensity at the photodetector becomes

|, ()=1,+1 + 2Re{<E;‘ WE. (t+ r)>}
or

ly(9) =1, +1, + 2|11, Re{V, (1)}, 3)
where

EM®E (t+1
vmc(r)=< (0 Ir|(+)>’ @

s r

The first two components of Iq, Is and I;, are the backscattered intensities by the
sample and the reference arm, respectively, and the third term is the interference
signal. The interference signal carries the information about the structure of the
sample, and depends on the optical path delay between the reference and sample arm.
The normalized mutual coherence function Vic(z) in Eq. 4 is a measure of the degree

to which the temporal and spatial characteristics of Es and E, match.

If the complex spectral components are ignored, the phase difference, with respect to
the optical path delay, can be expressed as ¢p=2xzfor, where f is the center frequency of
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the light source. If Es and E; originate from a single wave front, spatial coherence can
be neglected and the complex mutual coherence function reduces to self-coherence. If

a mirror is placed in sample arm [69],[70]. Eq. 3 can be rewritten in the form
l (9 =1, +1, +2JI1.Re (V. (D)}, (5)

where

(EME"(t+2)

Vi@ = o
If Vic is expressed as
V(@) = A"
then
Re{V, (1)} = A(D)cos(2afyr) = |V, | cos2nfyr)
which finally results in
lg(@) = 1, +1, +2\[I I, |V, ()| cos(2nf;0). (6)

The Wiener—Khinchin theorem (also known as the Wiener—Khinchin—Einstein
theorem or the Khinchin—Kolmogorov theorem) states that the power spectral density
of a wide-sense-stationary random process is the Fourier transform of the

corresponding autocorrelation function, i.e.
t -|2nft
SOE i r,(v)e dr

where

r,(o)= E[ XX (t-1) ]

is the autocorrelation function. According to the Wiener- Khinchin theorem, the
temporal coherence function Vi is actually the Fourier transform of the power spectral
density S(f) of the light source, which is fully characterized by its shape, its spectral
bandwidth, and its center wavelength [20],[70],[71],[72].

V(@ = 1{S()} = f SWexp(-72nf0)df . ()
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This relationship reveals that the shape and width of the emission spectrum of the
light source are important variables since they influence the resolution of the low

coherence interferometer.
Eqg. 6 can be rewritten so that 14 is presented as a function of AL based on

2nf,t = 27[%1 _ 2L

=k, AL

ko=2—n,f0:i,(:r=AL.

%

resulting in

I, (ALY =1, +1 +2./II,

3{S(k)}|cos(k,AL) (8)

where ko=27/lo is the average wave number and the relation Ay=c/f, is used to

transform from the time domain to the path domain [69],[70].

So far, including Eq. 8, it was assumed that the sample is a perfectly reflecting mirror,
that does not affect the amplitude and coherence of the sample beam, but induces only
a time delay. In reality, the light reflected from the sample is composed of single or
least scattered light and diffuse or multiply scattered light. In contrast to diffuse
backscattered light, the light that undergoes only single scattering or very little
scattering maintains its coherence and contributes to the LCI signal. Taking into
account the scattering path inside the media, the total round-trip path length L of the

sample arm is

L =L, +L, 9)

S

where Ly, is the round-trip path length to the sample surface and L is the total round-

trip path length inside the sample to the scatterer site.
2.4.2 OCT Signal from Multiple Scatterers
Any given sample can be expressed as a series of scatterers, i.e.
L,=>n, (10)

where ng is the refractive index of each layer of the medium and ¢; the scattering path
of light inside the medium. In such a case, the intensity given in Eg. 2 can be written

in the form
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l4() = <[ [ EsL)dL +E@+9][ [ E (L )dL +E(t+7)] > (11)

Lo Lo

where E (t,Ls) is the path length-resolved field density. Eq. 11 yields

I (L,L)=1 +]1 +2ReI<E (t,L )dLSEr(t+r)>

LSO

Since
E.(tL)=E®*R(L)=EORL)
then
I (L,L)=1_+1 +2\/EJM)Re (AL)YL (12)
or

Id(Ls ' I‘r ): Is + Ir + 2\] ISIrT\/ R(Ls )|Vtc(AL)| COS(kOAL)dLs (13)

where R(Ls) is the normalized path length-resolved diffuse reflectance, i.e. the
normalized derivative of the intensity depth distribution of the sample wave,
representing the fraction of power reflected from the layer located at position L

within the object.

The signal-carrying interference term, i.e. the interference modulation, in Eg. 12 can

also be expressed as a convolution

g (L 1) = 211 | JRG) ARe v, (A1)} ] (14)

(EL)*E(L-L,))
\/ISIT

where Re{Vi.(4L)} is the coherence function, i.e. the interferometric response in the

Re{V, (4L)} =

ideal case of a mirror in both arms and ® denotes the convolution operation. The
function Re{V(4L);} is also called the point spread function (PSF) of the system,
since it defines the resolution of OCT, and is a function of the properties of the light
source [69][73][70][74].
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In order to examine the spectral equivalent of Eqg. 13, let r; describe the source

autocorrelation, i.e.
rii (AL) = <Esource (Ls )E*source (Ls + Lr )> '

The cross-correlation function for an arbitrary specimen in the sample arm of the

interferometer is
t(AL) = (E,(L,)E" (L, - L))
and is equal to
h(AL) = JR(L,) Al L) .
Using the correlation terms, Eq. 14 can be re-written as
(L, L )= 1+ 1, +2[r (4L)]. (15)

Finally, the corresponding spectral relations can be obtained using the Wiener-
Khinchin theorem. First, the power spectrum of the light source is obtained as the

Fourier transform of its autocorrelation, i.e.
SK)= 1 {(r,(4L)} (16)

Furthermore, the cross spectral density function of two waves is obtained as the

Fourier transform of the cross-correlation function as
The following spectral interference law is obtained from Eq. 15:

1() = S;(K)+ S, (k) + 2Re {S;, (k)|
(18)

2.4.3 Time Domain Optical Coherence Tomography (TD
OCT)

The term tomography is used whenever two-dimensional data is derived from a three-
dimensional object to construct a slice image of the object's internal structure. In

OCT, multiple parallel LCI scans are performed to generate the two-dimensional
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image. A typical measurement system consists of a Michelson interferometer
illuminated by a low temporal coherence light source, such as a superluminescent
diode or a broad bandwidth laser. In OCT, the object to be measured is placed in one
arm of the interferometer. A measurement beam emitted by the light source is
reflected or backscattered from the object with different delay times, depending on the
various optical properties of the different layers within the object. A longitudinal
profile of reflectivity versus depth is obtained by translating the reference mirror, or
by other means changing the pathlength of the reference arm, and synchronously
recording the magnitude of the intensity of the resulting interference fringes. A fringe
signal is evident at the detector only when the optical path difference in the
interferometer is less than the coherence length of the light source. Locating the
maximum fringe visibility position allows one to determine the location of internal
structures of the object with a resolution on the micrometer scale [30]. A simple
TDOCT system with the interference signal and the A-Scan envelope is shown in Fig.
2.4.

Broad bandwidth
source

Beam splitter

Detector

Scanning
reference
mirror
Analog to digital Filter .
converter Demodulate DIzl

Single Reflection Site

i

K e T

Figure 2.4Typical fiber-optic implementation of time domain OCT system, interferogram and the A-
Scan envelope.

Modulation of the optical delay between the arms, for example by translating the
reference mirror at a constant speed, shifts the interference signal to the corresponding

Doppler frequency defined by
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where v is the speed of the moving mirror and Ay is the center wavelength of the light
source. Shifting to the Doppler frequency facilitates the removal of the dc background
components and other low-frequency noise during demodulation. To extract the signal
carrying component, the detection circuit usually contains three main components: (1)
a trans-impedance amplifier, (2) a band-pass filter centered at fg, and (3) an amplitude

demodulator to extract the envelope of the interferometric signal
2.4.4 Fourier Domain Optical Coherence Tomography

The basis of Fourier domain OCT (FDOCT) is evident in Eg. 17. In contrast to TD
OCT, depth information in FDOCT is provided by an inverse Fourier transform of the
spectrum of the backscattered light. The amplitude of the spectrum of the
backscattered sample light I(k), is obtained using a spectrometer. The inverse Fourier
transform of the recorded spectral intensity yields the same line scan signal as
obtained by standard low coherence interferometry and provides a backreflection
profile as a function of depth.

A simplified optical setup of an FD OCT interferometer is shown in Fig. 2.5. The
broadband source used is similar to TD OCT. In contrast to time domain techniques,
the time-consuming mechanical OCT depth scan is replaced by a spectral
measurement. FD OCT measures the signal in the Fourier domain and, by Fourier
transformation, delivers the scattering profile in the spatial domain. The interference
spectrum I(k) for a single scatterer at a distance z; from the reference plane is a cosine
function multiplied by the spectrum of the source, S(k). The Fourier transform
provides the location of the peak at that frequency which corresponds to the scatterer
location. The backscattering profile of a complicated, real, sample is the sum of many

such signals.
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Figure 2.5 Typical fiber-optic implementation of Fourier Domain OCT, spectrogram, backreflection
profile.

Analytically, the signal in the sample arm, backscattered from different depths within
the sample, is combined with the signal in the reference arm to produce an
interferogram. The total interference signal is given by the spectral intensity
distribution of the light source multiplied by the square of the sum of the

backreflected reference and sample signals:

2

¥
I(k)=S(k)|azexp(j2kr)+ Ia(z)exp(jZk(r +n(2).2)dz (19)
0
k: wavenumber k=27z/A
r: path length in the reference arm

r+z: path length in the object arm
z: path length in the object arm, measured from the reference plane

n: refractive index (n = 1 for z < zy and varying depending on the sample for

longitudinal positions in the object z > zy)
ag: reflection coefficient of the reference
a(z): backscattering coefficient of the object signal

S(k): spectral intensity distribution of the light source
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Assuming ar=1, the interference signal 1(k) can be written as:

2

(k)= S(K) (20)

¥
1+ J' a(z)exp(j2knz)dz
0

Expanding the complex exponential results in

2

(k)= S(K)

1+ Ta(z)cos(anz)dz + j}a(z)sin(anz)dz

The absolute value of a complex three-term can be evaluated by multiplying with the

complex conjugate term
| (k) = S(k){{1+ ]' a(z)cos(anz)dzj + j?a(z)sin(anz)dzj{{H j'a(z)cos(anz)dzj - jf[a(z)sin(anz)dz]

The result is

I(k)= S(k){[l+Ta(z)cos(anz)dz] -(j}a(z)sin(anz)dzJ }

2

I(k)=S(k)| 1+ 2]" a(z)cos(2knz)dz + U'a(z)cos(anz)dzJ - [ jTa(z)sin(anz)dzJ

2

¥
_[ a(z)exp(j2kz)dz
0

Substituting

¥

j a(z)exp(j2kz)dz

0

:(Ta(z)exp(-jZkz)dz][ja Jexp(j2kz')d J ﬁa 2")exp(-j2kz)exp(j2kz")dzdz'

0 0

in the above equation results in an interference signal of the form
¥ ¥ ¥ )
I(K)= S(k)(1+ 2 j a(z)cos(2knz)dz + j j a(z)a(z')e"z““z‘Z')dzdz'J (21)
0 00

Therefore, the interference signal is a sum of three terms. The first is a DC term. The
second term encodes the depth information of the object. The backreflection intensity
is incorporated in a(z), while the corresponding optical pathlength difference is found

in the argument of the cosine term. The third term describes the mutual interference of
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all elementary waves. Assuming that a(z) is symmetrical with respect to z suggests
that a(z) can be replaced by the symmetrical expansion &(z)=a(z)+a(-z) and,

therefore,
I(k)= S(k)(1+ [a(z)cos(2knz)dz + j a(z)cos(2knz)dz + = j T a(z)a(z)e " )dzdz'
i¥£¥ "\ A-i2kn(z-2") [
+ l - ! a(2)a(z')e dzdz]
I(k):S(k)(1+j.a(z)cos(2knz)dz+ j a(-z)cos(2knz)dz + = j ja(z)a(z')e‘jZk”‘Z'Z')dzdz'

191°
+= | = | a(-2)a(-z")e"*" @) dzdz'
> J , j (-2)a(-z) j

I(k)= S(k)(1+ Té(z)cos(anz)dz ]ﬂ T (z)é(z')e‘”k"(z‘Z')dzdz'J

Expanding the second term in complex exponentials and sum using again, the
symmetrical properties of a(z) results in

¥ ¥ j2knz -j2knz
[ a@cos(@knz)dz = j é(z)[%}dz
-¥

¥ ¥
a(z)e'™™dz + = | a(z)e™dz
=5, j @) > J a@)
¥ ¥
== [a(z)e™ dz+= j a(z)e’* dz
-¥ -¥
¥

= [a@)e™mdz

-¥

Since the amplitude is real, the third term can be re-formed as a function of the
autocorrelation term
¥
AC[a(2)] = j (2)a* (z,+2)dz

¥

resulting in
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(2)a(z")e " "dzdz'

NP
4K e K

e —
»

é(Z)é(Z + Zn)e-jzkn(z)e j2kn(zg +Z")dzdzn

K — K

Nl MR

KK kK

¥
e-j2kn(z)dZJ'a(Z)ej2kn(zo )é(z + Z..)ejan(z")dz..
-y

AC[a(@)]

— 1 T A -j2kn(z)
= i AC[4(2)]e""@dz

where z'=1z,+7" (with z; an offset constant) and dz'=dz". Incorporating the above

results, the intensity of the spectral interferometric signal becomes
[ a0 1 |
1(K)= S(k)[1+ j a(z)e 7" dz + Zj AC [é(z)]e“zk”(z)dz]
Y e

The second and the third terms are actually Fourier transforms of the scattering
amplitude &(z) and of the autocorrelation term AC[4(z)] over the variable z. By
using the Fourier transform scaling property the interferogram can be re-written as
y . time scale 1 y . time scale
1K)=S()| 1+ [a@)e™™ @ dz+ [ Acla@1e™™ @ dz
Y -¥

1

l(k):S(k)(1+5Iz{é(Z)}+§'z{AC[é(Z)]}j

Performing the inverse Fourier transformation generates the following relationship

FH{109} = F*{S()} f\([5(2)]%@(2)*%“[@‘(2)]]

= A A(B + C+ D )

(22)

where ® denotes convolution. The signal C is the symmetrical scattering amplitude

&(z) and therefore the strength of the scattering versus the depth of the sample.
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Figure 2.6 Amplitude of the results of the Fourier transform of the spectral interferogram recorded
with FD OCT.

The first convolution A®Bis the Fourier transformation of the source spectrum
(correlogram) located around z = 0. It can be separated from the information-carrying
signal by shortening the optical pathlength in the reference arm, compared to the
sample arm, thus increasing the frequency separation between the terms (Fig. 2.6).
A® D designates the autocorrelation terms, which describe the mutual interference of
all scattered elementary waves. In strongly scattering media, such as skin, the
influence of D can be neglected because the autocorrelation term is much weaker than
the signal term, which is weighted by the strong reference amplitude. Moreover, these
terms are also located around z = 0. Therefore, the autocorrelation term can also be
separated from the object signal a(z) with a small offset z, (Fig. 2.6). However, if the
object exhibits high backscattering from large depths, there is still the possibility for
the A® D term to interfere with the object signal. High backscattering deep within
tissue can lead to overlap of the terms which can, in turn, result in artifacts in the data.
A solution is to perform, at each position, a second measurement with no reference
signal and subtract that signal from I(k). Also in Eq. 22 the signal C is convolved with
the correlogram of the source. To achieve high resolution measurements, a light
source with a sufficiently broad and smooth spectrum, without noise and ripple, must

be selected so that the resulting convoluted peaks from individual scatterers will be
sufficiently narrow.

2.4.5 Wavelength Tuning (Swept Source) OCT

In wavelength tuning or swept source OCT (SS-OCT) the wavelength-dependent
intensity data are not recorded simultaneously by using a broadband light source and
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a spectrometer. Instead, they are recorded sequentially, with a single photodetector,
at the detector side, while tuning the wavelength of the light source. If the
wavelength /4 of the tunable laser in Fig. 2.7 is constant, the intensity at the

photodetector can be calculated as [75]
I =1,+1,+21.1 cos2zA®) (23)

where Is and I are the light intensities reflected from the sample and reference,

respectively. A is the phase difference between the two beams,

Aq5=2£=2LL (24)
A 2

where k is the wavenumber corresponding to A. If the wavenumber is changed, the
phase difference changes accordingly. This causes the intensity at the photodetector to

oscillate with a frequency

dt dk dt = dr

Hence, the frequency is directly proportional to the tuning rate of the wavenumber
dk/dt and to the path difference, L. If dk/dt is constant, L can be obtained by a Fourier
transform of the time-dependent intensity signal recorded by the photodetector during
tuning. Fourier transforming the time depended beat signal yields the sample depth
structure, i.e. the magnitude of the beat signal defines the amplitude reflectance and

the beat frequency defines the depth position of light scattering sites in the sample.
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Figure 2.7 Typical fiber-optic implementation of Swept Source OCT, interferogram, and
backreflection profile.

As in the case of FD OCT, the main advantage of this technique, compared to
standard OCT techniques, is that the reference arm length is fixed and no moving
parts are required. This significantly increases the speed of scanning. The use of a
single photodetector provides the added advantage of simple elimination of the
unwanted dc intensity terms by high-pass filtering of the photodetector signal or
heterodyne detection. This enhances the usable dynamic range of the detection system
considerably. Compared to FD OCT, SS OCT offers similar high data acquisition
speed but without the drawbacks of the spectral limitations of the CCD camera. The
price currently to be paid is that the light sources are expensive and so far only
available for a limited range of wavelengths. However, it is expected that these

limitations will be overcome in the near future.

2.4.6 Spatial Resolution in Optical Coherence Tomography

2.4.6.1 Axial Resolution

The axial resolution in OCT is determined by the coherence length of the light source,
implying that high axial resolution can be achieved independently of the beam-
focusing conditions. The coherence length is the spatial width of the field
autocorrelation produced by the interferometer. As shown above, the envelope of the
field autocorrelation is the Fourier transform of the power spectrum. Thus, the width

of the autocorrelation function, or the axial resolution, is inversely proportional to the
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width of the power spectrum. Therefore, for a source with a Gaussian spectral

distribution, the axial resolution, Az, is

_2In22)
AL (26)

Az

where 44 is the full width at half maximum (FWHM) wavelength range of the light
source [76]. Eq. 26 is valid only in a vacuum. In the more common case where the
sample is dispersive, the refractive index of the sample material depends on the
wavelength and affects the system’s resolution. This effect is particularly significant
when broad-band sources are used. Distances measured with LCI are optical
distances. The geometric equivalent is derived by dividing the optical distance by the
group refractive index ng of the media. In real materials, not only is the refractive

index n a function of wavelength, but also the group index ng:

dn
n,=n—-A—

da (27)
This dispersion effect, when different in the two arms of the interferometer, results in
a broadening of the interferogram and an increase in coherence length which, in turn,
translates into a deterioration in resolution. In a dispersive medium, the coherence

length 4z, can be calculated by

dn
Az, = \/Azz +(==>d,A%)?
dA (28)

where dq is the geometric depth in the medium [77],[78].
2.4.6.2 Transverse Resolution

The transverse resolution of an OCT system is determined by the optics of the
imaging device and does not depend on the axial resolution. The selection of optics is
a tradeoff between the transverse resolution and the imaging depth range, i.e. the
depth of focus. The transverse resolution Ax can be approximated by

= 4{ 1) 22 2
7 \d 7NA

where f; is the focal length of the focusing lens, d is the light beam diameter on the

lens aperture, and NA is the numerical aperture of the lens. High transverse resolution
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can be obtained by using a large NA and focusing the beam to a small spot size. The
transverse resolution is also related to the Rayleigh range, z., which is a measure of

the depth of focus, i.e.

(30)

The Rayleigh range is the distance from the focal plane to the point where the light
beam diameter has increased by a factor of 2. Given the above relationships, it is
obvious that improving the transverse resolution produces a decrease in the depth of
focus, a significant trade-off in the design of OCT imaging devices.

2.4.7 Axial Range Limitations

In TDOCT the axial range is defined by the mechanical scanning range of the optical
delay-line. However the axial range in SDOCT is limited by two mechanisms which
do not affect TDOCT systems. The first mechanism that limits the imaging depth is
the spectral sampling interval. The spectral sampling interval determines the
maximum observable depth. A large difference between the object and reference
optical paths results in a high frequency interferogram in the spectral domain.
According to the sampling theorem, the sampling frequency must be at least twice as
large as the highest occurring frequency in the spectrum. The interference spectrum
I(k) for a mirror at a distance z; from the reference plane contains the cosine function
a(z)cos(2knz;) multiplied by S(k). For z = znax, the period of the cosine fringes

becomes

dk ="
nz

max

Therefore the spectral sampling interval must be Jdy=dk/2, and the maximum depth is

given by:

7 4
max 2n5sk

(31)

From the relation
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k=27 k= 27094
p 2

the maximum resolvable depth is also given by

A
“r " ano) 42

where ds; denotes the wavelength sampling interval defined by the detector separation

of a linear detector array in a FDOCT system. Generally if M is the number of

samples in the spectral interferogram then &, = Aﬁk, and §,, = %, where Ak and AL

are the total wavenumber range and the total wavelength range of the source

respectively. By substituting these relations into Eq. 31 and Eg. 32, we have:

VA

Zoox = M
2nAk

(33)

and
2

Z oo = Ao M

4n(AA)
(34)

From Eq. 33, and 34, we can see that for a given source bandwidth the axial scan

range is limited by the number of samples.

A second parameter that limits the imaging depths in SDOCT systems, is the limited
spectral resolution. In SDOCT the spectral resolution is defined by the spectral
resolution of the spectrometer, while in SSOCT the spectral resolution is limited by
the shape of the instantaneous linewidth of the swept source. The effect of the finite
spectral resolution can be interpreted as the convolution of the spectral interferogram
with a Gaussian function which has a half maximum width equal to the spectral
resolution. By performing the Fourier transform of the spectral interferogram to
obtain the A-scan data, the convolution operator converts to multiplication. This
means that the A-scan data is multiplied with a function whose shape is given by the
Fourier transform of the Gaussian function which is also Gaussian. This function
reduces the intensity of the signal as a function of depth even if the reflectivity

remains constant, a phenomenon which is known as sensitivity roll-off. This roll-off
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can be characterized as the one sided depth, at which the sensitivity drops by one half,
or by 6dB, and is given by [79]:

6dB
Oy T

2@ In@) A2
5r/1

where oy and oy, are the spectral resolutions in wavenumber and wavelength units

respectively.

In addition, other components of the OCT system, such as the grating and focusing
optics in particular, can contribute to the roll-off. Aberrations and diffraction, which
degrade the wavelength resolution, result in signal decay. Another limitation of
Fourier domain imaging comes from the fact that the spectral interferogram is a real
function and the DFT of a real function is an even function. This means that each
signal peak in the positive frequency range will have a mirror image in the negative
frequency range. Any signal that exceeds the maximum axial range, will appear as an
aliased signal.

2.5 Clinical Applications of OCT

Several features of OCT point to its potential to become a very powerful imaging

technology for the diagnosis of a wide range of pathologies.

1. OCT can image with axial resolutions of 1-10 um, one to two orders of
magnitude higher than competing technologies such as conventional
ultrasound. This resolution approaches that of histopathology, allowing
architectural morphology as well as cellular features to be resolved. Unlike
ultrasound, imaging can be performed directly through air without requiring

direct contact with the tissue or a transducing medium.

2. Imaging can be performed in situ, without the need to excise a specimen. This
enables imaging of structures in which biopsy would be hazardous or
impossible. It also allows better tissue or organ area coverage, reducing the

sampling errors associated with excisional biopsy.

3. Imaging can be performed in real time, without the need to process a specimen
as in conventional biopsy and histopathology. This allows pathology to be

monitored on screen and stored in high resolution. Real time imaging can
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enable real time diagnosis, and coupling this information with surgery, can

enable surgical guidance.

4. OCT is fiber-optically based, and therefore can be interfaced to a wide range
of instruments including catheters, endoscopes, laparoscopes, and surgical

probes. This enables access to a wide range of internal organ systems.

5. Finally, OCT is compact and portable, which is an important feature for a

clinically viable device.

There are three general application scenarios that are envisioned for OCT in the
diagnosis of disease. First, OCT can enable guiding standard excisional biopsy to
reduce sampling errors and false negative results. This can improve the accuracy of
biopsy as well as reduce the number of biopsies that are taken, resulting in better
prognosis as well as significant cost savings. Second, after more extensive clinical
studies have been performed, it may be possible to use OCT to directly diagnose or
grade disease. This application will be more challenging since it implies making a
diagnosis on the basis of OCT rather than conventional pathology. Applications
include situations where OCT might be used to grade early neoplastic changes or
determine the depth of neoplastic invasion. Third, there may be scenarios where
diagnosis and treatment are performed in real time based on OCT imaging. This
would require the OCT diagnostic information to be directly and immediately coupled
to treatment decisions. The integration of diagnosis and treatment could reduce the
number of patient visits, yielding a significant reduction in health care costs and
improve patient compliance. Each of these scenarios requires a different level of OCT
performance not only in its ability to image tissue pathology, but to achieve the
required level of sensitivity and specificity for each clinical situation. The most
developed clinical OCT applications are those focusing on ophthalmic,

cardiovascular, and gastrointestinal imaging.
2.6 Conclusions

OCT can perform a type of optical biopsy, i.e. imaging of tissue morphology the
micron-scale, in situ, and in real time. Image information is available immediately
without the need for excision and histologic processing of a specimen. The
development of high-resolution and high-speed OCT technology, as well as OCT

compatible catheter/endoscopes and other delivery devices, represent enabling steps
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for many, future, OCT imaging clinical applications. More research remains to be
done and numerous clinical studies must be performed to determine in which clinical
situations OCT can play a role. However, the unique capabilities of OCT imaging
suggest that it has the potential to significantly impact the diagnosis and clinical
management of many diseases and improve patient prognosis. In addition, OCT can
be a powerful research tool for applications in many areas, including developmental
biology, where non-destructive, serial imaging, on the same samples can offer new

insights and significant cost and time advantages.
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Chapter 3
Swept Source OCT System

Implementation

3.1 Summary

This chapter describes the development of the swept source OCT system used
throughout this thesis. First, the implementation of the system will be described and
system characterization will follow. The construction of the system consists of
hardware implementation and data acquisition. In addition post processing procedures
which are necessary for swept source OCT signals will be described.

3.2 System Implementation

The diagram of a swept source OCT (SS-OCT) setup is shown in Fig. 3.1. The swept
light source (center wavelength 1310 nm, scan range 110 nm, 20-kHz scan rate,
Santec Corporation HSL 2000, Komaki, Aichi, Japan) output power is 10 mW. The
beam from the source is split by a beam splitter designed for infrared light (Newport
benchtop coupler WDM, 90/10, Model F-CPL-L22131-A, 1310nm). The 90/10
coupler splits the output power. 90% of the output power was coupled into the sample
arm and the remaining 10% into the reference arm. Two circulators are used in both
the reference and sample arms to redirect the back- reflected light to a 2x2 fiber
coupler (50/50 split ratio Newport F-CPL-F22135 1300nm) for detection.
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Figure 3.1 SSOCT configuration setup

Non-contact receptacle style collimators for singlemode fiber, which use an f=11mm
aspheric lens and are optimized for 1300nm to 1550nm wavelengths, (OZ
Optics,HPUCO -23A-1300/1550-S-11AS-SP), and an achromatic doublet lens in the
sample arm, (Thorlabs,AC254-030-C,D=25.4, f=30.0mm, and f,=22mm) are used for
focusing. The reference arm is held constant. The sample arm contains a scanner for
transverse scanning of the sample. Scanning is performed by a galvanometer
(Cambridge Technology Inc, Moving Magnet Capacitive Position Detector Optical
Scanner,Model 6230). The galvanometer is controlled by a servo driver (Cambridge
Technology Inc, MicroMax 671 Driver Board), which provides excellent positioning
repeatability, accuracy and stability in a compact single axis configuration. The
reflected signals are directed to the detection arm to produce an interferometric signal
containing information about the internal structure of the sample. A dual balanced
detector (Thorlabs Model PDB120C) was used for detection. The dual balanced
detector acts as a balanced receiver, subtracting the two optical input signals from
each other and cancellating common mode noise. This allows small changes in the
signal path to be visible over the interfering noise floor. A photograph of the SS-OCT

system is shown in Fig. 3.2

38



Figure 3.2 A photograph of the Swept Source OCT System

3.3 Data Acquisition

Data acquisition is performed by a 14-bit data acquisition board (Ztec, ZT410) (for
the measured signal) sampling at 40 Msamples/second, and the number of data points
for each A-Scan is 2000. The A-Scan data acquisition start trigger for the digitizer
was generated by the swept source. The triggering pulses which are needed for
synchronization, are created by two National Instruments data acquisition boards, NI
PCI 6115,and NI PCI 6014. The measured signals and triggering pulses are connected
to the cards via an interface card (NI BNC-2110) with coaxial connectors. The data
acquisition cards are controlled by a Labview program which handles the signal
acquisition and storage. Fig. 3.3 shows the Labview user interface used for data

acquisition.
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Figure 3.3 Labview user interface for data acquisition.

The data acquisition program operates as follows:

1. The Labview program is started, where parameters like the number of scans,
sampling frequency, number of data points/scan, image width, and image depth are
defined. The program runs on two modes, the oscilloscope mode and the image

mode.

2. The trigger signal (TTL pulse) for each A-scan is created from the source. At every
sweep of the source a TTL signal is created. The trigger signal from the source is
slightly shifted with regards to the beginning of each sweep, so a second trigger
pulse, which is shifted regarding to the first, is created to be synchronized with the

beginning of each source sweep.

3. Upon arrival of each TTL pulse the DAQ acquires M samples. The number of
samples in each A-scan is proportional to the imaging depth. With an A-scan rate
of 20kHz, and a DAQ sampling rate of 40MHz, the maximum number of samples

is 2000 points, which allows imaging of a one-sided depth of 3.9 mm.

4) For the image mode, the measurement program creates a transverse scanning start

pulse, and forms a waveform which guides the servo driver of the galvanometer.
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(a) The transverse scan pulse is used both as the trigger for the waveform which
guides the galvanometer and also as the trigger for starting the image
acquisition. In that manner, the transverse scanning is synchronized with the
beginning of each image acquisition. The frequency of this pulse corresponds
to the number of A-scans in the image. A-scans are taken so that the total
amount of A-scans in an image covers the whole scanning range of the

galvanometer scanner.

(b) For every transverse scan a sawtooth waveform is generated and passed to the
servo-driver. This waveform ensures that the beam is scanned exactly the
length required, at exactly the time it takes to collect the right number of A-

scans.

5. If the user chooses to stop image acquisition, then the galvanometer is returned to
its original position, and the program is stopped . The acquired signals can be

saved in ASCII or binary format and used for data processing.

Fig.3.4 shows the flow diagram for data acquisition, and Fig.3.5 illustrates the
synchronization signals in more details. Fig.3.6 shows the electrical connections

between the various hardware components.
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Three data acquisition boards (two National Instruments NI PCI 6115 and NI PCI

6014, and one ZTEC) are used in the system. The two National Instrument boards are

used for the generation of synchronization pulses, and the ZTEC board is used for
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acquiring the signal. Three counters from the NI boards, are used to generate the
appropriate trigger signals: one counter to shift the trigger of the source so as to be
synchronized with the beginning of each sweep and two counters to generate signals
for the synchronization of the galvanometer with the image acquisition. The NI PCI
6115 card generates the shifted trigger signal at CTRO out pin. This signal is also
connecterd to the PFIO pin of the same board. This pin is the digital trigger of the

board, and can be used as the trigger for A-scan acquisition (oscilloscope mode).

The counter of NI PCI 6014 board, CTRO OUT, is used as the trigger for the image
acquisition. Its period corresponds to the number of A-scans in the image. This
counter is connected to the PFI3 pin, which is the source of counter 1, and is used as
the trigger for the generation of a clock signal to counter 1. This is used as a clock for
the waveform generation at the analog aoutput (AO 0) pin of the board.

3.4 Digital signal and image processing

In a SS-OCT signal, several post processing steps must be performed on each
spectrum prior to Fourier transformation. Those steps include reference light intensity

background subtraction, and spectrum interpolation.
3.4.1 Background subtraction

A reference image can be acquired at the beginning of every image acquisition, by
blocking the sample arm. This reference image consists of residual background signal
from the reference light, which is a result of the wavelength-dependent splitting ratio
of the 50/50 coupler, and imperfect symmetry of the balanced detectors. Subtracting
the reference from the interference signal can account for source fluctuations between

measurements and eliminate fixed-pattern artifacts at low frequencies (depths).
3.4.2 Interpolation to linear k-space

The Fourier-transform relationship between the time-domain fringe data and the
Fourier-domain depth profile assumes a tuning source that sweeps linearly in k-space.
Nonlinearity in the tuning curve of the laser results in chirping of the signal, and this
variation in the characteristic frequency of a given reflection leads to resolution

degradation in z-space. A solution to this image blurring problem is to sample the
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detector signal in nonlinear time intervals to compensate for the frequency chirping of
the source. Alternatively, the existing chirped signal can be numerically mapped to a
uniform k-space by interpolation prior to Fourier transformaion. The method used in
this work is k-space resampling by phase analysis [80],[81]. A description of the

method is presented below.

The spectral interference signal of a SS-OCT system, measured with a plane mirror in

the sample arm is given by:

I (1) =+ [1.()1_ (1) cos{2AD} 1)
where
ACI):ZLZZLf(t) @)
A(t) c

Substituting Eqg. 2 into Eq. 1, we have:

o () =T 05 L (0} 3)

where L denotes the path length difference between the two arms of the
interferometer, I, and Is are the light intensities reflected from the reference and
sample arm, respectively, ¢ speed of light and f(t) is the instantaneous source optical
frequency. In this calibration method the instantaneous frequency f(t) of Eq. 3 must be
measured. Eq. 3 is Fourier transformed as:

Fl1,®O]= F{JILOLO}®

[F{exp(i“{zo fz(t)}w(u—%zo )+ (4)
F {exp(—i 4{ z, fz(t)} (1 + % z,)]

where F{-} denotes the Fourier transform operator, & is the convolution operator, p
is the Fourier conjugate of t, and f(t) is expanded as f(t)=f;t +f,(t). The convolved
delta-functions of the first and second terms are responsible for their appearance at u=
+(2/c)zof1. To measure the instantaneous phase, only the first term in Eq. 4 is needed.

This term can be retrieved by Hilbert transformation of Eq. 3 which gives:

10 (1) =T OLO el T L 1) (5)
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From this equation the corresponding measured unwrapped phase is given by the

following equation:
Azl
oult)) === fult) (6)

where t; is the time instant of the j-th sampling point and ¢n(tj) is the measured
unwrapped phase of the j-th sampling point, which is equal to the phase of the Hilbert
transform of Eq. 3. From Eq. 6 we see that the instantaneous source optical frequency
is analogous to the measured unwrapped phase. In order to resample the data into
wavenumber space, a functional relation m(p) between the sample number and ¢ has
to be found. The relation m(p) is obtained by a polynomial fit to the retrieved phase.

Next, the fractional indexes are easily found from the following relations:

m; =m(g,) (7)

_ o B P
O =¢+ M —1 I, (8)

where M is number of samples in the spectral fringe signal. In the above equations
values of the quantity ¢ are equidistant and so we can assume that they correspond to

values of optical frequency and thus the values of wavenumber.

In the system developed here the unwrapped phase of the spectral fringes of the
system with mirrors in both arms of the Michelson interferometer is measured. The
optical path difference between the two arms is chosen to be large enough such that
the image of the mirror and its complex conjugate do not overlap. The phase of the
Hilbert transform of the spectral fringes provides the instantaneous phase.

Fig. 3.7 shows the results of the interpolation process at several depth positions. The
blue curves represent the signal without interpolation whereas the red curve is the
signal after interpolation. It is obvious that the interpolation process can suppress
efficiently the depth dependent resolution decay. Fig. 3.7 also illustrates the depth

dependent sensitivity. For this system the sensitivity roll-off is 6 dB at 3.2 mm.
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Figure 3.7 A-scans from a mirror obtained at different depths. Blue line are the A-scans without
interpolation, and red line are the A-scans after interpolation.

3.5 System Characterization

3.5.1 Dynamic Range

The dynamic range of an OCT system is a measure which denotes the minimum
detectable reflected optical power compared to a perfect reflector. The dynamic range
of the system (sometimes referred to as “sensitivity”) was measured to be 85 dB. This
value was calculated as:

2

DR =10log {M} +10log(10°°) (9)
var(n)
where lna is the square of the peak A-scan amplitude (generated by a perfectly
reflecting mirror), var(n) is the variance of the noise floor (measured with the sample
arm blocked), and OD is the optical density of a neutral density filter. A 2 OD neutral
density filter is placed in the sample arm to attenuate the power and prevent
saturation. The value of 85 dB sensitivity is low for the light source used in this
system. This may be due to the optical losses such as losses in the back-coupled light
into the fiber interferometer, and losses in FC/APC attachments, remaining signal

RIN, thermal noise of the detector, and circuit noise.
3.5.2 Imaging Range

Theoretically the maximum resolvable depth is given by Eq. 31 of Chapter 2 which is:
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2
Ziox = % M
4n(AA)

This equation states that the imaging depth, for a given source bandwidth, is
proportional to the the number of points (M) in the A-scan. With an A-scan rate of 20
kHz, and a DAQ sampling rate of 40MHz, the maximum number of points acquired
during an A-scan is 2000. For M=2000, AA=110nm, A,=1310nm, the imaging depth is
7.8 mm in free space. Taking into account the mirror image, the usable depth becomes
3.9 mm. The experimental measurement of the one sided depth range as measured by
reading the micrometer scale at the sample or reference arm translation stage is

4.2mm.

3.5.3 Sensitivity Roll —off

The sensitivity roll-off is a measure of the sensitivity drop of higher frequency
interference signals or larger reference and sample arm distance mismatch, even if the
reflectivity remains constant. This roll-off can be described as the one sided depth at
which the sensitivity drops by one half or 6dB. Fig. 3.7 shows that a 6dB drop of the

sensitivity occurs at 3.2 mm.
3.5.4 Axial Resolution

The theoretical axial resolution of the system is determined by the coherence length of
the light source and is given by Eq. 19 of chapter 2. Given the characteristics of the
light source used (Ao=1310nm, and AX=93nm) the theoretical axial resolution is 8.3
um. The experimental axial resolution is measured to be approximately 9.5 um and is
obtained by measuring the FWHM of an A-scan peak from a mirror. The difference of
the experimental from the theoretical measurement of the resolution is due to different
factors. First of all, the shape of the spectrum of the source is not perfectly Gaussian,
resulting in reduced sensitivity and resolution. Another effect that limits axial
resolution is a polarization mismatch between the interferometer arms, which
introduces a phase difference and therefore a change in the shape of the coherence
function and axial resolution respectively. The optical transmittance, the wavelength
dependent loses of the fiber optics employed, the delivery system optics, and the

detection system, including the electronics as well as the digitization and acquisition
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of the interference signal, strongly influence the axial resolution as well as the

sensitivity of the OCT system.
3.5.5 Lateral Resolution

The lateral resolution of the system depends on the delivery optics. For a Gaussian
sample beam profile the lateral resolution is given by:

2w, = ’Zb—;t (10)
T

where b is the confocal parameter of the system and A the center wavelength of the
light source and 2wy is the diameter of the focused beam at which the intensity falls
by 1/e” of the maximum intensity. The confocal parameter (b) is defined as twice the
Rayleigh range, where the Rayleigh range is the distance from the minimum radius

(wo) to where the radius becomes Q/ZWO .

To calculate the lateral resolution of the system, the confocal parameter (b) is
measured. A mirror is placed in the sample arm and the maximum intensity (which
corresponds to the focus) is recorded. Afterwards the sample arm translation stage is
moved up until the intensity drops to 0.69 of the maximum and the distance is
measured with the micrometer of the translation stage. The same is repeated by
moving the sample arm in the opposite direction and measuring the distance at which
the intensity drops to 0.69 of the maximum. The sum of the two distances is the
confocal parameter (b) of the system. In this thesis, the FWHM of the Gaussian

defines the lateral resolution. This is related to the radius (wo) by:
FWHM = w,/2In(2) . (11)

The measured lateral resolution of the system, given by Eqg. 11 is 14 um. The
theoretical lateral resolution calculated from Eqg. 29 of chapter 2 for d=1.54mm,
f=22mm, and 1=1300um, is 2wp=25.6pum, and the FWHM resolution given by Eq. 11

is 13.92pum which is consistent with the experimental measurement.
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Chapter 4
Optical Coherence Tomography

Axial Resolution Improvement by

Step-frequency Encoding

4.1 Summary

In this chapter, a novel technique for axial resolution improvement of time domain
optical coherence tomography (TDOCT) systems is presented. The technique is based
on step-frequency encoding, using frequency shifting, of the OCT signal. A resolution
improvement by a factor of ~ 7 is achieved without the need for a broader bandwidth
light source. This method exploits a combination of two basic principles: the
appearance of beating, when adding two signals of slightly different carrier
frequencies, and the resolution improvement by deconvolution of the interferogram
with an encoded autocorrelation function. In time domain OCT, step-frequency
encoding can be implemented by performing two scans, with different carrier
frequencies, and subsequently adding them to create the encoded signal. When the
frequency steps are properly selected, deconvolution of the resulting interferogram,

using appropriate kernels, results in a narrower resolution width.
4.2 Introduction

The axial resolution in OCT is inversely proportional to the spectral bandwidth of the
light source, and is given by the relation:
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Az =2In(2
()ﬂAxl

where X is the center wavelength, and AX is the bandwidth of the light source. The
most straightforward approach to improve the axial resolution is to use a light source
with a broader spectral bandwidth. Superluminescent light sources offer a resolution
which is limited to 10-15um. A Kerr-lens mode-locked Ti:sapphire laser, Ti:sapphire
pumped super-continuum generation, and thermal light sources were used to obtain
0.5-1 pm axial resolution in biological tissue [32][82][38][83][84]. Additional
extracavity spectral broadening in highly nonlinear fibers allows for sub-micrometer
(0.85um) resolution OCT at 800 nm and sub-2-micrometer (1.4um) resolution at 1.13
and 1.38 um wavelength [85][35]. Simultaneous dual-band, ultra-high, resolution
OCT imaging with an off-the-shelf all-fiber integrated supercontinuum (SC) source
enables OCT imaging with 1.7 um and 3.8 um axial resolutions, at 840 nm and 1230
nm, respectively [86] . In a recent paper, the generation of ultrabroadband biphotons
that span a bandwidth of ~ 300 nm with center wavelength Ao = 812 nm has also been
reported [87]. Using these ultrabroadband biphotons in conjunction with
semiconductor single-photon avalanche photodiodes (APDs), the narrowest axial
resolution (0.85um) was reported in quantum OCT (QOCT). However, there is a limit
to the resolution improvement that can be achieved even by these state-of-the-art OCT
systems. The inversely proportional, asymptotic, relationship between bandwidth and
resolution implies that increasingly broader, often unattainable or unsustainable,
bandwidths are required for marginal improvements in resolution. This is shown

schematically in Fig. 4.1.
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Figure 4.1 Axial resolution versus bandwidth illustrating the asymptotic relationship between axial
resolution and bandwidth
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Furthermore, there is an additional penalty of either a significant increase in system
complexity and cost or loss of sensitivity and power attenuation as the source

bandwidth is extended.

Resolution can also be improved using numerical processing techniques. The use of
deconvolution techniques on OCT images was first reported in 1997 [73]. An increase
in resolution by a factor of ~2 was obtained, as compared to the original
interferogram. Promising results, using the CLEAN algorithm, were also reported in
1998 [88]. Recently, two-dimensional deconvolution methods, for deblurring, were
shown to improve the quality of OCT images [89][10]. The maximum entropy
method (MEM) was also shown to enhance the resolution in OCT [90]. Moreover, by
digitally reshaping the source spectra to known modes, OCT resolution was improved
by a few micrometers [91]. It was also shown, theoretically, that a chirped quasi-
phase-matching nonlinear crystal structure can significantly enhance the axial
resolution in QOCT by increasing the spectral width of the generated entangled

photon pairs [92].

In this chapter, a simple technique that effectively improves the axial resolution of an
OCT system, without the need of a broader bandwidth light source, is demonstrated.
The technique is based on step-frequency encoding of the OCT interferogram. Signal
encoding belongs to a group of methods used in radar, sonar, and ultrasound to
augment the resolution as well as improve the SNR [93][94]. By linearly increasing,
step by step, the frequency of successive pulses and adding them, the resolution can
be significantly improved [93]. Since, in OCT, the detection is not based on pulse
width and time-of-flight, the application of this technique has been appropriately
modified. The proposed encoding scheme is based on the summation of scans with

different carrier frequencies and deconvolution.
4.3 Methodology

The proposed method of resolution improvement is based on two basic principles: (i)
the appearance of beating when adding two waves of slightly different frequencies,
and (ii) the resolution improvement by deconvolution with an appropriately chosen

kernel function.

53



4.3.1 Frequency Summation in Optical Coherence
Tomography

The OCT signal, which results from the interference of two partially coherent light

beams, can be expressed in terms of the source intensity, I, as

T=KReTy + KRy + 2[[k Rel, ][k, Rs 1, Re[(2)] (1)

where (k; + ky) < 1 represents the interferometer beam splitting ratio, Rs and Rg are the
reflection coefficients from the sample and reference arm, and y(t) is the complex
degree of coherence. The factor y(z) includes the interference envelope and carrier and
depends on the reference arm scanning or time delay t. Its recovery is of interest in
OCT. The complex degree of coherence can be approximated by a Gaussian function

expressed as

2
y(r):exp{—(z%j }exp(—jZﬂ f,7) (2)
where Af is the spectral width of the source and fq is the Doppler frequency. In Eq. 2,
the Gaussian envelope is amplitude modulated by an optical carrier. The peak of this
envelope represents the location of a reflector and/or a scatterer in the sample under
test. Its amplitude depends on the reflectivity of the structure. The optical carrier is
due to the Doppler shift resulting from scanning one arm of the interferometer, and
the frequency of this carrier is controlled by the speed of scanning. The Doppler

frequency is

2V
fd — scanner (3)

o

where A is the center wavelength of the source, and Vscanner IS the scanning speed of

the reference mirror.

In the case of a single scatterer and if k; = ky, = 0.5, then the interference pattern

can be written as:

2
Linert = /R Rs o €xp {_( 27?:”—2-2} }003(2” fy7) (4)
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By defining

S,(t) = IOeXp[_(Z?IL_TZJ } ®)

the interference pattern can be expressed as
lierr =y ReRs S, ()c0s(27f 1) (6)

4.3.1.1 Frequency Summation

Adding two A-Scans with two different but similar carrier frequencies, results in a

beating pattern at each peak of the interferogram. For example if:

Ait) = VRrRs S, (t)cos(2z fit+¢;) (7)
and
A, (t) = RRs Sy (t) cos(2r frt + ;) (8

are two A-Scans from the same position of a single scatterer, i denotes the number of
the A-Scan (e.g. the i-th A-Scan), and ¢i; and ¢, are the initial phases of the A-Scans

which can be different. The sum of the two A-Scans is:

A =A0)+A,0)= (R 2so(t)oo{2”( fi+ fz)t2+ (W%z)}co{z’f( fi- fz)t2+ (%—cviz)} 9)

If the frequencies are chosen correctly, the axial resolution can improve significantly.
For example, if the frequencies are chosen such that the beating nodes appear at
intervals corresponding to half the coherence length of the system, then the

interferogram from a single reflector will have the appearance depicted in Fig. 4.2.
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Figure 4.2 Beating of the interferogram of a single peak.

Filtering the carrier frequency (fi+f,)/2, results in a demodulated interferogram with

beating frequency (f1-f,)/2:

_ 27(f,— ft+ (9, —9,) 10
A (t) = JR.R, 25,(t) cos[ > } (10)

Eqg. 10 implies that, if the initial phases from A-Scan to A-Scan are different, the
beating patterns from A-Scan to A-Scan may be different. This will be further

discussed in subsequent sections.

4.3.1.2 Discrete Reflectors

In the case of a sample consisting of discrete reflectors, the OCT interferograms at

two frequencies f; and f, are given by:

A )= ZN: Rs.h(t—t,) ® S,(t)cos(2z .t + ;) (11)
A, (t) :iRskh(t —t,)®S,(t)cos(2z f,t + ¢.,) (12)

where Rsy are the reflection coefficients from different depths of the sample, ®
denotes the convolution operation, and h(t) describes the actual locations of scattering

sites within the sample.

The beating interferogram resulting from the addition of the two A-Scans is:
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A (t)= A1(t) t Az(t) =

N
Y Rsh(t-t,) ©25, )
k=1

005[277(](1 + )t (@, +¢i2)]COS[2ﬂ(fl - ft+g _%2)] (13)

Filtering the carrier frequency (f;+f2)/2 results in an A-Scan with beating frequency
(f]_-fz)/ZZ

A)= iRSkh(t -t,) ®230('[)COS[27T( f,— fz);"' %0 _¢i2):| (14)

Eq. 14 includes a phase term which can affect the beating pattern of the interferogram.
The results, as well as remedies, of this term are discussed in sections 4.3.2 and
4.3.3.3.

4.3.2 Deconvolution of the OCT signal

The OCT interferometric signal is a cross correlation function between the actual
locations and reflection coefficients of scattering sites within the sample and the
source autocorrelation. Taking the Fourier transform of both sides of Eg. 14 and
solving for the impulse response h(t-ts), one can theoretically recover the scatterer
locations. This is the simplest deconvolution algorithm in image restoration, called

inverse filtering, resulting in :

F(A®)= i}'(RSkh(t 1)) x F(2S, (t)cos([Zﬂ( - fz)t; (@, =0) D (15)
f(Rskh(t _tk )) = Rsk H (a))ejwtk (16)

Basic Fourier transform properties define that:
cos(apt) = (0 (w—m,) + o (w+ w,)) (17)

and
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cos(ay (t—t,)) =& 0 2(S(w-w) +S(w+m)  (18)

SO
]—"[250 (t)cos 2(t, - fZ)t; (i q)‘z)] =
o
f[ZSO(t)COS[a)O(t + Ao ] =25,(0)® [ﬂe ?(0(0-,) +5(0+ ) |=(19)
@y

A

—jo—*

2me ™ [Sy(@—ay) +Sy(0+w,)]

where o, :M , and Acpi:@. As aresult, Eq. 16 and Eq. 19 give:

N —ja)A—ﬂ
F(A®) = Z Rs, H(w)e'27ze [So(@—@y) + Sy(@w+,)] (20)

k=1

By dividing with the Fourier transform of a kernel from a single peak, i.e the peak at

the location t,, of the m-th A-scan:

LA
A

A(@) =278 ™ [Sy(@—my)+So(@+m)] 1)

and taking the inverse Fourier transform, we can extract the approximate reflectivity

profile of the sample:

Ap —Apy

Rs, H(w) = % = g H (a))ei”tkejw( “ (22)
and
Rs, h(t) = h(t) = ih[t t - M} 23)
k=1 600

Hence, theoretically, we can successfully extract the reflectivity profile albeit with a

distance shift of 2% ~A% from the real position of each scatterer. This shift is a
@,
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result of the different phases of the interferograms, which leads to different beating
patterns from peak to peak and from A-Scan to A-Scan. The implications and

remedies of this distance shift will be discussed in a section 4.3.3.3.

Eq. 22 is the simplest deconvolution algorithm in image restoration, called inverse
filtering. Because deconvolution in real space is equivalent to division in Fourier
space, the inverse filtering algorithm divides the Fourier transform of an image by the
Fourier transform of the PSF. Although the calculation is rapid, the utility of this
method is limited by noise amplification. During division in Fourier space, small
noise variations are amplified by the division operation. The result is a trade-off
between blur removal and noise gain. To avoid this trade-off a number of other
algorithms have been developed for image restoration. These algorithms are the so-
called “constrained iterative algorithms.” They work in successive cycles and, also,
apply constraints on possible solutions. These constraints not only help to minimize

noise or other distortions but also increase the power to restore a blurred signal.

One such algorithm is the Lucy-Richardson algorithm [9] which is a technique widely
used for restoring OCT images[10][89]. The algorithm is defined by[10]

£y =f(x y){h(—x,—y) %} (24)

where fi(x,y) is the estimate of the original image, g(x,y) is the degraded image, h(x,y)
is the PSF, and m is the number of iterations. The reason for the popularity of this
algorithm, which is based on a maximum likelihood estimation, is its ability to
produce reconstructed images of good quality even in the presence of high noise
levels [95]. The algorithm maximizes the likelihood that the resulting image, when
convolved with the PSF, is an instance of the blurred image assuming Poisson noise
statistics. Because it uses probabilistic error criteria, this algorithm can provide
slightly better restoration than other classical techniques. Also, since it takes into
account statistical fluctuations in the signal and suppresses iterations when values
deviate in the vicinity of their original value, it reduces noise amplification[95]. The

Lucy-Richardson algorithm is used in this work for deconvolution.
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4.3.3 Step Frequency Encoding, Resolution Enhancement,

and Limitations

The axial resolution of an OCT image can be significantly improved, when step

frequency encoding is combined with deconvolution.

4.3.3.1 Axial Resolution Improvement with Step Frequency

Encoding and Deconvolution

By adding two A-Scans at two different frequencies, beating will appear and the
interferogram from a single reflector will have the appearance depicted in Fig. 4.2.
Already there is an improvement in the full width half maximum (FWHM) of the
central lobe and, therefore, the resolution. The resolution improvement results from
the fact that the encoded central lobe is narrower than the equivalent envelope of a
standard OCT scan. The degree of the improvement depends on the frequency steps.
In the encoded case the FWHM of a peak is the width z of the central lobe which can

be calculated by:

10z

= f2)(t +r)j =0.5= 27(f,— f,)(t+7) = e (25)

2

Siﬂ[ZiI(

4 f—f 27
Sln(2ﬂ(1Tz)t)=0.5:> 272'( fl_ fz)t :? (26)

When combined, Eq. (27) and (28) give:

(27)

8
27r(fl—f2)r:?”:>r:3(f_f)
1 2

After deconvolution an additional resolution improvement of a factor of > 2 occurs

which results in:

_ 1 28
RS 2%)

From the relation x = vz, where v is the velocity of the scanner, the improved

resolution is at least
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\"
X=—
3( f1 - fz) (29)
The resolution improvement depends on the beating frequency and higher beating
frequencies, resulting in narrower peak widths. However, increasing the frequency
difference between steps is not without a penalty since the interferogram’s sidelobes

increase.
4.3.3.2 Sidelobe Amplitude

One of the important limitations of this technique is the appearance of sidelobes. The
relative size of the sidelobes can be calculated assuming a Gaussian envelope for the

interferogram, i.e.:

aAft ]Z

At) = /xe_(zm (30)

where Af is the spectral width of the source, and A. is the peak amplitude. In the case
of step frequency encoding of the pulse the period at which the sidelobes occur is T =
1/(f1-f,), and the peak of each sidelobe occurs at T .Therefore the amplitude of the first
and worst sidelobe is:

A = A:e{z(fl_;:f];‘\mj (31)

From Eqg. 31 we can see that, if the frequency steps are larger, the amplitude of the
sidelobe A is larger. In addition there are more sidelobes in the range of a coherence
length. Fig. 4.2 illustrates how the amplitude and number of sidelobes can increase
with increasing frequency steps (fi-f2). In Fig. 4.3(a), the frequency difference is
smaller (3kHz) than in Fig. 4.3(b) (6kHz). The increase in the number and amplitude
of the sidelobes is evident in the latter case.
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Figure 4.3 Dependence of sidelobes from frequency steps. (a) 3kHz frequency difference between
steps. (b) 6kHz frequency difference between steps. Intensity scales are linear.

The sidelobe limitation is to a large extend remedied by deconvolution with
appropriate kernels and further multiplying by the deconvolved envelope of the
standard OCT signal. In the case of an encoding scheme similar to that of Fig. 4.3(a),
where the sidelobes are at ~ 05-0.6 of the central lobe, a reduction of as much as 45
dB (typically) was achieved after deconvolution and multiplication. In an encoding
scheme similar to that of Fig. 4.3(b) such a reduction would be more challenging,
hence the tradeoff between resolution improvement and sidelobe intensity.

4.3.3.3 Location Shift

Since OCT does not detect the reflected replicas of a single pulse, as in ultrasound or
radar, there is a fundamental problem. When externally modulating the light, as
proposed in the following experimental section, each A-Scan can have a different
phase from the next A-Scan, and each peak can have a different phase from the next
peak in the same interferogram. This leads to different beating patterns from A-Scan
to A-Scan and from peak to peak where the nodes of the beating can be at random
locations relative to the center of the interferometric peak. The location shift from the
real location of the scatterers, as is described by Eq. 23, is a result of the different
phases of each interferogram which lead, after addition, to different beating patterns
(Fig. 4.4).
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The minimum shift from the real location occurs at a phase shift of zero (Fig. 4.4 (a)),
whereas the maximum shift is at n/2 (Fig. 4.4 (b)). From the relation A¢p = wet,

where wg = 2xn(f;-f2)/2, the maximum location shift is:

NN

1
_ _ (32)
Zﬂ(n; f,)  2(f,-f,)

At

This can be converted to distance given the relation Ax = vAt

\"
= 2( 1:1 - fz) (33)

where v is the velocity of the scanner. Therefore the maximum location shift is
inversely proportional to the frequency difference of the two A-Scans. The bigger the
frequency difference the smaller is the distance error.
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Figure 4.4 Different beating patterns as a result of different phases of interferograms.(a) zero distance
shift corresponding to zero phase shift of the main lobe from the real position. (b), maximum distance
shift corresponding to n/2 phase shift of the main lobe from the real position. Intensity scales are linear.

The problem of the location shift can be partly alleviated by performing
deconvolution with several kernels corresponding to different beating pattern, and
subsequently multiplying the results. It was noted experimentally that using three such
kernels was adequate to reduce the positional variation. Even after multiple
deconvolutions the uncertainty related to the initial phase of each A-Scan remains. An

algorithm for motion correction was used to alleviate this problem.

The motion correction algorithm applied to the OCT images is a very simple
correction algorithm which combines good performance with acceptable results. It is

based on the alignment of the specular reflection of the top edge of the sample. For
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each A-Scan, the position of the top edge in the image was determined using a pre-
defined threshold and, subsequently, median filtered. A correction factor was
calculated by interpolating between neighboring positions such that, when the A-Scan
position is corrected by that factor, the corrugation artifact caused by motion is

smoothed.
4.3.3.4. Design Trade-offs

The trade-off between sidelobe intensity and number, location shift error, and
resolution improvement is obvious from Eq. 29, 31, 35. The greater the frequency
difference of the A-Scans, the smaller the distance shift error,and the greater the
resolution improvement. However, the number and intensity of sidelobes is also
increased. A careful selection of frequency steps is necessary to obtain optimal results
for resolution improvement while maintaining tolerable levels of sidelobe amplitude
and distance shift error. From simulation and experimental data, it appears that an
appropriate choice for the frequency steps is such that the beating pattern has a period
of half the coherence length of the system. Such a value, results in a resolution
improvement by a factor of 3 with a total improvement by a factor of > 6 with
subsequent deconvolution. In addition, the main sidelobe level is ~ 0.5 that of the
main peak which can be sufficiently reduced by multiple deconvolutions to avoid
significant detail degradation. If T is the time it takes for one coherence length to be
scanned by the TD OCT system (T = coherence length / velocity of scanning), then
the beating frequency must be fpea: = (f1-f2)= 2/T. As with any design trade-offs, there

values will highly depend on system design and imaging study specifics.
4.4 Experimental Method

Fig. 4.5 depicts the experimental setup of the time domain (TD) OCT system used in
this study. It consisted of a superluminscent source (SLD) and a fiber optic-based
Michelson interferometer. The SLD, operating at a centre wavelength 4o = 1300 nm
and spectral FWHM of ~ 50 nm, resulted in an axial resolution of 13.5um. The
transverse resolution of the system was 16.5 um, the power of light incident on the
sample was 8mW, and the sensitivity of the system was measured to be 106 dB. The
reference arm was scanned by translating a retro-reflector with a galvanometer at a
velocity of 17.5mm/sec. The system employed two acousto-optic frequency shifters,
(FS1 and FS2, 25 MHz, variable 5MHz bandwidth, 1%-order diffraction, from
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Brimrose Inc.), one in the reference and one in the sample arm. The two frequency
shifters were driven with a dual channel RF driver to produce a net frequency shift
and added to the system a total insertion loss of 5 dB. The signal from the detector
was then digitized using a 16-bit 1.2 MHz data acquisition board.

Encoded images were acquired by taking two A-Scans at each point, with f; =100kHz
and f, =103kHz, and subsequently adding them, to produce a beating frequency of 3
kHz which corresponded to about half the coherence length for the giving reference
arm scanning scheme. This beating frequency satisfied the requirements, discussed
before, to achieve optimal results for resolution improvement while maintaining

tolerable levels of location shift and sidelobe amplitude.

A reference sample (three microscope cover slips of ~ 170 um thicknesses) was used
to extract single peak interferograms subsequently used as kernels for the
deconvolution (Fig. 4.6). Standard and encoded OCT images were collected,

processed and compared.

To enhance the visibility of important structures, images should be displayed with
high contrast resolution. The minimum and maximum values of the pixels, create a
window. Displaying the full range of the window presents the information with very
poor contrast. Shrinking the window increases contrast. Changing the center of the
window, changes the brightness of the image. In this thesis, for display reasons, the
minimum and maximum values for the window are entered manually and are
determined in terms of percent of standard deviation from the mean value. By
changing the minimum and maximum values of the window, the center of the window

is updated automatically, and contrast and brightness can be adjusted appropriately.

- FS2
circulator lens mirror
10%
SLD coupler 30/50 )Balanced
) receiver
l
_ DAQ
circulator lenses sample I
FS1
Computer

Figure 4.5 Configuration of the experimental time domain (TD) OCT system
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Ascan

Figure 4.6 Sample, consisting of 3 microscope cover slips (~ 170 um thickness, spaced at ~ 170 um
apart), used to collect the interferograms of 6 individual peaks from each A-Scan. They were
subsequently used as kernels for the deconvolution.

A-scan

~8um

Figure 4.7 Sample consisting of two tightly adjacent microscope slides used to evaluate the resolving
power of the proposed technigue.

A limitation of the experimental approach described above is that the acquisition time
is twice that of standard OCT, since two A-Scans are acquired at each point in the
sample. This limitation can probably be addressed in the future by using more than
one acousto-optic modulators in the reference arm. The processing time for an image
of 39.064 KB is 35.034seconds in a 2.5GHz PC using Matlab 2008 and is the same
with the processing time of the standard OCT image. The step that is the most
computationally expensive is the deconvolution step for both modulated and standard
OCT image. The processing time for a standard OCT image without performing
deconvolution is 2.292921 seconds, and the processing steps are demodulation and
display.

4.5. Results

The resolution of a system, as defined by Rayleigh, is its ability to discriminate
adjacent structures in an image. In order to illustrate the improvement in OCT
resolution, using the proposed method of encoding, images were acquired from two

glass microscope slides tightened together (Fig.4.7). The two adjacent, inner, glass
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surfaces, with an air gap of ~ 8 um between them (measured from the encoded OCT
A-Scans after processing) provided a suitable target for the evaluation of the system’s
axial resolution. The kernels used for deconvolution are shown in Fig. 4.8(a) and
4.8(b.) They were collected experimentally from the target described in Fig. 4.6. Fig.
4.8(a) shows the kernels used for the deconvolution of a standard OCT image whereas

Fig. 4.8(b) shows the kernels for the deconvolution of the encoded image.
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Figure 4.8 (a) Single peaks from demodulated standard OCT interferogram used as kernels for
deconvolution. (b) Single peaks from demodulated encoded OCT interferogram used as kernels for
deconvolution. (c) A-Scan from standard OCT (blue line), and deconvolution of demodulated A-Scans
from standard (red line) and encoded OCT (black line) in one plot for comparison reasons. (d) Center
peak of Fig. 4.8(c). (e) First peak of Fig. 4.8(c). y axis normalized, (a) and (b) normalized to 1, (d) and
(e) normalized to the highest peak of (c). Intensity scales are linear.

Fig. 4.8(c-e) illustrates the results of the proposed method and provides a quantitative
measure of the resolution improvement achieved. Fig. 4.8(c) is a plot of a single OCT
A-Scan showing the reflections from the faces of the two glass microscope slides. The
middle peak is the reflection from the two adjacent middle surfaces, a close-up of
which is shown in Fig. 4.8(d). The blue line is a standard OCT scan (with no
deconvolution), the red line is the standard OCT scan after deconvolution with the
kernels of Fig. 4.8(a), and the black line is the encoded OCT scan after deconvolution
with the kernels of Fig. 4.8(b). The two adjacent surfaces were not discernible using
standard OCT and appeared as a single peak. Even when deconvolution was

performed on the standard OCT signal the two peaks where still not clearly resolved.
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With step-frequency encoding and deconvolution the two peaks are unmistakably

separated.

The improvement in the axial resolution of the system was quantified by examining
the reflections from one of the single surfaces, in this case the peak at 2250 um, a
close up of which is shown in Fig. 4.8(e). The standard OCT resolution was measured
to be 13.5 um. After deconvolution of the standard OCT interferogram, the resolution
improved to 6 um and, after applying step-frequency encoding and deconvolution,
was further improved to 1.9 um, approximately a seven-fold improvement. This is

consistent with the theoretical analysis of the technique which predicted:

X=Vr=V 1 =1.94,m. (34)
3( f1 - fz)

The technigue was also tested on a biological sample. Fig. 4.9(a) shows a small region
(1.5x0.5 mm) of an onion image acquired with standard OCT. Fig. 4.9(b) shows the
same region after deconvolution of the standard OCT image. Axial resolution
improvement is evident. Fig. 4.9(c) is the onion image acquired with encoded OCT
after deconvolution and Fig. 4.9(d) is the same image with the distance shift corrected
using a simple motion correction algorithm. In this image, there is an improvement in
resolution which results in the appearance of the characteristic onion double wall
structures as evident from the zoomed regions of the same images in Fig. 4.10. The
presence of the wall structure is also recognized in Fig. 4.10(e) which is a light
microscopy image of onion cells. The distance between the cell membranes, measured
from the encoded OCT images, was found to be between 8.0 and 8.4 um, which is
consistent with the literature (6-10 pm corresponding to the thickness of two cell
walls.). This is a case of new information, revealed using the proposed technique,
which would have been previously unavailable. The fact that this is indeed a feature
of the sample and not an artifact, as might be suggested below when discussing Fig.
4.12 and 4.13, is further substantiated by the fact that the double line artifact produces
lines at a distance of 3-4 um (Fig. 4.12 & 4.13) and it is not present in other biological
samples, such as those of lung (Fig.4.11.)
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Figure 4.9 (a) Onion imaged with standard OCT, (b) after deconvolution of the standard OCT image,
(c) onion imaged with encoded OCT after deconvolution and (d) onion image with encoded OCT after
deconvolution and motion correction. (Image size: 1.5mm x 0.5 mm). The area in the red rectangle
appears in Fig. 4.10. Intensity scales are log.

Figure 4.10 (a) Onion imaged with standard OCT, (b) after deconvolution of the standard OCT image,
(c) onion imaged with encoded OCT after deconvolution., (d) onion image with encoded OCT after
deconvolution and motion correction and (e) Light microscopy image of onion cells. (Image size:
0,5mm x 0,2 mm). Intensity scales are log.

Rabbit lung parenchyma was also imaged, ex vivo, to further demonstrate the
applicability of the proposed technique to biological samples. The tissue was
harvested immediately post termination and preserved in phosphate buffered saline at

4 °C. Imaging was performed within about half an hour after harvesting. The zoomed
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images in Fig. 4.11 (d, e, and f) illustrate how the additional resolution improvement
revealed small alveoli which in standard OCT appeared as highly backreflecting dark
areas. In vivo imaging of tissue samples was not performed due to the speed
limitations of this system. However, given the effect of this method on resolution and
speckle, there is no reason to believe that it would not be applicable to in vivo tissue

imaging.
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Figure 4.11 (a) Rabbit lung parenchyma imaged ex vivo with standard OCT, (b) after deconvolution of
the standard OCT image, and (c) imaged with encoded OCT after deconvolution. (Image size: 0,5mm x
0,5 mm). (d — f) Details of images a-c, where small alveoli are indicated by the arrow. (e) Light
microscopy image of a section of lung parenchyma from an unrelated site included for reference
purposes. Intensity scales are log.

The proposed method is heavily depended on deconvolution. As a result, the effect of
the method on speckle might be a concern. This effect was also investigated
experimentally based on images consisting entirely of speckle. These images were
acquired from samples consisting of polysterine microspheres (2 um diameter) embed
in acrylamide gel in a concentration such that each imaging voxel included ~10
spheres. These samples were prepared based on the technique described in the
literature [96]. The results, shown in Fig. 4.12 and Fig. 4.13, indicate that neither the
Lucy-Richardson deconvolution nor the step-frequency encoding and deconvolution
significantly affect the amplitude of the speckle. However, they result in a

progressively finer texture.

Fig. 4.12 and 4.13 also illustrate a possible artifact of the proposed technique which

must be seriously considered when interpreting the improved OCT images. Highly
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intense, specular, reflections, such as those present at the top surface of flat, highly
reflective samples, can be mistakenly identified as a double layer. This is a result of
the increased intensity of the sidelobes of the actual source, which in the case of the
source used here, is not perfectly Gaussian (see blue line in Fig. 4.13.) Fortunately,
this artifact is not present in biological tissues, such as the example of the lung images

shown in Fig. 4.11.
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Figure 4.12 Speckle images from (a) standard OCT, (b) deconvolution of standard OCT, and (c) step-
frequency encoded and deconvoluted OCT. The images are displayed using the same contrast and
brightness scale for comparison purposes. Each image is 1.5x0.8 mm. Intensity scales are log.
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Figure 4.13 Single OCT A-Scans from the images of Fig. 9: standard OCT (blue), deconvoluted
standard OCT (red), and encoded and deconvoluted OCT (green) signals. Specular reflections appear at
the surface of the sample (at 0.2 mm).

4.6 Conclusion

By encoding the OCT interferogram and subsequently demodulating and

deconvolving, significant axial resolution improvement was achieved without the
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need of a broader bandwidth light source. The resolution improved significantly in
this case by a factor of ~7. By choosing appropriately the frequency steps, it is
expected that the technique can be applied for any OCT source (different resolutions,
wavelengths, dynamic range) with the same performance. Also it is expected that the
method will have the same performance if we increase the imaging speed or digital
resolution. However, an increased imaging speed and digital resolution, results in
standard OCT images with better quality and resolution.

Recently, cost-effective, broad-bandwidth, advanced SLD light sources have become
available that approach the image resolutions achieved by femtosecond lasers. These
light sources are multiplexed SLDs consisting of two or three spectrally displaced
SLDs that are combined to synthesize a broad-bandwidth spectrum. Multiplexed SLD
light sources have the disadvantage of spectrally modulated emission spectra that
produce sidelobes in the coherence function or axial point spread function, thus
resulting in image artifacts. On the positive side, multiplexed SLD light sources are
much lower cost and more robust than femtosecond lasers, and they promise to enable
wider availability of ultrahigh-resolution OCT. However, with step frequency
encoding we can achieve better results, in image resolution and quality, with the use
of only one SLD source. This means than the cost of the OCT system, is significantly
reduced, while the performance is image resolution is improved.

Despite the limitations of this very preliminary implementation of step-frequency
encoding, it is evident that this technique has the potential to dramatically enhance the
resolution of OCT systems. In addition, different forms of encoding can be
implemented, both in the time and Fourier domain, which will not suffer from the

limitations uncovered in these experiments.
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Chapter 5
Axial Resolution Improvement by

Modulated Deconvolution in
Fourier Domain Optical

Coherence Tomography

5.1 Summary

In this chapter, a novel technique for axial resolution improvement in Fourier domain
optical coherence tomography (FDOCT) is presented. The technique is based on the
deconvolution of modulated OCT signals. In FDOCT, the real part of the Fourier
transform of the interferogram is modulated by a frequency which depends on the
position of the interferogram in k space. A slight numerical k shift, results in a
different modulation frequency. By adding two shifted signals, beating can appear in
the A-scan. When the amount of shifting is appropriately selected, deconvolution of
the resulting depth profile, using suitable modulated kernels, yields a narrower
resolution width. A resolution improvement by a factor of ~ 7 can be achieved

without the need for a broader bandwidth light source.
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5.2 Introduction

In this work, a novel technique that effectively improves the axial resolution of
Fourier Domain OCT (FDOCT), without the need to use a light source with a broader
bandwidth, is demonstrated. The technique is based on the modulation and subsequent
deconvolution of the interferometric OCT signal, a concept adapted to the Fourier
domain but bearing some similarities to the method previously demonstrated in Time
domain OCT (TDOCT) . The basis of this concept is the summation of more than one
A-scans with different carrier frequencies and their subsequent deconvolution with
appropriate kernels. This represents a method of achieving super-resolution by
oversampling with both A-scans collected at the same sample location. However, the
additional information which appears in the form of beating permits modulated
deconvolution which significantly increases the resolution of the system. In FDOCT
the real part of Fourier transform of each interferogram is modulated by a frequency
which depends on the position of the interferogram in the k space. If a signal is
slightly shifted numerically, the frequency of the real part of the Fourier transforms
changes. By adding two shifted interferograms, beating will appear in the A-scans. If
the carrier frequencies are appropriately selected, the resulting interferogram will
have a narrower width. Subsequent deconvolution, with suitable kernels, provides

significant resolution improvement in FDOCT.
5.3. Methodology

The method of resolution improvement, proposed in this paper is based on two
principles: (i) the appearance of beating after the addition of two waves of similar but
slightly different carrier frequencies, and (ii) the resolution improvement of the OCT

images by deconvolution with a set of appropriately chosen kernel functions.

5.3.1 Frequency Summation

In FDOCT the acquired signal from a single scatterer, e.g. a mirror, at position rq is:
S, (k) =[S(k) cos(27kr,) | ® 5(k —k,) 1)

where S(k) is the spectrum of the laser source, rq is the location of the scatterer, and ky
is the center location of the interferometric signal in the acquisition window which

spans from kjto ky. The real part of the Fourier transform of Eq.1 is:
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Real {7 {S,()}} = Ry(N) =[R, (N ® 5(r —1,)]eos(2k,r) 2)

where Rjs is the cross correlation of the source, and R;; is the autocorrelation function.
Eq. 2, implies that the real part of the Fourier transform is modulated by a sinusoidal,
whose frequency depends on the k position of the interferometric signal, and the
period of that sinusoidal is 1/k.

If an interferogram is numerically shifted slightly, the period of the modulation
changes. Adding two shifted interferograms, can cause a beating pattern to appear, if

the amount of shift is appropriately selected. For example, consider
Ay (N=Real {F {S, (K)}} = R, (r) =[R; (r) ® 5(r —r,)[cos(27k,,f + @) (3)
and
A, (N=Real {F{S,(K)}} = R (r) =[R; () ® 5(r —1,)]cos(27k,,r + ¢3,) 4)

that are two A-scans from shifted interferograms corresponding to the same single
scatterer, where i denotes the number of the A-scan in the image, and ¢;;, and @i, are
the initial phases of the real part of the A-scans which are the same for all A-scans,
unlike the time domain where each A-scan has a different initial phase. This leads to a
quantization of scatterer positions, as we will describe analytically in section 5.3.5.

The sum of the two A-scans is:

A (r) - Ai(r) + Az(r) — [Rii(r) ®5(r 4 ro)]COS[ZEr(kxl + kx22) + (gpil + ¢i2)‘|COS[2ﬂr(kxl B kxzz) + ((pll _¢i2)‘| (5)

Filtering the carrier frequency (kx1+Kkx2)/2 in Eq. 5, results in a demodulated A-scan
with a beating frequency (Kyi-kx2)/2:

A® (RO @t -reos| el 20120 | e

Fig. 5.1 illustrates the basic principle behind modulated deconvolution. Fig. 5.1 (a) is
the acquired backscattered signal from a sample consisting of seven distinct
reflections. Fig. 5.1 (b) is an interferogram from the same point but shifted in relation
to the first. Characteristic beating patterns appear at each peak after summation of the
two interferograms and Fourier transform. They are particularly evident when

comparing a single peak from standard and modulated FDOCT in Fig. 5.1 (d).
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Figure 5.1 (a) Backscattered signal from a sample consisting of seven peaks, (b) signal from the same
point shifted in relation to the first, (c) characteristic beating patterns at each peak after summation of
two A-scans and FFT, and (d) a single peak from standard FDOCT and modulated FDOCT for
comparison.

5.3.2 Selection of Shift Amount

In order to achieve an axial resolution improvement by a factor of greater than two,
which is achieved by conventional deconvolution, it is important to choose the
amount of shift such that the beating pattern is clearly evident within a coherence
length of the source. Therefore, the beating period must be

T <|—°: E !

- <L 7
e 2 (kxl - kxz) 2 ( )

where |; is the axial resolution of the system. If Jx is the sampling interval of the
signal and o= 4k/N, where 4Kk is the spectral width of the interferogram and N the

number of points in the spectral width, then the necessary shift, in number of points, is

n:k“_k"zz ! :n>i (8)
5k 5kaeat 6k|c

5.3.3 Multiple Discrete Reflectors

In the case of a sample consisting of multiple discrete reflectors, the real part of the

depth reflectivity profiles of two shifted A-scans are

A(r) =3 Rs, [h(r — 1) ® R, (1) |cos(2zkr + 2,) ©)
A1) =3 Rs, [h(r — 1) ®R, (]cos(2rkyr +¢,)  (10)
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where Rsy is the reflection coefficients of the k™ scatterer, ® denotes the convolution
operation, and h(r) describes the actual locations of the scattering sites within the
sample. Eq. 9 and Eq. 10 are directly related to Eq. 11 and Eq. 12 of the previous

chapter which describe the A-scans of a time domain OCT system.

The beating interferogram resulting from the addition of the two A-scans is:

Ai(r)=Ay(r)+Ay(r) =

ZN:RSk [h(r 1)® Rii(r)]COSFﬂr(le + kxzz) +(p,+ ¢iz)}cos{2”r(kn - kxzz) +(p- ¢i2)} (11)

Filtering the carrier frequency (Kx1+kx2)/2 results in a demodulated interferogram with

a beating frequency (Kxi-kx2)/2:

N — ., — D
A(r) :ZRSk [h(r_rk)®Rii(r)]cos|:27z-r(kx1 kx2)+(¢|1 (0|2):|
= 2 (12)
Eqg. 12 is analogous to Eq. 14 of the previous chapter which describes an A-scan with
beating in a time domain OCT signal. From Eg. 12 we can see that the reflectivity
profile can be successfully extracted with a single deconvolution with the modulated

source autocorrelation function.

One additional consideration is the performance of the technique in highly scattering
samples and in the presence of speckle. The formulation of Eqg. 9 and Eq. 10 does not
include any assumptions regarding the location of the scatterers (r) or the distance
between scatterers (4r = r«+1— 1) and, therefore, also applies to cases where Ar is less
than the resolution of the system. The envelope of the resulting speckle will not
correspond to the source autocorrelation (Ri;) but will still be modulated. The process
of deconvolution or modulated deconvolution will not have any effect on the speckle
amplitude but will result in progressively finer structure. This is particularly evident
in Fig. 5.12 and is consistent with the results for time domain OCT in the previous
chapter.

5.3.4 Quantization of Position

The modulation method described previously leads to a quantization of position.
When modulating with the proposed scheme, the modulation (which is a beating

frequency) will be applied to the whole A-scan. This beating frequency will have the
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same phase for all A-scans. The phase of the beating (¢i1-¢i2)/2 depends only on the
position along the interferogram, and is constant from A-scan to A-scan. This means
that when two scatterers are very close together, their peaks will be modulated such
that the nodes of the beating appear at the same positions for both scatterers. This is
shown schematically in Fig. 5.2 (a) and Fig. 5.2 (b). Fig. 5.2 (a) shows the beating
frequency (black line) and two closely spaced scatterers (red and blue line) from two
adjacent A-scans. When those two A-scans are multiplied with the beating frequency
they result in the beating patterns shown in Fig. 5.2 (b) (red and blue line). After
deconvolution, the two scatterers of Fig. 5.2 (b) will appear at the same location. This
results in scatterers of adjacent A-scans, that are spaced as close as the width of one
beat, to appear at the same location. This phenomenon was termed “quantization of
position™. It appears as an artifact in the image and is particularly evident in angled
edges which appear stepped.

To solve this quantization problem, the beating frequency from A-scan to A-scan is
changed slightly by shifting the second interferogram by n+An pixels, in relation to
the first, where An is a random small number. The result of this operation is shown in
Fig. 5.3 (a) and (b). In Fig. 5.3 (a), the red and blue lines are the beating frequencies
and the scatterers of two adjacent A-scans. In Fig 5.3 (a) the two beating frequencies
now have an imperceptible difference from each other, which can be visualized as a
phase difference. Fig. 5.3 (b) (red and blue lines) shows the beating patterns, for the
two adjacent A-scans, which results from the multiplication of each A-scans with the
corresponding beating frequency. In this case, after deconvolution, the two scatterers
can be resolved. However, each modulated A-scan will now have a different phase
from the next A-scan, which will be random, and lead to a location shift from the real
position of each scetterer. This is a limitation also present in the time domain as

described in the previous chapter.
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Figure 5.2 (a) black line: Beating frequency which is constant for all A-scans. Blue and red line: two
adjacent A-scans. (b) black line: Beating frequency which is constant for all A-scans. Blue and red line:
two modulated adjacent A-scans after multiplication with the beating frequency. After deconvolution
the two scatterers cannot be resolved
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Figure 5.3 (a) blue and red line: Beating frequencies (which are different) and two adjacent A-scans.
(b) blue and red line: two modulated adjacent A-scans after multiplication with their corresponding
beating frequencies. After deconvolution the two scatterers can be resolved.

79



5.3.4 Modulated Deconvolution, Resolution Enhancement,

and Limitations

The axial resolution of an OCT image can be significantly improved, when modulated
A-scans are deconvolved with appropriate kernel functions as also shown in the
previous chapter. The equation of modulated deconvolution is derived from Eq. 23 of
Chapter 4 (for TDOCT) and, for the case of an FDOCT A-scan, is:

Rs, h(r) = h(r) =ih(r—rk —Mj (13)

2

where Ai=i1-¢i2 is the phase of the i-th modulated A-scan, Apm = @m1-@m2 IS the
phase of the m-th modulated A-scan from where the single peak, used as kernel for

deconvolution is taken and e, =27r(kx;2k“) . The factor Ap = Ay is the distance
Wy

shift from the real position of each scatterer.

The Lucy-Richardson algorithm was used for the deconvolution operation in this

work. The advantages of this algorithm have been described in Chapter 4.

5.3.4.1 Axial Resolution Improvement with Modulated

Deconvolution

By adding two interferograms, from the same sample location and shifted in k space,
beating will appear in the real part of the Fourier transform and the A-scan will have
the appearance depicted in Fig 5.1. As shown, there is already an improvement in the
full width half maximum (FWHM) of the central lobe and, therefore, the resolution.
The resolution improvement results from the fact that the modulated central lobe is
narrower than the equivalent envelope of a standard OCT scan. The degree of the
improvement depends on the modulation frequency and, therefore, the shift amount.

The FWHM is the width ¢ of the central lobe which can be calculated by combining

107

5 (14)

sin(Zn(kﬂ;zkxz)(r +§)] =05= 27(k, —Kk,)(r+¢) =

sin(Zﬂ(%)rj:O.S:2ﬂ(kx1—kxz)r :%” (15)

which gives:
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Deconvolution contributes an additional resolution improvement of a factor of > 2

which results in:

= 1 _ 1 (17)
3(k><1 - kx2) 35kn
where dy is the sampling interval and n is the shift in number of points. Eq. 17 is

equivalent to the Eq. 29 of Chapter 4.

The resolution improvement depends on the beating period since smaller beating
periods result in narrower peak widths. Unfortunately the number and amplitude of

the sidelobes also increase at the same time.
5.3.4.2 Sidelobe amplitude and location shift

The appearance of sidelobes is an important limitation of this technique. The relative
amplitude of the first sidelobe, which is the most severe case in terms of amplitude, is
analytically calculated, for the time domain OCT, in Chapter 4 as described by Eq. 31.
For the case of fourier domain OCT signal, the sidelobe amplitude is:

7AK

A = Ae_[WT — A&e_[wkfik'”?]z (18)

where 4Kk is the spectral width of the source, and A is the peak amplitude . Eq 18
clearly illustrates that if the shift amount is larger and, therefore, the beating period is

smaller, the amplitude of the first sidelobe (As) is larger.

Another limitation of the technique is a location shift from peak to peak in the A-scan.
As shown earlier, there are differences in phase between A-scans. This leads to
different beating patterns at different peak locations resulting in beating nodes at
random locations relative to the center of the interferometric peak (Fig.5.4). This
introduces a shift in the location of the central lobe. The maximum location error can
be derived from the Eq 34 in Chapter 4. For the case of Fourier Domain OCT, the

maximum error is:

11
2(k, —k,) 25k#n

¢= (19)
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which implies that the maximum location shift is inversely proportional to the amount
of shift between the two interferograms. The bigger the amount of shift the smaller is

the distance error.
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Figure 5.4 Two different beating patterns resulting from two different scatterer locations of Figure
1(c). (a) zero distance shift of the main lobe from the real position. (b), maximum distance shift of the
main lobe from the real position. Intensity scales are linear.

As explained above, and illustrated in Fig. 5.4, the location shift and sidelobe
amplitude are a direct result of the different beating patterns at different locations. If
the signal is deconvolved using as a kernel the beating pattern of Fig.5.4 (a), at
locations similar to Fig. 5.4 (b) there will be maximum distance shift and sidelobe
amplitude. However, if the beating pattern of Fig. 5.4 (b) is used, the opposite will
occur; i.e. the shift and sidelobes will be worse at locations similar to Fig. 5.4(a). If
both kernels are used, in successive deconvolutions, and the results are combined by
multiplication, then the effect of distance shift and sidelobe amplitude can be
significantly reduced. It was noted experimentally that using three such kernels is
adequate to minimize these issues. However, even after multiple deconvolutions,

some uncertainty, related to the initial phases of each interferogram remains.
5.3.4.3. Design Trade-offs

The tradeoff between sidelobe intensity and number, location shift error, and
resolution improvement is obvious from the above discussion. The greater the amount
of shift between the interferograms, the smaller the distance shift error and the greater
the resolution improvement. However, the number and intensity of sidelobes also
increases. A careful selection of shift is necessary to obtain optimal results for

resolution improvement while maintaining the sidelobe amplitude and location shift
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error within tolerated limits. From simulations and experimental data, it appears that
an appropriate choice for the amount of shift is such that the beating pattern has a
period of half the coherence length of the system. Such a value, results in a resolution
improvement of ~7 and a main sidelobe amplitude 20 dB below the main peak after
deconvolution. The sidelobe amplitude is further reduced to 45 dB below the main
with the use of three appropriate kernels. As with any design trade-offs, the values

chosen will highly depend on system design and imaging study specifics.
5.4. Experimental Method

Fig. 5.5 shows the swept source OCT (SS-OCT) system used in this study. The swept
light source (Santec Corporation, Japan) had a 1310 nm center wavelength, 110 nm
Scan Range, and 20-kHz scan rate. 90% of the output power was coupled into the
sample arm and the remaining 10% into the reference arm. Two circulators were used,
in both the reference and sample arms, to redirect the back-reflected light to a 2x2
fiber coupler (50/50 split ratio) for dual balanced detection. The sample arm was
scanned by tilting a mirror with a galvanometer. The dynamic range of the system
was 85 dB. In the detection arm, the signal collected by the photodetectors was
digitized using a 14-bit data acquisition board sampling at 40 M samples/second. The
number of data points for each interferogram was 2000. The data acquisition start
trigger for the digitizer was generated by the swept source. The depth encoded signal
was calculated from the detected fringe signal by zero padding by a factor of 4
(increasing the number of points from 2000 to 8000), k-space resampling and Fast
Fourier Transform (FFT). The sampling interval after zero padding and k space
interpolation was o, = 75.95. The number of pixels we shift the interferogram by is
3000. This value was chosen based on the trade-off discussion of section 5.3.4.3 to
provide the best possible results. These values also define the predicted resolution and

error. The image range depth was 3.9 mm.

The processing time for an image of size 7,814KB is 33.315338 seconds, and
34.645785 on a 2.5GHz PC using Matlab 2008, for a standard and a modulated OCT
image respectively after deconvolution. The most computationally expensive steps are
the deconvolution and the FFT steps for both standard and modulated images. The
small time difference in the processing of the modulated OCT image is due to shifting

and addition of A-Scans step. The time to process a standard OCT image of the same
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size but without performing deconvolution is 6.272285 seconds and processing steps

include interpolation, 2*° point FFT, filtering and display.

Images were acquired with continuous lateral scanning and oversampling in the
lateral direction. Since adjacent A-scans were located at less than half the resolution
apart, neighboring A-scans were considered to be identical. For every pair, one of
them was shifted numerically by an appropriate amount. Beating appeared at each
peak after adding the two and taking the real part of the FFT. In order to avoid
filtering of the high frequency (kx1t+kx2)/2 in Eq. 13, the absolute value of the FFT of
the sum of two interferograms can be taken directly. This ensures a demodulated A-
scan with beating at each peak with a beating frequency (kKxi-Kx2). A limitation of this
experimental approach is that the acquisition time is twice that of standard OCT, since
two A-scans are acquired at each point in the sample.

A reference sample, consisting of three microscope cover slips of ~ 170 um thickness
spaced at ~ 170 um distance (Fig. 5.6) was used to extract single peak interferograms
subsequently used as kernels for the deconvolution. Of the resulting six peaks, three
are chosen as kernels based on signal strength (i.e. the reflections with the strongest
intensity are selected.) Although it is not obvious that these kernels are the optimum
for this procedure, they are adequate to provide acceptable results as explained in
Section 5.3.4.3.

i . mirror
Trigger circulator lens
Swept source 50/50 D Balanced
—D .
D receiver
I
_ DAQ
circulator lenses sample l
Computer

Figure 5.5 Configuration of the experimental swept source OCT system
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Figure 5.6 Sample, consisting of three microscope cover slips (~ 170 um thickness, spaced at ~ 170
um apart), used to collect the interferograms of 6 individual peaks from each A-scan.

l A-scan

~1.5um

Figure 5.7 Sample consisting of two tightly adjacent microscope slides used to evaluate the resolving
power of the proposed technique.

5.5 Results

The resolution of a system, as defined by Rayleigh, is its ability to discriminate
adjacent structures in an image. In order to demonstrate the improvement in OCT
resolution, using the proposed method of modulation, images were acquired from two
glass microscope slides tightened together (Fig. 5.7). The two adjacent, inner, glass
surfaces, with an air gap of ~ 1.5 um between them (measured from the modulated
OCT A-scans after processing) provided a suitable target for the evaluation of the
system’s axial resolution. The kernels used for deconvolution are shown in Fig. 5.8(a)
and 5.8(b.) They were collected experimentally from the target described in Fig. 5.6.
Fig. 5.8(a) shows the kernels used for the deconvolution of a standard OCT image

whereas Fig. 5.8(b) shows the kernels for the deconvolution of the modulated image.

Fig. 5.8(c-h) illustrate the results of the proposed method and provide a quantitative
measure of the resolution improvement achieved. Fig. 5.8(c) is a plot of a single OCT
A-scan showing the reflections from the faces of the two glass microscope slides. The

middle peak is the reflection from the two adjacent middle surfaces, a close-up of
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which is shown in Fig. 5.8(e). The blue line is a standard OCT scan (with no
deconvolution), the red line is the standard OCT scan after deconvolution with the
kernels of Fig. 5.8(a), and the black line is the modulated OCT scan after
deconvolution with the kernels of Fig. 5.8(b). The two adjacent surfaces were not
discernible using standard OCT and appeared as a single peak. Even when
deconvolution was performed on the standard OCT signal the two peaks were still not

clearly resolved. With modulation and deconvolution the two peaks are unmistakably

separated.
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Figure 5.8 Single peaks from (a) a standard OCT interferogram and (b) a modulated OCT
interferogram used as kernels for deconvolution. (c) A-scan from standard OCT (blue line), and
deconvolution of demodulated A-scans from standard (red line) and modulated OCT (black line) in one

86



plot for comparison reasons. (d) Intermediate modulated deconvolution results for the first peak of Fig.
5.8(c). (e) and (g) Center peak of Fig. 5.8(c). (f) and (h) Last peak of Fig. 5.8(c). The y axis is
normalized to 1 for (a) and (b) and normalized to the highest peak of (c) for (¢) and (f).

The improvement in the axial resolution of the system was quantified by examining
the reflections from one of the single surfaces, in this case the peak at 2720 um, a
close up of which is shown in Fig. 5.8(f). The standard OCT resolution was measured
to be 9.5 um. After deconvolution of the standard OCT interferogram, the resolution
improved to 4.2 pum and, after applying modulated deconvolution, was further
improved to 1.4 um, approximately a seven-fold improvement. This is consistent with
the value predicted from the theory. The improvement is further verified by the clear
separation (satisfying the Rayleigh criterion of resolution) of the two peaks in Fig.

5.8(e) which are at a distance of ~1.5 um as estimated from that figure.

The technique was also tested on biological samples. Fig. 5.9(a) shows a small region
(0.82 mm x 0.96 mm) of an onion image acquired with standard OCT. Fig. 5.9(b)
shows the same region after deconvolution of the standard OCT image. Axial
resolution improvement is evident. Fig. 5.9(c) is the onion image after modulated
deconvolution. In this image, there is an improvement in resolution which results in
the appearance of the characteristic onion double wall structures as evident from the
zoomed regions of the same images in Fig. 5.10. The presence of the wall structure is
also recognized in Fig. 5.10(d) which is a light microscopy image of onion cells. The
distance between the cell membranes, measured from the modulated OCT images,
was found to be between 6.8 and 8.2 um, which is consistent with the literature (6-10
pum corresponding to the thickness of two cell walls.). This is a case of new
information, revealed using the proposed technique, which would have been

previously unavailable.

Rabbit lung parenchyma was also imaged, ex vivo, to further demonstrate the
applicability of the proposed technique to biological samples. The tissue was
harvested immediately post termination and preserved in phosphate buffered saline at
4 °C. Imaging was performed within about half an hour after harvesting. The zoomed
images in Fig. 5.11 (d, e, and f) illustrate how the additional resolution improvement
revealed small alveoli which in standard OCT appeared as highly backreflecting dark

areas.
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In vivo images of skin were also processed with the proposed algorithm in order to
demonstrate the applicability and effects of the technique on highly scattering
biological tissues (Fig 5.12). The fine tubular structure of the sweat duct is clearly
visible after modulated deconvolution (Fig. 5.12, marked with d). In addition, the
effect of the methodology on speckle is also evident (Fig.5.12, marked with s.) As
expected from theory and prior work in time domain OCT, the speckle amplitude is

not affected but its texture has become considerably finer.

To enhance the visibility of important structures, images should be displayed with
high contrast resolution. The minimum and maximum values of the pixels, create a
window. Displaying the full range of the window presents the information with very
poor contrast. Shrinking the window increases contrast. Changing the center of the
window, changes the brightness of the image. In this thesis, for display reasons, the
minimum and maximum values for the window are entered manually and are
determined in terms of percent of standard deviation from the mean value. By
changing the minimum and maximum values of the window, the center of the window

is updated automatically, and contrast and brightness can be adjusted appropriately.
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Figure 5.9 (a) Standard OCT image of an onion. (b) Same image after deconvolution. (c) Same data
after modulated deconvolution. (Image size: 1.15 mm x 1.35 mm). The area in the red rectangle
appears in Fig. 5.10. Intensity scales are normalized log.
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Figure 5.10 (a) Standard OCT image of an onion. (b) Same image after deconvolution. (c) Same data
after modulated deconvolution. (d) Light microscopy image of onion cells. (Image size: 0.65 mm x
0.40 mm). Intensity scales are normalized log.

88



-0.86
-0.88
-0.9

-0.92
-0.94
-0.96

~—

ez (e)

- S
)

i

-
=

- =
-

——

- "
-y

Figure 5.11 (a) Rabbit lung parenchyma imaged ex vivo with standard OCT. (b) Same image after
deconvolution. (c) Same data after modulated deconvolution. (Image size: 1.2 mm x 0.83 mm). (d - f)
Details of images (a)-(c), where small alveoli are indicated by the arrow. (g) Light microscopy image
of a section of lung parenchyma from an unrelated site included for reference purposes. Intensity scales
are normalized log.

Figure 5.12 (a) In vivo, standard OCT, image of skin (finger tip). (Image size: 1.15 mm x 2.7 mm). (b)
Close up of the region marked with the rectangle in (a). (¢) Same section after deconvolution of the
standard OCT image. (d) Same data after modulated deconvolution. The area of the sweat duct (marked
with d) clearly exhibits characteristic tubular structure. Areas of speckle are also indicated (marked
with s). Intensity scales are normalized log.

To quantitatively assess the image quality in Fig. 5.9, the Signal to Noise Ratio (SNR)

and Contrast to Noise Ratio (CNR) were calculated.

SNR = 20*log,, { e } : (20)
O,

b
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where Inax is the maximum value in the processed image, and oy is the standard
deviation of the noise in the background. The CNR measures the contrast between a
feature of interest and background noise. In the m-th region of interest (ROI), the
CNR is defined as:

CNR =10log,, | A —£b | (21)
«/Uri +o?

where py, and 6%y, denote the mean value and variance of the m-th ROI, respectively,

and pp and 6%, denote the mean value and variance of the background region,

respectively. The results are summarized in Table 1.

Applying Lucy-Richardson deconvolution improves the SNR of the image both in the
case of regular deconvolution (Fig. 5.7 (b)) and of modulated deconvolution (Fig. 5.7
(c)). This is a result of the property of the Lucy-Richardson algorithm to deblur the
intensity of an image therefore concentrating the power near the strong scatterering
centers. This finding is consistent with the literature [97]. However, the CNR of the
image decreases from 7.86 to 6.93 for the regular deconvolution and to 7.14 for the
modulated deconvolution. In both cases, deconvolution decreases the CNR. However,
the reduction is less severe for the case of the modulated deconvolution. These results

are also consistent with the literature [97].

Table 5.1 Quantitative assessment of SNR and CNR of images in Fig 5.7.

Figure 6 (a)  Figure 6 (b)  Figure 6 (c)

SNR(dB) | 77.19 77.83 80.21

CNR(dB) 7.86 6.93 7.14

5.6. Conclusion

This chapter demonstrates the application of modulated deconvolution in Fourier
domain OCT to achieve superior resolution without the need of a broader bandwidth
light source. The resolution improved significantly, in this case by a factor of ~7. By

chosing appropriately the shift amount, it is expected that the technique can be applied
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for any OCT source(different resolutions, wavelengths, dynamic range) with the same
performance. It is also expected that the method will have the same performance if we
increase the imaging speed or digital resolution. However an increased imaging speed
and digital resolution, results in standard OCT images with better quality and

resolution.

Despite the limitations of this very preliminary implementation of modulated
deconvolution, it is evident that this technique has the potential to dramatically
enhance the resolution of OCT systems. In addition, different forms of encoding can
be implemented in the future which will not suffer from the limitations uncovered in

these experiments.
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Chapter 6
ateral Resolution Improvement

using Oversampling

6.1 Summary

A novel method for lateral resolution improvement of optical coherence tomography
(OCT) images, which is independent of the focusing of the delivery optics and the
depth of field, is presented in this chapter. This method was inspired by radar range
oversampling techniques. It is based on the lateral oversampling of the image and the
estimation of the locations of the multiple scatterers which contribute to the signal.
The information in the oversampled images is used to estimate the locations of
multiple scatterers assuming each contributes a weighted portion to the detected
signal, the weight determined by the location of the scatterer and the point spread
function (PSF) of the system. A priori knowledge of the PSF is not required since
there are methods to effectively estimate it from the image. Results of such an
approach on laterally oversampled OCT images have shown that it is possible to
achieve a ~ 4-fold lateral resolution improvement. Such improvement can be
significant, especially in cases where the numerical aperture (NA) of the delivery
optics is limited, such as, for example, in the case of ophthalmic imaging where the

optics of the eye itself limits the lateral resolution.
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6.2 Introduction

In OCT the lateral resolution is fundamentally limited by the focusing of the delivery
optics. A high lateral resolution and a wide depth of field (DOF) are mutually
exclusive, and this imposes significant limitations. Although a higher effective
numerical aperture (NA) enhances the lateral resolution, it limits the DOF which is
inversely proportional to the square of the effective NA of the optical system. This
limitation becomes even more pronounced in the case of ophthalmic OCT imaging
where the delivery of the sample beam is constrained by the optics of the eye.
Furthermore, the lateral resolution of OCT systems is not constant. Only a very small
range around the focal plane exhibits the desired lateral resolution of the system, and
the OCT image in the out-of-focus range is blurred laterally. Adaptive optics [98] or
axicon lenses [99] have been used to improve lateral resolution over large scanning
depths . It is inevitable however to suffer from aberrations when using AO. Dynamic
focus [37] and focus tracking [100] in the sample arm have also been employed.
However, special hardware is required which limits the scanning speed and its

application in real-time.

A different approach for achieving uniform lateral resolution is the use of inverse
scattering [101][102] algorithms. Interferometric synthetic aperture microscopy
(ISAM) can achieve depth independent resolution throughout a volume where the
focus is fixed at one depth [103]. The disadvantage of this method is the decrease in
SNR away from the focus. A two-dimensional numerical method was developed to
alleviate the compromise between the lateral resolution and wide depth measurement
range in optical coherence tomography (OCT) [104]. However his method is
extremely sensitive to the phase stability of the measurements, particularly when in

vivo imaging is involved and the sample movement is unavoidable.

Deconvolution methods have also been used for lateral resolution improvement by a
factor of ~ 2. A non iterative numerical method for laterally superresolving OCT
images using a depth dependent PSF was developed [105]. In addition, Gaussian
beam deconvolution for lateral resolution improvement have been employed [89][10].
Wiener and Lucy-Richardson OCT image restoration algorithms were implemented
and compared to show that Lucy-Richardson algorithms have a better performance

[10]. Those deconvolution methods require that the PSF of the system is known. A
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new method which proposes an automatic point spread function estimation to
deconvolve OCT images was developed, and is based on the discontinuity of

information entropy [106].

In this chapter, we present a method for lateral resolution improvement which is
independent of the focusing conditions and the depth of field, and is based on lateral
oversampling and estimation of the weighted contributions of multiple scatterers.
These methods are inspired from radar range oversampling techniques [107]. In such
methods, the images are oversampled and the information is used to estimate the
locations of multiple scatterers assuming each contributes a weighted portion to the
detected signal. A priori knowledge of the PSF is not required since it can be
estimated from the image. Results from the implementation of methods on laterally
oversampled OCT images have shown that it is possible to achieve lateral resolution

improvement greater than that achieved with deconvolution.
6.3 Theory

In an OCT system, the output image can be considered as the input image convolved
with the PSF of the system. If the input of the system is an infinitely small object then
the output will be the lateral PSF of the system. The lateral PSF of an OCT system

can be approximated by:

h(x,y) = exp(-22— ) (1)
w(z)

where w(z) is the beam waist size which is depth dependent and is given by the

Mn=%$+§¥ )

where wy is the beam west radius, which is the minimum beam radius obtained at the

following equation:

focus(z=0), measured between the 1/e? irradiance points (full width at e maximum
of the intensity), and z is the axial coordinate where z=z, at the boundary of the
confocal region. This means that a laser beam that is focused to a small spot will
spread out quickly as it moves away from the focus, while a large-diameter laser

beam can stay roughly the same size over a very long distance.
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The lateral resolution is determined by the optics of the imaging device, and is equal
to the diameter of the focused beam at its narrowest spot:

4
AX = 2w, = ;% (3)

where NA is the numerical aperture of the focusing lens, and Ao is the center
wavelength of the source. High lateral resolution can be obtained by using a large NA
and focusing the beam to a small spot size. The lateral resolution is also related to the

Rayleigh range b which is a measure of the depth of focus, that is:

AX?
b
22 (4)

The Rayleigh range is the distance from the focal plane to the point where the light
beam diameter has increased by a factor of /2. The resolution and depth of focus are
shown schematically in Fig. 6.1.

Low NA High NA

Figure 6.1 Resolution and depth of focus for a high numerical aperture and a low numerical aperture
lens.

Given the above relationship it is obvious that improving the lateral resolution
produces a decrease in the depth of focus, leading to a significant tradeoff in the
design of OCT imaging devices.

6.4. Methodology

If the lateral resolution of an OCT system is Ax then according to the Nyquist

sampling theorem the transverse direction is completely determined if the sampling
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rate is >1/(24x). In that case the distance between the centers of two adjacent
resolution volumes will be 4x. If the lateral direction is oversampled with a sampling
rate of (L/(2*4x)), then adjacent resolution volumes overlap and are shifted by Ax/L.
In that way, signals from successive volumes will be correlated in range due to the
region shared by adjacent resolution volumes. This is shown schematically in Fig. 6.2
for L= 3.

< Ax —>

51 (52 |53 |54 |55 |56

Vi

V2

V3

Figure 6.2 A schematic diagram of L=3 lateral oversampling. Each oversampled signal Vi(t) consists
of independent  signals from L subvolumes (S; to Si.i.1) [107]

We can further assume that in a resolution volume of width 4x there exist L
“subvolumes”. Each subvolume has a size of Ax/L. Each OCT resolution volume
signal Vj(t), with width Ax, is a weighted contribution of those L independent signals
(Si(t) to (SL+i-2(t), with the weights determined by the PSF of the system. The
weighted matrix between high spatial resolution signals and oversampled signals can

be represented by the following matrix notation:
V(t) = AS(t) ®)
where V(t) =[V,(t) Vz(t)...VL(t)]T is a column vector of oversampling signals from L

successively spaced resolution volumes,s() =[S, (t) Sz(t)...SZH(t)]T is a vector of

independent signals (scatterers) at 2L-1 subvolumes within the range covered by L

consecutive resolution volumes and the superscript T is the transpose. Moreover,
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A=[aa, .. a,,] isamatrix of point spread functions (PSFs) and has a size of L(2L-
1), where a; is a column vector of size L specifying the weights at the i-th subvolume
to produce oversampled signals in V(t). In this work, the value of each element in A is

assumed to be known.

A simplified ideal, case of Eq. 5 is illustrated in Fig. 6.2, where a rectangular PSF,
and an oversampling factor L=3 are considered. Thus, the point spread function has a

rectangular shape, and oversampled signals can be represented in the following form:

V)] [1 110 0
V,0[=[0 111 0[[S0) S0 S0 S0 SO (6)
V()| [0 011 1
Each oversampled signal is simply a summation of equally weighted independent
signals at those subvolumes contained in one resolution volume. For example, Vi(t) =
Si(t) + Sp(t) + Ss(t). For the case that we have a Gaussian PSF and an oversampling

factor of 3 Fig. 6.2 is translated to Fig. 6.3.

S$1S2 S3 54 S5

AX

N
A

Figure 6.3 A schematic diagram of L=3 lateral oversampling and a Gaussian PSF. Each oversampled
signal V;(t) consists of independent signals from L subvolumes (S; to S, +i.1).

Also, Eq. 6 for Gaussian PSF and oversampling L takes the form of:

\A a .. a, 0 ..000
Vv, 0a a, o0 00
T
V3 = Ooai a 0 0 [Sl Sz Ss SZL—l] (7)
Vel | O aQ ..o, |
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The sub-resolution volumes S; can be extracted by direct solution of Eq. 5, that is by

multiplication with the inverse of matrix A, S(t) = A"V (t).

6.4.1 Resolution Enhancement using Capon’s Method.

Although solving Eq. 5 seems to give an adequate solution to this inverse problem,
the method is very sensitive to noise (noise amplification) as will be shown later
during the experimental evaluation of this method. A better way to solve this inverse
problem and reconstruct the finer resolution signal S; is to find the optimum weighting
for the signal V;. The Capon method is a simple method which can be used to find the
appropriate weight function. This technique was extensively studied in the literature
[12],[108] especially as a high-resolution spectral estimation method. The Capon
method for spectral estimation is described first, followed by its adaptation to OCT

lateral resolution enhancement.
6.4.1.1 Capon Spectral Estimation.

The Capon spectral estimation method is generally a filterbank approach and is a
problem of filter design with some specific constraints. The constraints of the Capon
method are that the signal at the specific frequency o is passed unchanged (the gain is
unit) and that the output power of the overall frequency domain is minimized.
Appropriate choise of these constraints ensures that the Capon filter is actually a
matched filter [109],[110].

Let
9" =[9, 9 - 9u] (8)

be a finite impulse response (FIR) filter, where ™ denotes conjugate transpose. If x(n)

is the data row sequence, then the output of the filter at time (N ) is given by:
A H
y(n)zzgmx(n_m):[go gl gM][Xn Xn—l Xn—M] (9)
m=0

If R is the covariance matrix of the data vector x(n) :

R=E{x(n)x" (n)}, (10)

where E is the expectation operator, then the power of the filter output is given by:
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E{y(n)|’}=9"Rg (11)

The filter frequency response is given by:

H@) =Y g.e™ = g"a(w) (12)

m-0

where a(w) is the steering vector and is :
alw)=[L e .. e™T, (13)
and T denotes the transpose. The Capon method uses a bandpass filter satisfying:

g =argming"Rg, subjectto g"a(w) =1
g

Mathematically this is equivalent to minimizing the following cost function:

F=g"Rg+ul-g"a()], (14)

where p is a Lagrange multiplier. The minimization of this equation leads to the

following solution:

R'a(w)

" a@)"Ra() (15)

6.4.1.2 Adaptation of Capon to Laterally Oversampled OCT.

The oversampled OCT signal, including noise, can be expressed as:

V=AS+N
(16)

where V = [V1 V, ...V.]" is the oversampled signal, S= [S1 S; ....Saia]" is the
independent high resolution signal, and N is the noise vector. A=[a; a; ...a 1] IS a
matrix of range wheigting functions (PSFs) and has a size of L(2L-1), where & is a
column vector of size L specifying the weights at the i-th subvolume to produce

oversampling signals V;.

If W=[w1 w; ...wy 1] is a matrix of weighted filters with a size of L(2L-1), and each
of its columns is the corresponding weighted function, and X=[X; X, ...X5_1] is the

output of the weighted filter, the following expression is obtained:
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2L-1
X, =WV =WAS+WN=was +...+ WS +... + Wa, S, ;+ > W,N,

it Vi
=1

(17)

Obviously if the initial high resolution signal Si could be perfectly reconstructed, wia;
should be equal to unity while the other terms should be minimum.

These constrain conditions of the capon method can be written as follows:
Min(P) = min(wiHvai) subjectto w,a, =1
(18)

Using a Lagrange cost function, the wheighted fiunctions can be easily obtained as

follows:

(19)

where R, = E{VV"}is the autocorrelation matrix of oversampled signals and each
element is: R, =V\V,", which is the cross correlation function of the i-th and j-th

oversampled signal.

6.4.2 PSF Estimation

The point-spread function (PSF), could be directly observed with measurement of an
infinitesimally small object. However this is experimentally challenging. The PSF can
also be extracted from the image using optimization techniques. In this work, the PSF
of the system is estimated using the blind deconvolution algorithm.

The blind deconvolution algorithm can be used effectively when no information about
the distortion (blurring and noise) of an image is known. The algorithm restores the
image and estimates PSF simultaneously. The Richardson-Lucy algorithm is used
iteratively. The algorithm is based on maximizing the likelihood of the resulting
image being an instance of the original image, I, under Poisson statistics. In the case
of blind deconvolution the PSF is re-estimated at each iteration. So
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|
(P=0")

0™ (x,y) = *E}nwowxw (20)

Pn+1(X, y) — m

*61uwwwKw (21)

Where O"**and O"are the current and previous estimate of the desired image, P is the

PSF, P™and P" are the current and previous estimate of the PSF and P and O are
the complex conjugate of P and Q". | is the original blurred image. The algorithm
starts with some estimate for both P and O, and, by constraining these, tries to obtain
the original image. The constrains of the algorithm are positivity and stability for both
the image and the PSF.

6.5 Experimental Results

The experimental evaluation of the methods described above was performed on OCT
images from a phantom of microspheres with an oversampling factor of 28(The lateral
resolution of the system was 14um and 2000 A-scans were taken at a step of 0.5um).
Furthermore, images from skin, with the same oversampling factor were acquired and
processed to show the effect of the methods on a biological sample with speckle. Both
the two methods, the inverse matrix solution, and weighting method, were applied to
images and the results are compared to the original image and to the image after

deconvolution.

To enhance the visibility of important structures, images should be displayed with
high contrast resolution. The minimum and maximum values of the pixels create a
window. Displaying the full range of the window presents the information with very
poor contrast. Shrinking the window increases contrast. Changing the center of the
window, changes the brightness of the image. In this thesis, for display reasons, the
minimum and maximum values for the window are entered manually and are
determined in terms of percent of standard deviation from the mean value. By
changing the minimum and maximum values of the window, the center of the window

is updated automatically, and contrast and brightness can be adjusted appropriately.
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The PSF of the system was estimated using blind deconvolution from one depth of the
image and the same PSF was used for the whole image. This is adequate for the case
of low NA imaging as in the current system. However for high NA lenses, the PSF
must be estimated for each depth of the sample. The PSFs from three different depths,
as estimated with the blind deconvolution algorithm along with the image that was

processed are shown in Fig. 6.4.
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Figure 6.4 (a) The image to be processed. (b) PSFs estimated with the blind deconvolution algorithm
from 3 different depths of (a).

6.5.1 Inverse Matrix Solution

Images from a phantom of 6um microspheres embedded in acrylamide gel, were
acquired with an oversampling factor of 28. Subsequently they were processed as
described in section 6.4. The matrix A was created using the estimated PSF at line
424(at depth ~300um below the surface), and the high resolution image was obtained

by direct solution of Eq. 5:

S(t)=AV(t)
(22)

The results of the inverse matrix solution problem are shown in Fig. 6.5. The
comparison of the images reveals that the resolution after processing is improved.
However there is significant noise amplification. In order to reduce the noise, filtering
must be performed on the images, which in turn reduces the resolution. Another
characteristic of this method is that when the SNR of the original image is high, the

resolution improvement increases, while when the SNR of the original image is low,
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the resolution improvement is limited. This happens because when the SNR of the
original image is low, the PSF cannot be estimated accurately, and this leads to a
resolution degradation. The FWHM of one peak which corresponds to a microsphere

can be measured to quantify the resolution improvement.

INVERSESOLUTION

W-Pm-vs e e o b
bR E ot MBS S

Figure 6.5 (a) Standard OCT image. (b) Deconvolution of Standard OCT image. (c) Inverse solution of
OCT image without filtering. (d) Inverse solution of regular OCT image with filtering. (¢) Zoomed
region of the area in the red rectangle of (a). (f) Zoomed region of the area in the red rectangle of (b).
(g) Zoomed region of the area in the red rectangle of (d). (h) The line in the position indicated by the
arrow ( Red line: Standard OCT. Green line: Deconvoluted OCT. Blue line: Inverse solution)

For standard OCT the FWHM of one peak, taken from a single sphere, is 17.85 um,
for deconvoluted OCT, while the FWHM of the peak from the same sphere is 12.85,
and for inverse matrix solution with filtering, the FWHM of the same peak becomes
9.38um. The resolution can be finer if less filtering is performed on the final image

but there will be significantly more noise in the image.

The FWHM of the signal from a peak is the lateral PSF of the system plus the PSF of
the sphere. For quantification purposes, considering that the lateral resolution of the
system is 14um as measured with the method described in Chapter 3, then the width
of the sphere, at the location of measurement of FWHM, is 17.85-14=3.85um. By
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subtracting from each measurment the PSF of the sphere, the PSF of the system can
be estimated and the resolution improvement quantified. Table 2 summarizes the

results including the SNR of the images.

Table 6.1 Measurments of PSFs for Standard, Deconvoluted and Inverse Solution OCT images, as well
as SNR for Standard, Deconvoluted, and Inverse Solution OCT images.

PSF(um) SNR(no SNR(filter)(dB)
filter)(dB)
Standard OCT 17.85-3.85=14 55.2950
Deconvoluted OCT 12.85-3.85=9 54.4244
Inverse Solution 9.38-6=5.53 43.7960 45.6386

The resolution is improved by almost a factor of 2.53 with the inverse solution
method. This is a slightly better result than deconvolution where the resolution
improves by a factor of 1.55. The main limitation of the inverse solution method is
that it is very sensitive to noise and the performance of the method degrades when the
original image has low SNR. The computational time for an image of 31.251KB is
20.908199 seconds on a 2.5GHz PC using Matlab 2008 for the inverse matrix solution
and 5.433288 seconds for a standard OCT image. This means that the computational
time for the inverse matrix solution is approximately 3.8 times greater than for the
standard OCT. For the inverse solution the most computational step is the calculation
of an inverse matrix, while the standard OCT processing steps are interpolation,
filtering, 22 point FFT and display. The processing time for the deconvoluted
standard OCT image is 11.661384 seconds.

6.5.2 Weighting Method.

The weighting method was applied to the same oversampled images as before. This

method was implement in three different ways.
6.5.2.1 Method 1

In the first method, for each line at a time and repeating for all lines, the value of each

sub-resolution volume (pixel) was estimated based on the weights calculated from the
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values in a 56 pixel (28um) neighbourhood around the center pixel. From Fig. 6.6, it
is obvious that the weighting method provides excellent results and no noise

amplification after processing. This is shown in Table 3 where the SNR of the images

is also measured.

Weighting 1

6.5

55

4.5

35

25

Figure 6.6 (a) the Standard OCT image. (b) The deconvoluted OCT image with the estimated PSF. (c)
The OCT image after applying the weighting method. () Zoomed region of the area in the red
rectangle of (a). (f) Zoomed region of the area in the red rectangle of (b). (g) Zoomed region of the area
in the red rectangle of (c). (h) The line in the position indicated by the arrow (Red line: Standard OCT.
Green line: Deconvoluted OCT. Blue line: Weighting method 1)

Table 6.2 Measurements of PSFs for Standard OCT, Deconvoluted OCT and Weighting method, as
well as SNR for Standard OCT, Deconvoluted OCT, and Weighting method.

PSF(um) SNR(dB)
Standard OCT 17.85-3.85=14 55.2950
Deconvoluted OCT 12.85-3.85=9 54.4244
Weighting method 7.6-3.85=3.75 55.6106

106




Using this method, the resolution was improved by a factor of 3.73. This is a
significant improvement compared to deconvolution where the resolution improves
by a factor of 1.55. The SNR, after applying the weighting method, is not decreased,
so the method does not amplify the noise. However, the resolution improvement using
this method is also SNR dependent. This method depends highly on the estimated
PSF, and bad estimation, which occurs when the original signal has low SNR, leads to

limited resolution improvement.

This method is computationally complex: it takes 1362.615188 seconds to process a
31.251KB image on a 2.5GHz PC using Matlab 2008. This time is approximately 252
times greater than that of a standard OCT image (5.4335288sec). The most
computationally intensive step here is the calculation of several inverse matrixes for
each line of the image. The processing time for the deconvoluted standard OCT image
is 11.661384 seconds.

6.5.2.2 Method 2

In the second method, for each line at a time and for all lines the weights for all sub-
volumes were calculated and used to estimate the values of each pixel. The results are
shown in the Fig. 6.7 below. Table 4 summarizes the results as in Section 6.5.2.1.
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Figure 6.7 (a) the Standard OCT image. (b) The deconvoluted OCT image with the estimated PSF. (c)
The OCT image after applying the weighting method. (¢) Zoomed region of the area in the red
rectangle of (a). (f) Zoomed region of the area in the red rectangle of (b). (g) Zoomed region of the area
in the red rectangle of (c). (h) The line in the position indicated by the arrow (Red line: Standard OCT.

Green line: Deconvoluted OCT. Blue line: Weighting method 2)

Table 6.3 Measurments of PSFs for Standard OCT, Deconvoluted OCT and Weighting method, as well
as SNR for Standard OCT, Deconvoluted OCT, and Weighting method.

PSF(um) SNR(dB)
Standard OCT 17.85-3.85=14 55.2950
Deconvoluted OCT 12.85-3.85=9 54.4244
Weighting method 8-3.85=4.15 48.4261

The quantification of results was performed as before and shows (Table 4) that the

resolution was improved by a factor of 3.37. This is again a better result compared to
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deconvolution where the resolution improved by a factor of almost 1.55. In addition
the SNR after the weighting method decreases in this case. This method is the more
computationally complex. It takes 8022.512083 seconds to process a 31.251KB image
on a 2.5GHz PC using Matlab 2008. This time is approximately 1476 times greater
than that of a standard OCT image (5.4335288sec). The most computationally
intensive step here is the calculation of an inverse matrix of 2000x2000 data points for
each line of the image. The processing time for the deconvolved standard OCT image
15 11.661384 seconds.

This method also provides significant resolution improvement. However, the SNR of
the image is less that for Method 1. Again, the resolution improvement using this
method is also SNR dependent. This method depends highly on the estimated PSF,
and bad estimation, which occurs when the original signal has low SNR, leads to

limited resolution improvement.
6.5.2.3 Method 3

In the third version of this method, the weights of all pixels for one line are computed
and the same weights are used for all lines. The results are shown in Fig. 6.8 below.
The quantification of results was performed as before. From Fig. 6.8 and the
quantification of Table 5 it is clear that there is significant resolution improvement
(2.82x) compared to deconvolution (1.55x). In addition the SNR is not affected in this
case. As before, the resolution improvement is SNR dependent. Since the method
depends highly on the estimated PSF, bad PSF estimation, which occurs when the

original signal has low SNR, leads to limited resolution improvement.

This method is less computationally complex, than the previous two. It requires
30.447060 sec to process a 31.251KB image on a 2.5GHz PC using Matlab 2008.
This time is approximately 5.6 times greater than that of a standard OCT image
(5.4335288sec). The most computationally intensive step also here is the calculation
of an inverse matrix, which is calculated only one time, for this method. This is the
reason for this low computational complexity. The processing time for the
deconvoluted standard OCT image is 11.661384 seconds.
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Weighting 3
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Figure 6.8 (a) the Standard OCT image. (b) The deconvoluted OCT image with the estimated PSF. (c)
The OCT image after applying the weighting method. () Zoomed region of the area in the red
rectangle of (a). (f) Zoomed region of the area in the red rectangle of (b). (g) Zoomed region of the area
in the red rectangle of (c). (h) The line in the position indicated by the arrow (Red line: Standard OCT.
Green line: Deconvoluted OCT. Blue line: Weighting method 3)).

Table 6.4 Measurments of PSFs for Standard OCT, Deconvoluted OCT and Weighting method, as well
as SNR for Standard OCT, Deconvoluted OCT, and Weighting method.

PSF(um) SNR(dB)
Standard OCT 17.85-3.85=14 55.2950
Deconvoluted OCT 12.85-3.85=9 54.4244
Weighting method 8.8-3.85=4,95 55.3519

The algorithm was also tested on skin images with the weighting method 1 with the

first realization to see the performance of the method on speckle data. The results are

shown in Fig. 6.9 below.
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Figure 6.9 (a) Standard OCT image, (b) Deconvoluted OCT image with the estimated PSF. (c) The
same image after applying the weighting method. (d) The line at the position indicated by the arrow
(Red line: Standard OCT, Green line: deconvoluted OCT, black line: weighting method).

Fig. 6.9 illustrates the resolution improvement also indicating that the speckle is not
affected by the method.

6.6 Conclusion

In this chapter, a novel technique is presented for improving the lateral resolution of
oversampled OCT images by a factor of as much as 3.73. The improvement is
independent of the optics used and the depth of field. Initially the inverse matrix
solution is applied to oversampled images. With this method the resolution can be
improved significantly but the method suffers from noise amplification, so there is a
tradeoff between noise and resolution improvement. By applying the weighting
method this tradeoff is alleviated and the resolution improved without noise
amplification. Applying the weighting algorithm to overlapped and shifted by one
sub-volume regions of the signal, where each region contains L signals
(L=oversampling), the resolution improves by a factor of 3.73, and the SNR is not
affected. Applying the weighting algorithm for all the signal and computing the
weights for each line, the resolution is improved by a factor of 3.37 but there is also a

111

15
14
13
12
11

0.9
0.8
0.7
0.6
0.5



decrease of the SNR. Finally applying Capon’s method to all the signal but computing
the weights only one time and applying the same weights for all lines, the resolution
improves by a factor of 2.82 and the SNR is not affected. It should be noted that all
the methods have better performance compared to deconvolution and that the
performance decreases with low SNR. This happens because all methods are highly
dependent on the PSF, which is estimated with more accuracy when the original
signal has high SNR.

It is expected that all those techniques will perform the same for any OCT source
(different resolutions, wavelengths). Also, it is expected that the method will have the
same performance if we increase the imaging speed or digital resolution. However an
increased imaging speed and digital resolution, results in standard OCT images with
better quality and resolution. Also these, methods will perform better if the dynamic

range of the OCT system is increased.

In conclusion, the proposed techniques can provide a tool for improving the lateral
resolution of any type of OCT device and sample, including ophthalmic imaging
systems where the lateral resolution is limited by the optics of the eye itself. As usual,
there is a price to pay for the benefits that are obtained. In this case, the price is paid
in terms of increased computational complexity, and acquisition time. Oversampling
with an oversampling factor of L requires about L times longer acquisition time and L
times more computations than without oversampling. Also the computation of a
matrix inverse is computationally costly for OCT images. However the weighting
method with the third approach requires only one computation of an inverse matrix.
Given the progress in current technology, both in OCT imaging speed and GPU-based
computational speed, implementation of such techniques is feasible for real time
imaging and could provide considerable diagnostic advantages as a result of the

significant resolution improvement.
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Chapter 7
Conclusion and Future work

7.1 Conclusion

Improvement of the resolution of OCT systems can lead to significant increase in the
diagnostic capabilities of the technology. However, such improvements usually come
at the cost of complexity, speed, and/or signal quality. In this thesis, novel technigques
are presented for improvement of both the axial and lateral resolution without the

need for new hardware or a significant limitation of the performance of the system.

The axial resolution of time domain and frequency domain OCT systems can be
improved by modulating the PSF of the system and performing deconvolution. The
techniques for PSF modulation in both domains were implemented, and an axial
resolution improvement by a factor of ~7 was observed when modulation was
combined with deconvolution. This resolution enchancment can be achieved without
the need of a broader bandwidth light source, and can be applied to any OCT system,

providing an opportunity for cellular and sub-cellular imaging.

A technique for lateral resolution improvement, which is based on the lateral
oversampling of OCT images, was also implemented. The information in the
oversampled images was used to estimate the locations of multiple scatterers,
assuming each contributes a weighted portion to the detected signal. These weights
depend on the location of the scatterer and the point spread function (PSF) of the
system and were estimated using Capon’s method. This technique can improve the
lateral resolution by a factor of 3.7 independently from the focusing optics. As a result
the proposed technique can provide a tool for improving the lateral resolution of any
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type of OCT device, including ophthalmic imaging systems where the lateral

resolution is limited by the optics of the eye itself.

The techniques developed in this thesis can improve significantly the axial and lateral
resolution of OCT systems without the need of further increasing the bandwidth of the
light source or restricting the depth of focus. The improvement achieved can surpass
the existing state-of-art, as they can be implemented for any OCT system, further
increasing the resolution, without any noticeable adverse effect on the system’s cost
and performance. Furthermore, with these methods we can achieve the same
resolution as state of the art OCT systems, but using a significantly lower cost light

Source.

Current numerical processing techniques for resolution enhancement in OCT include
deconvolution techniques, and techniques for digitally reshaping the source spectra to
known modes. In addition interferometric synthetic aperture microscopy (ISAM) can
achieve depth independent lateral resolution throughout a volume where the focus is
fixed at one depth [103]. All of these methods can achieve a resolution improvement
by a factor of no more than two and a decrease in SNR away from the focus is
observed for the ISAM method. The methods used in this thesis can improve the

resolution by a factor of much greater than two, while the SNR is not decreased.

In addition, even the highest axial and transverse resolution that might be achieved in
the future may not enable visualization of certain morphological features if the
contrast is insufficient. So for clinical applications further improvements are needed.
Techniques for contrast enhancement should be implemented to differentiate cellular
and subcellular features and provide better diagnosis. The difference in tissue
scattering and absorption provides structural contrast for OCT. Typical OCT systems
measure the distribution of backscattered or reflected light intensity. As is well known
from microscopy, intensity based imaging frequently suffers from a poor image
contrast, making direct tissue differentiation difficult. Some tissues can change other
properties of the light, such as its polarization state, its spectrum, or its phase. Similar
to microscopy, these phenomena can be used to enhance image contrast in OCT, and
to also obtain quantitative measurements. Image contrast can be enhanced by the use
of polarization sensitive OCT, phase contrast OCT, or by using spectroscopic OCT. In
addition to these endogenous contrast mechanisms, exogenous contrast agents are

being developed for OCT, such as engineered microspheres. These microspheres can
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be targeted to cell receptors and change the optical scattering or absorption
characteristics in selected regions, providing molecular specific contrast [111].
Moreover by choosing appropriately the center wavelength and bandwidth of the light
source used for OCT, the resolution and contrast, as well as penetration may be

optimized according to the imaging procedure and medical application.

The best developed clinical OCT applications are those focusing on ophthalmic,
cardiovascular, and gastrointestinal imaging. In addition, applications in areas such as
neurology, gynecology (for the diagnosis of ovarian cancer) and urology (for the
diagnosis of prostate cancer) are advancing rapidly. Increasing resolutions to cellular
and subcellular level are important for the diagnosis of early neoplasias as well as
other applications. Tissue contrast, the ability to differentiate morphology and image
quality are highly dependent on the specific structures being imaged. Given that
cancer is a highly heterogeneous disease, characterized by a spectrum of morphologic
changes, we expect that the viability of OCT will be highly dependent on the details

of the specific clinical application.

A clinical trial of OCT is applied in the gastrointestinal tract [112]. Patients with
Barrett’s esophagus, a condition of cellular metaplasia that can progress to esophageal
adenocarcinoma, typically undergo regular endoscopic surveillance and biopsy to
monitor for dysplastic changes. A number of studies have been conducted to
determine the feasibility of using OCT imaging to identify suspicious lesions,
including a recent blind clinical trial that showed an accuracy of 78% for the OCT
detection of dysplasia in patients with Barrett’s esophagus [113]. Improvements in
system resolution can increase the accuracy of this OCT application, making it a
strong candidate for future clinical adoption.

More research remains to be done and numerous clinical studies must be performed to
determine in which clinical situations OCT can play a role. However, the unique
capabilities of OCT imaging suggest that it has the potential to significantly impact
the diagnosis and clinical management of many diseases and improve patient
prognosis. In addition, OCT can be a powerful research tool for applications in many
areas, including developmental biology, where non-destructive, serial imaging, on the
same samples can offer new insights and significant cost and time advantages. For all

the cases, the ability to image at cellular and sub-cellular resolution will not only
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enhance the spectrum of pathology that can be imaged, but also improve sensitivity

and specificity.

7.2 Future Work

In the future, methods to improve the performance of the techniques, described in this
thesis, will be investigated. For example, methods for side-lobe reduction can be
developed as well as new encoding schemes which will not suffer from the limitations

described.

Advanced motion corrections techniques which are used to correct motion artefacts in
OCT, due to movement of the sample during scanning, can also be implemented to
avoid the problem of distance shift faced in this thesis. Image quality can be also

improved by the use of these algorithms.

In addition, Capon’s method for lateral resolution can be applied also for axial
resolution improvement by oversampling in a time domain OCT system. This method
cannot be applied in a frequency domain OCT system since increasing the number of
samples in the Fourier domain, increases the range and A-Scan oversampling cannot
be achieved. However, Capon’s method, instead of FFT, can be applied to an A-Scan

for spectral estimation as it is shown to result in better resolution.

Other technigues can also be investigated. For example, the MUSIC algorithm can be
applied to Fourier domain interferograms to estimate the frequency content with
higher resolution than the FFT Also, pupil-plane phase masks also can be designed to
completely reshape the spatial light intensity distribution providing super-resolution

in the axial or transverse directions.

The visualization scheme is very important for cellular and sub-cellular level imaging,
and further image analysis, which is needed, to extract features, and quantify objects
and patterns in image data and obtain answers to meaningful biological questions. In
this thesis a simple method to display the images is used, which is based on
thresholding the minimum and maximum intensity values in the image. However
better visualization algorithms can be employed in the future to enhance the contrast
resolution of the images and provide the best presentation for visualization of

different image features.
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7.3 Contributions of the Thesis

The main contribution of this thesis is the development of a new framework for axial

and lateral resolution improvement of OCT systems. These methods are inexpensive

and easy to implement, providing the potential of cellular and sub-cellular imaging

and improved diagnostic capabilities. In particular, the original contributions of this

work can be summarized as follows:

1.

The theoretical framework for axial resolution improvement of time domain OCT
systems has been developed. The methodology depends on modulation,

summation, and deconvolution in the time domain.

. Experimental verification of the above method has been provided. The

improvement was approximately a factor of 7 and does not require a broader

bandwidth light source.

. The theoretical framework for axial resolution improvement of Fourier domain

OCT systems has been developed. The methodology is the Fourier equivalent of
the time domain technique where shifting, summation, and deconvolution can lead
to improved resolution.

Experimental verification of the above method has been provided. The
improvement was also approximately a factor of 7 and does not require a broader

bandwidth light source as well.

. Inverse solution and Capon’s method were adapted to OCT data and used to

improve the lateral resolution by a factor of 3.7 (compared to 1.55 for
deconvolution). The improvement was independent of the focusing optics and the
depth of focus was not restricted. This is particularly important for systems where
the lateral resolution is limited, such as ophthalmic imaging systems where the

resolution is limited by the optics of the eye itself.
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