Ultrahigh resolution optical coherence tomography and
its functional extension for human myocardium and
breast tissue imaging
Xinwen Yao

Submitted in partial fulfillment of the
requirements for the degree
of Doctor of Philosophy
in the Graduate School of Arts and Sciences

COLUMBIA UNIVERSITY
2018

ã2017
Xinwen Yao
All Rights Reserved

ABSTRACT
Ultrahigh resolution optical coherence tomography and its functional
extension for imaging human myocardium and breast tissue

Xinwen Yao
Over the past 25 years of development and innovation, optical coherence tomography (OCT) has
successfully fills the gap between the ex vivo high-resolution optical microscopy technologies and
in vivo low-resolution medical imaging modalities, including computed tomography (CT),
magnetic resonance imaging (MRI), ultrasound (US). Ultrahigh resolution (UHR) OCT
categorizes OCT systems with an axial resolution below 3 µm in tissue. With the improved
resolution, UHR OCT may impart the knowledge of detailed structures of the tissues that are
almost close to what histology may provide. This is how UHR OCT may act as a bridge between
radiology and histology. This thesis will present an ultrahigh-resolution (UHR) spectral domain
(SD) OCT system that features both high axial resolution and long imaging range, and will
demonstrate its applications in human myocardial and breast tissue imaging. The UHR OCT
system accommodates a supercontinuum light source, and a home-built spectrometer designed to
achieve optimized imaging performance. Specifically, the spectrometer features a customized
focusing lenses that are comprised of off-the-shelf optics and a 2k-pixel camera to minimize the
cost of the instrument. The system manifests an axial resolution of 2.72 µm and a lateral resolution
of 5.52 µm, with a large imaging range of 1.78 mm. The sensitivity of the system is 93 dB with a

6-dB sensitivity fall-off range of 0.89 mm. It is adopted for ex vivo imaging of human myocardium
and breast tissues. For myocardial imaging, currently there is no high-resolution non-destructive
real-time imaging modality available for biopsy guidance. As a real-time and non-destructive
imaging tool, UHR OCT offers additional benefits compared with standard OCT, which are
illustrated by successful delineation of micro-structures such as thin elastic fibers and Purkinje
fibers in the endomyocardial side. These structures are otherwise not visible within standardresolution OCT images. Moreover, by adding the cross-polarization (CP) functionality to the UHR
SD system, different types of myocardial tissue can be better delineated through the CP contrast.
The functional information provided by CP-OCT may also facilitate automatic tissue classification
by using A-line signals. For breast tissue imaging, we show qualitatively and quantitatively that
UHR OCT images may enable better visualization of detailed features in different types of breast
tissue, including healthy and cancerous ones. UHR OCT images of new breast cancer types such
as phyllodes tumor, necrotic tumor and fibrotic focus carcinoma are provided for future references.
Features developed from UHR OCT images enable a better yield from relevance vector machine
(RVM) based stochastic classification model, compared with that from standard resolution OCT
images. UHR OCT shows a great promise for automated classification of different tissue types in
human breast tissue based off on UHR OCT images. Last, we present our endeavor to miniaturize
the UHR OCT system on chip. We explore a chip-based optical frequency comb source that may
enable UHR OCT at longer wavelengths to achieve better signal penetration. We characterize the
performance of the novel source, including the axial resolution and noise, and show that it holds
the promise to be adopted in UHR OCT imaging. In addition, we also demonstrate an on-chip
tunable reference arm that allows high-topology high-resolution OCT imaging. The compactness
of the device paves the way to the ultimate miniaturization of OCT system.
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Chapter 1 Introduction
1.1 Overview
Optical coherence tomography was invented last century in the early 90s, borrowing heavily from
optical ranging technology and laser interferometry [1]. It is an interference-based technique, and
is sometimes called “optical ultrasound” because of its similar working principle compared to the
ultrasound. As shown in Figure 1.1, the resolution (1 ~ 20 µm) and penetration (1 ~ 2 mm in tissue)
offered by OCT bridge the gap between the bench-top based conventional microscopy technology
and clinical high-resolution imaging tools such as ultrasound (US) [2]. Since its birth
approximately 25 years ago, OCT has been evolved into one of the most successful biomedical
imaging modalities, and have revolutionized medical fields, such as ophthalmology [3] and
cardiology [4-6].

Figure 1.1 The imaging performance of OCT in comparison to other conventional imaging modalities [7] .
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1.2 Motivation
1.2.1 Endomyocardial imaging
Cardiac diseases are among the leading causes of morbidity and mortality globally. The successful
diagnosis and prognosis of these diseases rely on accurate assessment of the heart. Endomyocardial
biopsy (EMB) is the most frequently used method for surveillance of cardiac allograft rejection
[8]. It also represents the gold standard for diagnosis of myocarditis and unexplained ventricular
dysfunction such as non-ischemic cardiomyopathies [8, 9]. A typical EMB procedure is illustrated
in Figure 1.2. During the procedure, the bioptome usually accesses through the right internal
jugular vein, or sometimes the right femoral vein and femoral artery for access to the right and left
ventricle, respectively [8]. Biopsy samples are normally taken from the right interventricular
septum, because of the easily assessable anatomy of venous return to the heart with peripheral
access, and also the challenge of obtaining biopsy specimens from the thin right ventricular free
wall. The standard protocol for EMB requires at least three or preferable four to five biopsy sample
fragments from every procedure, of which the sampling depth is around 1~2 mm. For patients
undergoing heart transplant, the frequency of biopsy is about once per week, and the process
sometimes will continue for around 6 months [10].

Figure 1.2 Illustration of a typical EMB procedure [11].
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EMB is known to be associated with clinical complications, and patients who undergo repeated
EMB processes are even exposed to the risks of developing long term complications. Even though,
EMB is still considered to be the primary method of rejection surveillance, and it is the only
diagnostic tool for myocarditis in more than 30% of unexplained cardiomyopathy cases [8].
On the other hand, because of the complication and controversy associated with EMB, the
possibility of introducing non-destructive imaging modalities, such as cardiovascular MRI [12],
echocardiography [13], and high-resolution computed tomography (CT) [14], to cardiac disease
management has been explored. These established medical imaging tools can provide visual
guidance during EMB process [15, 16] for more deterministic biopsy, or tissue composition
information accompanied by EMB validation for pathological diagnosis [17-20]. Still, they
generally do not have sufficient resolution to provide cellular level structural assessment of the
myocardium, which the biopsy can otherwise provide [21].
OCT, as a high-resolution, high-speed, non-destructive three-dimensional imaging modality, can
also be implemented in a needle-like probe to facilitate in vivo imaging. Hence, it has the potential
to contribute to EMB by providing structural information in real time as a guidance on the sampling
location. Moreover, the typical OCT sampling depth of 1~2 mm also matches well with the biopsy
requirement. The depth profile generated by OCT contains information regarding the optical
properties of the tissue, which can shed light on the tissue composition. OCT with high spatial
resolutions is particularly of interest because it can provide histology-grade microscopic
information of the tissue [22], paving the way to the realization of “optical biopsy” in cardiac
diagnosis and treatment.
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1.2.2 Breast cancer imaging
Breast cancer is one of the most common cancers and the second leading cause of mortality
in women in 2017 [23]. Early detection holds the key to successful treatment of breast cancer,
and also leads to more flexible treatment options, including breast conserving therapy (BCT)
and non-surgery approaches [24]. During breast conserving surgery such as lumpectomy,
surgeons require timely assessment of the tumor margin to determine whether more tissue
needs to be taken out from the surgical site. Moreover, minimally invasive procedures in
breast cancer management, including image-guided percutaneous biopsy, radiofrequency
ablation, interstitial laser ablation, focused ultrasound ablation, and cryotherapy, require
accurate detection and localization of the malignancy in breast tissue [25]. Currently, BCT
is recognized as the standard treatment for early-stage breast cancer patients, and has been
proven sufficient in appropriately selected patient group [26]. The major disadvantage
associated with BCT is the lifelong risk for local recurrence, which, if happened, will require
additional surgery for re-excision. The majority of studies report positive resection margins
in 20% to 40% of the patients who underwent BCT [27]. Therefore, there is an unmet need
for a technology, that can provide high resolution structural information with specificities in
molecular contrast on the presence of positive resection margins in real time, to guide the
BCT procedures and improve the surgical outcome.
OCT has been used to facilitate the detection of breast cancer in experiential, intraoperative and in
vivo settings, mainly for tumor margin assessment [28-42]. It has higher spatial resolution than
conventional medical imaging modalities used in breast cancer management, such as mammogram
and ultrasound, and can be miniaturized into a needle or handheld probes for local interrogation
[38]. A recent study demonstrated that, OCT with resolution below 5 µm may enable high

4

resolution 3D visualization of a variety of tissue types in fresh excised breast tissue to aid in
differentiation of malignancy with an appreciable imaging depth [43]. High resolution OCT has
been even demonstrated in small diameter catheters [44, 45], which would benefit not only surgical
margin guidance during lumpectomy but also local biopsy of early cancerous sites during
ductoscopy [46]. On the other hand, functional OCT systems can provide information on the
physical properties of the tissue to serve as molecular contrasts, such as elasticity [30, 47, 48] and
optical birefringence [36, 39, 49], which can be mathematically reconstructed from additional
mechanical and optical detection channels, respectively.

1.3 Organization of dissertation
We design and develop an ultrahigh resolution (UHR) spectral domain (SD) OCT system to
explore the feasibility of UHR OCT in human myocardium and breast tissue imaging. The system
is fully characterized, and ex vivo imaging results on human myocardium and breast tissues are
presented. Moreover, SD-OCT with functional extension to provide polarization contrast based on
minimal modification of the UHR OCT system is proposed and demonstrated with human
myocardium imaging. The advantage of UHR OCT imaging in automated tissue classification is
also illustrated through a comparison study with the standard OCT. Last but not the least, we
explore and test the novel chip-based optical frequency comb source that can be potentially
adopted for UHR OCT and pave the way to full miniaturization of OCT system.
The organization of the thesis goes as follows: Chapter 2 is an overview of OCT technology,
including the theory behind OCT, the key parameters that define the performance of the OCT
systems, and the variations of OCT system implementations. It lays the groundworks of the thesis.
Chapter 3 includes the detailed design procedures of the UHR SD-OCT system, including the
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choice of light source, design and implementation of an OCT interferometric imaging system, and
design and optimization of an OCT spectrometer for UHR OCT applications, with a full
characterization of the system performance. Chapter 4 presents the first ex vivo UHR OCT imaging
results of human myocardium, and establishes the initial UHR OCT library of certain tissue types
found in myocardium. By taking one more step from Chapter 4, Chapter 5 discusses the highresolution cross-polarization OCT system as a functional extension. By adding in the polarization
contrasts, and we present ex vivo high-resolution OCT imaging results of human myocardium with
corresponding functional contrasts to differentiate different tissue compositions found in human
myocardium. Chapter 6 presents UHR OCT imaging results on ex vivo human breast tissue.
Texture based and optical property based features are extracted and classified using relevance
vector machine, and the advantage of UHR is demonstrated qualitatively and quantitatively via a
comparison study with standard-resolution OCT images. Chapter 7 endeavors to explore novel
chip-based light source for UHR OCT, as well as miniaturization of the OCT systems, aiming to
envision the future OCT system with reduced cost and better performance. Chapter 8 summarizes
the thesis, and offers an outlook into the future direction.
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Chapter 2 Fundamentals of optical coherence
tomography
2.1 Principle of optical coherence tomography
Optical coherence tomography (OCT), analog to ultrasound, is an optical profiling technique based
on interference, measuring the backscattering along the depth of the medium. It normally adopts a
Michaelson interferometer and a low coherence length light source to do fine sampling in the
spatial domain. As illustrated in Figure 2.1, sample depth profile is encoded by the interferogram,
which is recorded by the detector as the reference mirror is translated.

Figure 2.1 Simplified schematic of an OCT system.

For each reference position 𝑧; , the measured intensity 𝐼< at the detector can be written as

𝐼< 𝑧; =
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𝑑𝑘,

(2.1)

where 𝐸; is the electric field of reflected wave the from the reference arm, and 𝐸?@ denote the
electric field of the backscattered waves from each sample boundary i located at 𝑧H@ . By fully
expanding (2.1), we can get
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where S 𝑘 is the spectral power of the light source, and 𝑟; and 𝑟H@ denote the reflectivity of each
interface. In (2.2), the first two terms in the integration represent the DC components of the signal.
The third term denotes the cross-correlation of the light fields from both the reference and sample,
which is the OCT signal that we are interested in. The fourth term represents the autocorrelation
signal from the multiple interfaces of the sample. For simplicity, let’s assume 𝑆 𝑘 is a normalized
Gaussian function centered at 𝑘G with 1/e bandwidth of 2∆𝑘, and the sample reflectivity is much
less than the mirror reflection, i.e., 𝑟H@ ≪ 𝑟; = 1. Then (2.2) becomes
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∙ cos 2𝑘G 𝑧; − 𝑧H@ .

(2.4)

and further calculation will lead to a more illustrative form:
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It is interesting to notice that, as the reference mirror is translated at the speed of 𝑣 and 𝑧; = 𝑣𝑡,
the third term of (2.4) becomes the only AC term with a carrier frequency of Ω = 2𝑘G 𝑣, and thus,
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AC signal can be demodulated using a lock-in amplifier tuned specifically at the carrier frequency
to obtain its envelop. If the reference mirror is swept over a full depth of 𝑧max , a depth profile of
the sample can be obtained. In OCT, this depth profile 𝐼< 𝑧 is called “A-line”, as an analog to the
conventions used in ultrasound technology. Further on, the envelop of the AC signal is in a form
of a Gaussian function centered at each sample boundary location 𝑧H@ with a full-width halfmaximum (FWHM) of 2 ln 2 /∆𝑘. In fact, the Gaussian envelop profile is the Fourier transform
of the source spectrum, known as the “coherence function” [50]. As will be discussed later in the
chapter, the FWHM of the coherence function is equal to the coherence length of the source, which
governs the axial resolution of OCT signal.

2.2 Variations of OCT implementations
2.2.1 Time-domain (TD) OCT system
Since its birth in the early 90s, OCT was implemented in time domain (TD) configuration,
following the principle discussed in the previous section. A typical schematic is shown in Figure
2.2 [1]. A low-coherence light source is adopted to achieve fine sampling along the depth. The
incident light is split into the sample arm and reference arm using a non-polarized beam splitter.
In the reference arm, a mirror is mounted on a piezoelectric driven stage for translation. In the
sample arm, a pair of galvo mirrors scans the beam over the sample in the lateral directions. The
backscattered light is recombined at the beam splitter and recorded by the photodetector or a
balanced detector. The output signal is then demodulated at the carrier frequency Ω, which can be
tuned by setting the translation speed of the reference mirror, and the A-line profile can be directly
obtained through the analog-to-digital converter (ADC) and visualized by the computer. In order
to achieve the best image quality, the dispersion mismatch between the two arms of the
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interferometer need to be compensated, usually done through introducing a pair or few pairs of
prisms in the reference arm [51].
The motions of the movable components are synchronized with the detector for accurate detection
and image representation: For every single A-line, the reference mirror needs to travel to the full
range 𝑧max and return to its original location, whose motion is directly synchronized with the
detector; the scan rate of the fast axis of the galvo scanner is determined by the carrier frequency
Ω and the full scan range 𝑧fgh as 𝑣ij = Ω 4𝑘G 𝑧fgh ; and the scan speed of the slow axis is
dependent on the fast axis speed 𝑣ij and the number of A-lines in one frame or B-scan N as 𝑣Hj =
𝑣ij 𝑁. It should be mentioned that, due to the limitation of the mechanical scanning speed and
maximum demodulation bandwidth allowed, the acquisition time of TD-OCT system is usually
slow [52-54].

Figure 2.2 Schematic of a typical Time-domain OCT system. A low-coherence source is used to produce
narrow coherence gate along the depth. The incident light is split into the sample arm and reference arm using
a non-polarized beam splitter, and the backscattered light is recombined and recorded by the detector. The
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motion components are all synchronized with the detector for accurate measurement and image presentation.
ADC: analog-to-digital converter.

Figure 2.3 shows an example of TD-OCT A-line signal based on (2.4). It is simulated in MATLAB,
including three distributed reflectors with reflectivity of 0.4, 0.2 and 0.1, respectively, which are
located at 1 mm, 2 mm, and 3 mm in depth, respectively. The coherence length of the source is set
to be 100 µm for visibility. It is encoded as the FWHM of the axial PSF, marked with lc. As seen
in the top panel, the FWHM, peak intensity, and location of each depth profile are agreed with the
assigned value. The blue solid line denotes the real cross-correlation signal recorded by the
detector, and the red solid line shows the envelop signal after demodulation, which can be
displayed as an A-line signal.

Figure 2.3 Time-domain OCT simulation. The coherence length of the source is set to be 100 µm, marked
with l c . Top panel: the blue solid line shows the real cross-correlation signal recorded by the detector, and the
red solid line shows the envelop signal after demodulation. Bottom panel: the assigned reflectivity and location
for each reflector along the depth.
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2.2.2 Fourier-domain (FD) OCT system
Fourier-domain (FD) OCT, differing from TD-OCT in both system implementation and signal
acquisition and processing, is named after the nature of the detected OCT raw data, i.e., in Fourier
domain, or k-space. In practice, FD-OCT is implemented either by employing a spectrometer as the
detector, known as spectral-domain (SD) OCT [55-58], or by adopting a wavelength-swept light
source, known as swept-source (SS) OCT [59-62], or sometimes optical frequency domain imaging
(OFDI) [63-66]. As shown in Figure 2.4, opposed to TD-OCT which requires mechanical scanning
of the reference mirror to obtain A-line profile, the FD-OCT systems do not need the axial scanning
of the reference mirror, but record the interferograms in a wavelength-multiplexed manner at a
speed orders of magnitude than that of TD OCT [55-66]. The interferogram recorded by FD-OCT
can be extracted from (2.2) as

𝐼 𝑘 =

S 𝑘
4
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D

cross-correlation
A

+

𝑟H@

D

+ 2𝑟;

@BC

𝑟H@ cos 2𝑘 𝑧; − 𝑧H@
@BC

(2.5)

autocorrelation
A

+ 2𝑟;

𝑟H@ 𝑟HW cos 2𝑘 𝑧HW − 𝑧H@

,

@XW

and individual A-line profile 𝐼 𝑧 can be reconstructed by applying Fourier transform to the crosscorrelation term in (2.5) as:
1
𝐼 𝑧 = exp −∆𝑘 D 𝑧 D ⨂
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@BC

where the location of reference arm 𝑧; is fixed, the reflectivity of the reference mirror is assumed
unity, the source power spectrum S 𝑘 is assumed to be a normalized Gaussian function centered
at 𝑘G with 1/e bandwidth of 2∆𝑘 , and γ 𝑧 denotes the Fourier transform, or the coherence
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function, of S 𝑘 . This result is essentially the same as that of the demodulated TD OCT signal in
(2.4). And the axial resolution (FWHM of axial PSF) is still governed by the coherence length of
the source.

Figure 2.4 Simplified schematics of TD and FD OCT and conceptual illustration of the sensitivity advantage
of FD-OCT over TD-OCT. Specifically, there is no movable components in FD-OCT. Assuming the source
and the detection are both shot-noise limited, every detection channel yields the same noise floor. Due to
parallelization of detection or wavelength multiplexing, the total number of signal photons collected during
one single A-line detection is M times more in FD-OCT than that in TD-OCT system.

FD-OCT is theoretically proved to have higher sensitivity than that of its time domain counterpart
[67-69]. Because of parallelization in detection or wavelength-multiplexing, under the limit of shot
noise, the noise of the FD-OCT detection stays the same as that of the TD OCT, while the signal
allowed for single A-line detection is increased by a factor of M, where M corresponds to the total
pixel number of the spectrometer in SD-OCT or the number of wavelengths over the sweeping span
in SS-OCT. Figure 2.4 is to conceptually illustrate the sensitivity advantage of FD-OCT. In SDOCT, the parallelization or wavelength-multiplexed detection is realized by using a spectrometer
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as the detector and a broadband source, while in SS-OCT, it is achieved by using a wavelength
sweeping source together with a photodetector and high speed data acquisition device to
synchronize the detection with every wavelength sweep. Due to its sensitivity advantage, FD-OCT
opens a door for many clinical applications where high speed is required for in vivo imaging. It thus
revolutionizes the OCT field.

2.3 Basic parameters of OCT system
2.3.1 Axial resolution, lateral resolution, and depth of focus (DOF)
As mentioned previously in Section 2.1, the axial resolution is governed as the coherence length
of the source, which is equivalent as the FWHM of its coherence function 𝛾 𝑧 = exp −∆𝑘 D 𝑧 D
with ∆𝑘 as 1/e half-width of the normalized Gaussian source spectrum S 𝑘 . The FWHM of 𝛾 𝑧
is thus calculated as ∆𝑧 = 2 ln 2 ∆𝑘. It is more convenient if expressing the axial resolution in
terms of the FWHM of the light source in wavelength. In this way, the axial resolution can be
written as [50]
2 ln 2 2 ln 2 𝜆DG
∆𝑧 =
=
∙
,
∆𝑘
π
∆𝜆
where 𝜆G = 2𝜋 𝑘G is the central wavelength, and ∆𝜆 = 𝜆DG ∙ ∆𝑘fwhm
is the FWHM bandwidth of the light source in wavelength unit.
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(2.7)
2𝜋 = ln 2 ∙ 𝜆DG ∙ ∆𝑘 𝜋 ,

Figure 2.5 Illustration of the basic parameters of an objective in confocal microscopy. D: incident beam
diameter, f: focal length, α: half aperture angle, δx: lateral resolution, DOF: depth of focus.

On the other hand, the lateral resolution of an OCT system is determined by the optical design of
the sample arm. In generic OCT systems, the sample arm optics is designed in a confocal
configuration, similar to confocal laser-scanning microscopy. Figure 2.5 illustrates the basic
parameters associated with an objective used in confocal microscopy. The lateral resolution of an
OCT system δx is defined as FHWM of the intensity PSF at the focal plane, which is a convolution
of illumination and detection PSFs, given by [50]

𝛿𝑥 = 0.37

𝜆G
𝜆G
= 0.37 ,
sin 𝛼
NA

(2.8)

where α is the half of the objective aperture angle, and NA ≡ sin 𝛼 is the numerical aperture of
the objective lens. The lateral resolution of a confocal microscope is slightly better than that of a
wide-field microscope, where the lateral resolution is determined by the diameter of the Airy disc
as [70]

𝛿𝑥 ≈

4
4 𝑓 2 𝜆G
𝜆G 𝐹# = 𝜆G =
,
𝜋
𝜋 D 𝜋 NA

(2.9)

where 𝐹# is the lens f-number, which is defined as the ratio between the focal length f and incident
beam diameter D.
If following the confocal convention, the depth of focus (DOF), or sometimes called axial field of
view (FOV), can be derived from the FWHM of a confocal axial response function as [50]

FOVaxial ≈

0.565𝜆G
0.565𝜆G
=
„C NA
𝛼
D sin
sinD
sin
2
2
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.

(2.10)

If using the convention of Gaussian beam optics, the depth of focus is defined as the twice the
Rayleigh range:

DOF ≈

𝜋 ∙ 𝛿𝑥 D 2 𝜆G
=
.
2𝜆G
𝜋 NAD

(2.11)

It is not difficult to observe that the DOF or axial FOV will decrease as lateral resolution improves.
Therefore, there is always a trade-off between the axial FOV and lateral resolution of the OCT
system, since the NA of the objective used in the sample arm needs to be chosen, so that the axial
FOV is large enough to allow high signal penetration. Figure 2.6 gives an idea how NA affects the
axial FOV. For most of OCT systems that do not require high lateral resolution, objectives with
NA less than 0.1 are picked for the sample arm. The axial resolution of state-of-art OCT systems
ranges from approximately 1 µm to 15 µm, which will be comparable to the axial FOV of a
confocal microscope if a normal objective with NA = 0.35~0.5 is used in the sample arm. In this
case, the coherence gate will no longer have advantage for axial profiling.

Figure 2.6 Comparison of axial FOV with the axial resolution of OCT systems for objectives with different
NA values.

16

2.3.2 Signal-to-noise ratio (SNR) or sensitivity
In most of OCT literatures, the signal-to-noise ratio (SNR) and sensitivity of OCT systems are
D
interchangeable. Generally, the SNR of the OCT system is defined as SNR = 𝑆†‡ˆ
𝜎AD , where

the OCT signal 𝑆†‡ˆ is the strength of the cross-correlation of the optical fields in the spatial
domain, and the noise 𝜎AD is the photoelectron noise contribution to each pixel along the depth. The
sensitivity or SNR of both TD and FD OCT systems has been extensively analyzed elsewhere [6769]. We will follow the approaches provided by Leitgeb et al [67], and only analyze the sensitivity
of SD OCT systems.
Let’s consider an SD-OCT system: The light source has a Gaussian envelop centered at 𝜈G with a
FWHM of 𝛥𝜈; the spectrometer has N pixels with an efficiency of η (including the quantum
efficiency and spectrometer efficiency), and is set at an integration time of τ; a 50/50 beam splitter
is used in the interferometer. The SD-OCT signal obtained in the spatial domain (after applying
discrete Fourier transform) can be written in terms of the peak value 𝑃(𝜈G ) of the interferogram
with unity fringe visibility as

𝑆†‡ˆ =

1 𝜂𝑃G 𝜏
𝑅; 𝑅H ,
4 ℎ𝜈G 𝑁

(2.12)

where ℎ is the Planck constant, 𝑅; and 𝑅H are the intensity reflectivity of reference and sample
arms, respectively, and 𝑃G =

𝜋 4 ln 2 ∙ ∆𝜈 ∙ 𝑃(𝜈G ) is the total output power of the light source.

In the spectrometer, the noise is mainly comprised of three types of noise sources: the shot noise
D
D
D
𝜎‘’
, the excess noise 𝜎“h
of the source, and receiver noise 𝜎”“•
. The shot noise is equal to the mean

photoelectron number 𝑛– collected in the integration time 𝜏, and can be expressed by
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D
𝜎‘’
= 𝑛– =

1 𝜂𝑃G 𝜏
𝑅 + 𝑅H .
4 ℎ𝜈G 𝑁 ;

(2.13)

It is mainly dominated by the DC signal. The excess noise, or sometimes referred as relative
intensity noise in some literature, is given by

D
𝜎“h

ΠD + 1
1 𝜂𝑃G
=
∙
𝑅 + 𝑅H
2
4 ℎ𝜈G 𝑁 ;

D

∙

𝑁𝜏
,
∆𝜈“˜˜

(2.14)

where Π is the degree of polarization that values between 0 and 1 (0 for unpolarized light and 1
for linearly polarized light), and ∆𝜈“˜˜ =

𝜋 2 ln 2 ∙ ∆𝜈 is the spectral width of the source, related

„C
to the coherence time of the source as ∆𝜈“˜˜ = 𝜏coh
[70, 71]. For convenience, (2.14) can be

expressed using 𝜏coh and 𝑛– as

D
𝜎“h
=

Π D + 1 𝜏coh
𝑁 𝑛– D .
2
𝜏

(2.15)

The quadratic dependence on the mean photoelectron number is the characteristics of excess noise.
D
The receiver noise 𝜎”“•
is the sum of dark noise of the detector and read-out noise of the circuit.

At the peak location in the spatial domain, the noise contribution is scaled by a factor of N due to
D
D
D
DFT process, according to Parseval’s theorem. Therefore, we have 𝜎AD = 𝜎‘’
+ 𝜎“h
+ 𝜎”“•

𝑁.

In biological imaging applications where 𝑅? ≪ 𝑅; , if the detection is shot noise limited, i.e.,
D
𝜎AD ≈ 𝜎‘’
, the SNR of SD OCT system can be calculated as
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SNR ™š =
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=
=
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𝜂𝑃G 𝜏
4
4 ℎ𝜈G
𝑅
ℎ𝜈G 𝑁 D ;

(2.16)

From (2.16), we can see that, in shot-noise limit, the SNR of SD-OCT system is dependent on the
backscattered photon number from the sample arm collected by the spectrometer. The factor of ¼
is due to the power reduction at the 50/50 beam splitter. It should be noted that, SNRSD is N/2 times
higher than that of the TD-OCT system [50]. In fact, (2.16) can be written in a more general form
as:

SNR ™š

D
𝑆†‡ˆ
𝜂𝑃? 𝜏
=
=
,
D
ℎ𝜈G
𝜎?›

(2.17)

where 𝑃? denotes the sample arm power collect at the entrance of the spectrometer. This equation
can be used as a theoretical estimation of SNR for any SD-OCT systems.
The sensitivity of OCT systems is defined as the minimum detectable reflected optical power 𝑃fœ•
compared to a perfect reflector with reflectivity of unity [50], or as the minimal sample arm
reflectivity 𝑅‘,fœ• , at which SNR equals one [67]. It usually expressed in decibel units as

𝑆 = −10 logCG

𝑃fœ•
1
= 10 logCG
,
𝑃G
𝑅s,min

(2.18)

where 𝑃G is the optical power initially delivered to the sample arm, measured after the beam splitter.
In practice, it can be measured by using a perfect reflector placed at the focal plane of the sample
objective, and applying attenuation to the sample arm power until the OCT signal is unmeasurable.
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2.3.3 Signal penetration depth and imaging range
For OCT biological imaging, the signal penetration in tissue is typically on the order of a few
millimeters in depth. It is mainly dependent on the incident wavelength, as well as the
spectroscopic properties of the tissue, including absorption, scattering and anisotropy. While single
scattering models are frequently used to model the OCT A-line profile [72, 73], these models
mainly consider the tissue as a homogenous single layer medium. More complex models have been
developed to portrait multi-layer medium or multiple scattering events in OCT [74].
The imaging range of the OCT system, zmax, defines the maximum depth profiling range. In TDOCT, it is determined by the maximum axial scan range of the movable reference mirror, and
theoretically does not have an actual limit. In FD-OCT, however, it is limited by the Nyquist
sampling theorem, and calculated as

𝑧fgh =

𝜋
𝜆DG
=
,
2 ∙ 𝛿𝑘? 4 ∙ 𝛿𝜆?

(2.19)

where 𝛿𝑘? , 𝛿𝜆? are the sampling interval in wavenumber and wavelength unit, respectively.
In addition, due to the finite sampling intervals in the Fourier domain, FD-OCT is also susceptible
to sensitivity degradation along the depth. It is known as sensitivity fall-off. In SD-OCT,
specifically, the sensitivity decreases with the depth because the reduction of fringe visibility is
more predominant at higher fringe frequencies, due to the finite resolution of the spectrometer.
Analytically, it imposed a fall-off factor to the detected intensity profile. The envelop of the falloff factor, 𝑅(𝑧), can be obtained via Fourier transform to the convolution of the square shaped
pixel response and Gaussian beam profile focused onto the spectrometer as [55]
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sin 𝜁 𝑧
𝑅 𝑧 =
𝜁 𝑧

D

∙ exp −

𝑤D D
𝜁 𝑧 ,
2 ln 2

(2.20)

where 𝜁 𝑧 = 𝜋 2 ∙ 𝑧/𝑧max is a depth dependent function scaled by the imaging range 𝑧max ,
and 𝑤 = 𝛿 𝜆 𝛿? 𝜆 is the ratio between the FWHM spectral resolution 𝛿 𝜆 of and the sampling
interval 𝛿? 𝜆 of the spectrometer.

2.4 Conclusion
In this chapter, we reviewed the fundamental principles of optical coherence tomography, and the
various instrumental realizations of OCT tools, including TD-OCT and FD-OCT. We also
summarized the key parameters that define the performance of OCT system, mainly focused on
SD-OCT. This chapter will serve as the groundwork of the thesis.
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Chapter 3 Ultrahigh-resolution (UHR)
spectral-domain (SD) OCT system
3.1 Introduction
In general, ultrahigh-resolution (UHR) OCT categorizes OCT systems with axial resolution lower
than 5µm in air. UHR OCT is in need because it offers both higher resolution and better contrast
to profile the inner tissue structures at cellular level, which will enable pathological evaluation of
the tissue. Improvement of both resolution and contrast of OCT images can be achieved altogether
by moving to a shorter wavelength regime: Both axial and lateral resolutions of OCT are
proportional to the squared center wavelength; Since OCT signals are generated based on the
detection of backscattered light, photons with shorter wavelength favor stronger scattering
according to Rayleigh scattering. Based on these reasons, most of the existing UHR OCT systems
chose to employ light sources that are in the shorter NIR regime, i.e., spanning from 600 nm to 1
µm [56, 75, 76]. This regime is picked mainly based on the consideration of water absorption
window [77] and blood absorption window [78].
The early generation of UHR OCT systems was built in time domain (TD) configuration, by virtue
of the short coherence length of the femtosecond lasers [75, 79, 80]. After balancing the dispersion
mismatch in the interference arms, an axial resolution as high as 0.75 µm in air was reported [75].
To have an isotropic resolution in 3D, these UHR OCT systems adopted high-NA objectives in
the sample arm to increase the lateral resolution to the same level as the axial resolution. It
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inevitably led to a reduced depth of focus for Gaussian-shaped beam, and eventually limited the
imaging depth to be around 0.5mm.
Later on, UHR OCT was implemented in spectral domain (SD) configurations for both bench top
[22, 56, 76, 81, 82] and endoscopic systems [83, 84]. SD-OCT is known to have sensitivity
advantage over its TD counterpart owing to the paralleled detection in the spectral domain [67,
68], and thus allows high-speed operation while maintaining good SNR. This sensitivity advantage
naturally makes SD-OCT preferable in practice, compared with TD-OCT. The key component of
UHR SD-OCT system is the spectrometer. The bandwidth and the total pixel number of the
spectrometer affect the resolution and imaging range of SD-OCT, while the size of each pixel as
well as the focusing lenses design have impact on its sensitivity performance. Particularly, due
to the finite response and the limited spectral resolution of a single detector pixel, the fringe
visibility will be gradually compromised at higher spatial frequency. This casts a physical limit
for the sensitivity at longer depth location in the spatial domain, and leads to a so-called
sensitivity fall-off effect over the entire imaging range. Besides, the sampling error for linear-k
interpolation may give rise to a higher noise floor resulting from interpolation error [85]. As a
result, it can be very challenging to design a system with both high resolution and long imaging
range, while still taking care of the sensitivity fall-off.
For example, Liu et al [22] demonstrated an axial resolution of 1 µm in air in the 800 nm spectral
window using a spectrometer with a spectral range of around 400 nm with a 2k-pixel line camera.
Despite of the superb axial resolution, the total imaging range was limited to 0.5 mm due to a
low sampling interval in k-domain. Alternatively, Yadav et al [81] reported an UHR OCT system
with 1.5 µm axial resolution in air. A modified Czerny-Turner spectrometer was designed for a
similar spectral range but with a detector of 8k pixels. Although not all the pixels were used to
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cover the bandwidth, the finer sampling interval in k-domain helped to extend the imaging depth
to around 1.2 mm. However, the pixel size of 5 µm led to an insufficient coupling efficiency and
resulted in a lower SNR. The limited spectral resolution, as well as the inaccurate k-domain
resampling method for data interpolation, resulted in a 6-dB fall-off range of around 0.5mm.
Recently, Xi et al [84] reported an UHR SD-OCT endoscope with 3 µm axial resolution in air
produced by a linear-k spectrometer. This spectrometer eliminates the need for data interpolation,
and effectively reduces the noise floor at longer imaging depth locations. Nevertheless,
complicated design and alignment of the optics are required to achieve a good performance. And
the reported imaging depth was still limited around 1.2 mm.
In this chapter, we will present an UHR SD-OCT system that features a low-noise
supercontinuum source and a customized spectrometer. It has an axial resolution of 2.72 µm with
an imaging depth of 1.78 mm, and a lateral resolution of 5.52 µm in air. We will discuss in detail
the design and implementation of the system, including the OCT interferometer and the
spectrometer. Especially, the design procedures of the focusing lenses with low-cost off-the-shelf
lenses to cover 200 nm wavelength range will be presented. The performance of the customized
lenses is evaluated in Zemax. Using the customized lenses, the 6-dB sensitivity falloff range is
measured to be 0.89 mm after proper spectrometer calibration. The system has an SNR of 93.2dB
at 70kHz line rate with 800 A-line averaging. The noise of the SC source was analyzed extensively
by comparison to that of an SLD source in the same spectral range. An optimal imaging protocol
is developed to mediate the impact of the excess noise from the SC in the OCT images.
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3.2 Design and implementation of UHR SD-OCT system
Figure 3.1 shows the schematic of the SD-OCT system. A low-noise supercontinuum laser
(SuperK EXTREME, NKT Photonics) is employed to serve as a broadband light source. A set of
dichroic and edge-pass filters (Thorlabs DMSP1000, FELH0650, FESH1000,) is used to shape a
light spectrum centered at 840 nm with an initial FWHM bandwidth over 170 nm from the
supercontinuum. The filtered light spectrum is then delivered to a free-space Michelson
interferometer through a single-mode fiber (Thorlabs 780HP) and an achromatic coupler (Thorlabs
AC080-010-B, f=10 mm). The bandwidth of the source is expected to further shrink down due to
the cutoff wavelength of the single mode fiber at around 730 nm.
In the OCT imaging system, the fiber-coupled light is first collimated by an achromatic collimator
(AC1, Thorlabs AC127-019-B, f = 19 mm) and divided into the sample and reference arms by a
50/50 non-polarized beam cube (NPBC). In the sample arm, a low-NA broadband scan lens
(Thorlabs LSM03-BB) is used as imaging lens, and a pair of galvo scanners (Thorlabs GVS002)
is used to transversely scan the focused beam over the sample. Dispersion mismatch is minimized
by adding a block of glass (Thorlabs DCLSM03) in the reference arm. Backscattered signals from
the two arms are recombined at the NPBC and back coupled to a single-mode fiber (Thorlabs
780HP) by an achromatic collimator (AC2, Thorlabs AC127-019-B, f = 19 mm). The interference
signal is then measured by the home-built spectrometer.
In the spectrometer, the collimated light beam (AC3, Thorlabs f = 50 mm) is dispersed by a
transmission diffraction grating (Wasatch Photonics, 1200 lp/mm) and focused onto a 2048-pixel
CCD line-scan camera (e2v, AVIIVA-II EM4 BA9, 12-bit) by a customized focusing lenses
system. The camera, with a maximum line rate of 70kHz and controlled by a CameraLink
framegrabber (NI, PCIe-1433), is synchronized with the pair of galvo scanners through a data25

acquisition (DAQ) device (NI, PCI-6221). Image display, spectral data acquisition, and storage
are all controlled by a home-built software platform written in Labview.

Figure 3.1 Schematic of SD-OCT system. SMF: single mode fiber, AC: achromatic lenses, ND: neutral density
filter, NPBC: non-polarized beam cube, G: transmission diffraction grating. All optical components were
chosen to have anti-reflection coating for 600 nm to 1000 nm to minimize loss. Inset: schematic of the
spectrometer with customized focusing optics.

3.2.1 Broadband OCT light source
As we can see from (2.7), the axial resolution of the OCT system is inversely proportional to the
bandwidth of the input light source. Therefore, it is crucial to employ a broadband light source to
attain high axial resolution. Currently, there are barely any broadband swept sources available in
the market, which limits the UHR OCT applications to only TD or SD OCT systems. As discussed
previously, SD OCT has sensitivity advantage over TD OCT, and thus is more practical for highspeed applications. Table 3.1 lists some examples of the state-of-art broadband light sources in
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800 nm that can be directly adopted in SD-OCT systems [86, 87]. Among all the options, the
femtosecond lasers possess features such as ultra-wide bandwidth, low noise, Gaussian-like and
high power output, and high stability that are all desired in UHR OCT applications. However, the
high cost and bulkiness of those sources become the hurdles for their prevalence in clinical
applications. In contrast, the multiplexed superluminescent diodes (SLD) offer a compact and costefficient option. SLDs are widely used in standard-resolution SD-OCT applications and
commercial SD-OCT systems. Single SLDs can be multiplexed to reach a bandwidth as wide as
200 nm, and achieve an axial resolution as high as 2.3 µm [87]. Nevertheless, the bandwidth of
the multiplexed SLDs is limited by the multiplexing optical components, and the output power
from a single mode fiber is much less than that produced by the femtosecond laser sources.
Last but not the least, the state-of-art supercontinuum (SC) lasers are an alternative to the
femtosecond lasers. Compared with the femtosecond lasers, the supercontinuum lasers in general
have smaller footprint, and are more cost efficient and much easier to operate. They may provide
octave spanning spectra, covering from the visible regime all the way to 2 µm in wavelength. Most
of commercial SC lasers are constructed based on highly nonlinear material-doped fibers or
photonic crystal fibers. Yet the mechanism of SC generation through these fiber-based components
is very complex and not well understood [86]. Studies have shown that the SC laser output is
accompanied with very high intensity noise [88-91], which may have impact on the OCT
sensitivity performance. Even though, the advantages of SC laser, including the ultra-wide
bandwidth, Gaussian-like output, and high power delivery through a single mode fiber, still make
it an attractive option for UHR OCT applications. Moreover, recent reports have also shown that
the noise impact can be well controlled if operating at an optimal condition [92]. In fact, SC sources
have been already adopted in various UHR OCT applications [93-96].
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Table 3.1 . Comparison of commercial broadband light sources at 800 nm regime
Source type

Typical
Bandwidth

Noise

Optical
power

Cost

Compactness and
user-friendly?

Ti:sapphire laser

> 150 nm

Low

High

Highest

No

Multiplexed SLDs

> 100 nm

Low

Medium

Low

Yes

Supercontinuum
laser

> 100 nm

High

High

High

Yes

Based on the previous reasons, we decided to employ an SC source to our UHR system. We picked
the NKT SuperK EXTREME EXR-9 (OCT version) which features about 300 MHz repetition rate
and a total of 9 W output. The high repetition rate effectively reduces the intensity noise that is
detected by the spectrometer. A customized filter box was constructed to generate the desired
spectrum as input source. As shown in Figure 3.2, the collimated SC output with 1 mm beam width
was first split by a short-pass dichroic mirror (DM1, Thorlabs DMSP1000) at 1 µm wavelength.
For the SC signal above 1 µm, the pump power was filtered using a notch filter at 1064 nm (NF,
Thorlabs NF1064-44). The rest of the spectrum was further split into two portals: one coupled at
1300 nm (C2, Thorlabs F240APC-C) and the other coupled at 1550 nm (C3, Thorlabs F240APC1550). The flip mirror (FM) was used to select the light path and direct all power to one specific
port. Additional bandpass or edgepass filters at specific wavelengths will be necessary to obtain a
clean spectrum at the desired band.
For the SC signal below 1 µm wavelength, the spectrum was further shaped by a series of cascaded
edge-pass filters, including a short-pass filter at 1 µm (SPF, Thorlabs FESH1000) and a long-pass
filter at 650 nm (LPF, Thorlabs FELH0650), both tilting at a small angle to achieve spectral
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shaping. The red spectrum of the SC is intentionally included in this path to use as a beam marker
for the OCT imaging system. To ensure the broadband of the input light source, an achromatic
collimator (C1, Thorlabs AC127-019-B, f = 19 mm) was chosen to efficiently couple the
collimated beam back into an single mode fiber (SMF1, Thorlabs 780HP). Finally, the output
spectrum from the 800 nm port was approximately ranging from 730 nm to 1 µm, of which the
shorter end is limited by the cutoff wavelength of the single mode fiber adopted in the system.

Figure 3.2 Schematic of the customized filter box. DM: dichroic mirror, FM: flip mirror, NF: notch filter, SPF:
short-pass filter, LPF: long-pass filter, C: collimator, M: mirror. C1 is an achromatic collimator to ensure the
delivery of broadband source to the OCT interferometer. C2 and C3 are standard fixed-focus aspherical lens
collimators.

3.2.2 OCT interferometer
As seen in Figure 3.1, a Michaelson interferometer schematic was adopted in the UHR OCT
imaging system. All the optics were chosen to accommodate broadband light with anti-reflection
coating in the NIR band (600 nm to 1000 nm). The system was designed at a central wavelength
of 840 nm, with a bandwidth of around 200 nm, based on output spectrum from the filtering system.
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Because the supercontinuum output is generally non-polarized, a non-polarized beam cube was
chosen to minimize power loss due to multiple reflections which frequently occur if using a plate
beam splitter. When designing the interferometer, we tried to make it as compact as possible.
Therefore, the collimated light was directly interfaced with the galvo scanners as well as the
imaging lens without adding any other relay optics in the sample arm, and no additional optics
other than the dispersion compensation block was used in the reference arm. The achromatic
collimation lens AC1 was identified based on the desired beam diameter suitable for the size of
galvo mirrors (5 mm in width). After collimation, the beam waist was around 4.8 mm, which fitted
well to the galvo mirrors. The sample arm was modeled in ZEMAX to assess the performance of
lateral scanning, as shown in Figure 3.3. The scanning distance was set to be around 14.5 mm,
limited by the mechanical design of the system. The focused beam profiles at different deflection
angles set by the galvo mirrors are presented in Figure 3.4, where we can see that the scan lens
may enable a maximum lateral FOV of around 3.4 mm in both 𝑥 and 𝑦 direction without
significant distortion. Specifically, the FWHM of the lateral PSF spread to about 1.03 times its
original value along the scanning direction (𝑥 or 𝑦), and about 1.5 times along the orthogonal
direction to the scanning direction (𝑦 or 𝑥), respectively.

Figure 3.3 Three-dimension (3D) rendering of two-axis lateral scanning of the sample arm in ZEMAX.
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Following this design, the theoretical lateral resolution of the system can be calculated to be 4.86
µm using (2.8), with an imaging space NA of around 0.064 which was read from the system report
generated in ZEMAX. The axial FOV was estimated to be approximately 460 µm, following (2.10).
Given the anticipated uncertainties in the real implementation, including aligning errors, variations
in the mechanics, etc., the performance of the resulted system may be somewhat degraded
compared with the simulation results. Yet, this design should still be acceptable for UHR OCT
imaging purpose.
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Figure 3.4 The PSFs of the focused beam at different deflection angles set by the galvo scanners. We can see
that the scan lens may enable a maximum lateral FOV of around 3.4 mm in both x and y direction without
significant distortion. Beyond this FOV, the beam may get cropped by the mirror aperture.

3.2.3 OCT spectrometer design and calibration
The spectrometer adopted in the UHR OCT system was designed to cover a wavelength range of
200 nm centered at 840 nm to accommodate the broadband source. The center wavelength was
picked according to the wavelength of highest grating efficiency of the off-the-shelf transmission
gratings (centered at 840 nm with the groove number of 1200 lp/mm). The bandwidth was
determined based on the output spectrum from 800 nm port of the filter box.
Typically, an OCT spectrometer is consisted of a collimation component, a diffraction grating, a
focusing lenses system, and a line-scan camera. We first determined the CCD camera by looking
at the desired imaging range. From (2.19), we can see that in SD-OCT, the maximum imaging
range 𝑧max is dependent on the central wavelength and the spectral sampling interval 𝛿𝜆s . With a
detector of 2048 pixels, assuming uniform sampling across the whole bandwidth (𝛿𝜆s ≈ 0.098
nm), the imaging depth was calculated to be 1.78 mm, which should be sufficient for most medical
imaging applications. CCD line-scan sensors with larger pixel sizes may allow higher coupling
and better spectrometer efficiency, which benefit the system with a higher SNR. Therefore, we
picked a line-scan sensor with single pixel size of 14 µm in width and 28 µm in height. The
rectangular shape allowed full accommodation of the PSF of the focused spot on the spectrometer,
as will be discussed later.
Next, we picked the collimation lens. For UHR OCT, the collimation component needs to be an
achromatic lens in order to accommodate the broad bandwidth of the input light source. The focal
length of the collimation lens was chosen based on the desired collimated beam width, which was
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determined by two factors: the resolving power of the grating, and the entrance pupil size of the
focusing optics. Since we were restrained by the choices of the catalog lenses, we decided to mostly
use one-inch optics in our focusing lenses system.
For a transmission diffraction grating based spectrometer, the diffraction angle 𝜃¤ follows the
grating equation as

sin 𝜃¤ = 𝑑 „C ∙ 𝑚𝜆 − sin 𝜃@ = 𝐺𝑚𝜆 − sin 𝜃@ ,

(3.1)

where 𝜃@ is the incident angle of the collimated beam, 𝑑 is the spacing between two adjacent slits
that equals the reciprocal of the groove number or grating constant 𝐺, 𝑚 = 0, ±1, ±2, …, is called
the diffraction order, and 𝜆 is the wavelength. For the ease of alignment, the incident angle was
chosen to be the same as the diffracted angle of the central wavelength as sin 𝜃i = sin 𝜃o = 𝐺𝜆0 2.
For 𝜆0 = 840 nm, the incident angle calculated to 𝜃i = 30.26°. The resolving power or resolvance
of the grating is defined as R = 𝜆 𝛿𝜆© = 𝑚𝑁, where 𝛿𝜆© is the smallest resolvable wavelength
difference, 𝑚 is the diffraction order, and 𝑁 is the total number of the slits illuminated on the
surface of the grating. If the resolvance is half of sampling interval 𝛿𝜆? , the value of 𝑁 is estimated
to be 17203 (in lp), leading to the diameter of the collimated beam of around 12.4 mm for uniform
illumination. Since the actual collimated beam has a Gaussian profile, we can roughly convert the
beam diameter of uniform illumination 𝐷« to that of an apodized illumination 𝐷¬ (e-2 beam
diameter) as 𝐷¬ ≥ 1.7𝐷« . The focal length of the collimation lens can be thus picked up from the
commercial achromatic lenses catalog, based on the apodized collimated beam diameter 𝐷¬ .
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As for the design of the focusing lenses system, the first step is to estimate its desired focal length.
By using a geometrical optics model shown in Figure 3.5, and assuming the diffraction order 𝑚 =
1, the focal length of the focusing system can be estimated as [97]
𝑓 = 𝑤 ∙ 𝑁“®¯“ − 𝑁G ∙ cot 𝛥𝜃ο
= 𝑤 ∙ 𝑁“®¯“ − 𝑁G ∙ cot sin„C 𝐺𝜆“®¯“ − sin 𝜃i − sin„C 𝐺𝜆G − sin 𝜃i

(3.2)

where w is the pixel width, G is the grating constant, 𝜃i is the incident angle of the collimated beam,
and 𝑁ο , 𝑁edge are the pixel number assignments for the central wavelength 𝜆ο and edge wavelength
𝜆edge , respectively. Since sin 𝜃i = 𝐺𝜆0 2, (3.2) becomes

𝑓 = 𝑤 ∙ 𝑁“®¯“ − 𝑁G ∙ cot sin„C 𝐺𝜆“®¯“ −

𝐺𝜆G
𝐺𝜆G
− sin„C
2
2

.

(3.3)

Following the above equation, the averaged focal length was estimated to be around 102 mm,
which served as one of the merit functions for the lens optimization.

Figure 3.5 Geometrical depiction of light propagation in the spectrometer. 𝛥𝜃ο is the difference between the
diffraction angles for the central wavelength 𝜆ο and edge wavelength 𝜆edge of the optical band detected by the
spectrometer. 𝜃i is the incident angle of the collimated beam. 𝑥ο , 𝑥edge represent the pixel assignment of the
respective wavelength. d is the spacing between two adjacent slits of the diffraction grating. And w is the
width of a single pixel. Assuming the central wavelength is mapped at the center of the line sensor, the focal
length of the focusing system f can be estimated once the total number of pixels is determined.
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Similar as photography camera lenses, the focusing lenses system of the spectrometer is intended
to produce a flat focal plane with minimal aberration for all wavelengths incident at different field
angles. A Cooke triplet lenses system was thus designed and optimized for the desired focal length,
aiming for the best focusing performance across the interested wavelength range in ZEMAX. The
merit functions associated with focusing performance are the spot size and modulation transfer
function (MTF). Starting with an initial design of the Cooke triplet that can be found elsewhere
[98, 99] and restraining the glass materials (N-BK and N-SF11) to match the commercial catalog
options, a final design of the lenses can be obtained by iterative optimization. It should be also
noted that the distance between the grating and the focusing lenses system needs to be constrained
to accommodate the maximum diffraction angles (38.61° for 940 nm and 22.58° for 740 nm) at
the edge wavelengths. It can be interactively monitored in ZEMAX during lens design, or
calculated based on F-theta relation. As illustrated in Figure 3.6 (a), the negative lens (Thorlabs
LC2679-B, N-SF11) in the center was first determined due to its limited choices in the commercial
catalog. The front positive lens was split into two separate singlets (Thorlabs LA1608-B, LE1234B, N-BK7) to best portray the optimized structure as well as to reduce the f-number for a higher
power transmission. The rear positive lens (Thorlabs LB1309-B, N-BK7) was chosen using trialand-error method based on the optimization results. As shown in Figure 3.6 (b), the MTFs of the
final design indicated the visibility of the fringe was still above 0.5 across the line sensor.
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Figure 3.6 Cooke triplet optimization result. (a) Snapshot for the optimization process. In the intermediate
stage on the top, the center negative or concave lens (flint) was replaced by the commercial lens, and the front
and rear positive lenses were optimized freely based on the flint selection. The final design on the bottom was
obtained step by step during optimization. (b) The MTFs at different wavelengths. The dashed line marked
the Nyquist sampling limit of the selected line-scan detector (2048 pixel, 14 µm in width). (c) Mechanical
assembly of the customized Cooke triplet. RR: retaining ring, POS: plastic optic spacer, BOS: brass optic
spacer.

Recall from (2.20), the 6-dB sensitivity fall-off range is dependent on the spectral resolution 𝛿 𝜆
(FWHM spectral resolution) of the spectrometer. If we follow another model described by Izatt et
al in [50], we can link the 6-dB fall-off range directly with 𝛿 𝜆 by 𝑧°®± = ln 2 𝜋 ∙ 𝜆DG 𝛿 𝜆. To
design a 6-dB falloff range greater than 1 mm, the spectral resolution 𝛿 𝜆 needs to be below 0.121
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nm. The spectral resolution 𝛿 𝜆 can be assessed by the wavelength separation of the PSFs on the
imaging plane. The Huygens PSF is calculated based on Huygens-Fresnel principle, and is more
accurate than the Fourier transform based PSF calculation in the scenario of oblique incidence. As
seen in Figure 3.7, with a spectral resolution of 0.1 nm, the spatial separations of the PSFs at all
three wavelengths were wide enough, so that two PSFs can be well contained by two adjacent
pixels on the detector. Moreover, the rectangular shape of the pixel favored the higher coupling
efficiency. However, it should be noted that for the edge wavelengths 740 nm and 940 nm, the
power transmission was relatively lower and the distortion was more severe when compared with
the central wavelength 840 nm. This effect will have impact on the sensitivity fall-off range as
well as the shape of measured spectrum.

Figure 3.7 PSFs for two wavelengths with a spectral separation of 0.1nm at (a) 740 nm, (b) 840 nm, and (c) 940 nm.
The FWHM of the PSF was 7.4 µm, 9.4 µm, and 10.6 µm for 740 nm, 840 nm, and 940 nm respectively. The color bar
shows the relative intensity. The yellow boxes indicate the location and physical dimensions of two adjacent rectangular
pixels (14µm by 28µm).

In real implementation, the incident angle was chosen to be the same as the diffraction angle of
the central wavelength, and the focusing lenses system was manually assembled and spaced using
commercially available retaining rings or optic spacers of various thicknesses, as shown in Figure
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3.6 (c). The incident collimation, diffraction grating, and the focusing system were respectively
mounted on separate rotational stages for fine angular alignment. The line sensor was controlled
by a five-axis platform for better signal coupling.

Figure 3.8 (a) Illustration of spectrometer calibration process. Interferograms for two different optical path
differences were generated with background subtraction. Phase information was extracted from the analytical
signal constructed by Hilbert transform. (b) The minimal phases constructed from the interferogram with
respect to the pixel number. The phase difference (green) of the two interference signals was fitted to a thirdorder polynomial as a pixel calibration metrics for linear-k redistribution.

After optimizing the alignment, the spectrometer bandwidth was first confirmed with the help of
the bandpass filters at 740 nm and 940 nm. Next, five bandpass filters (centered at 760nm, 800nm,
840nm, 880nm, and 920nm, respectively, with a FWHM bandwidth of 10 nm) on a filter wheel
were inserted in the optical path to individually address the relative pixel position of the
corresponding wavelength on the camera. The wavelength assignment of every pixel 𝑁 𝜆 on the
line sensor can be then interactively determined based on (3.3), as the effective focal length was
tuned so that the five wavelength measurements can match with the actual manufacture values.
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Since the pixel number was neither linear to the wavenumber k nor to the wavelength λ, a two-step
calibration process was carried out to generate a calibration metrics for linear-k distribution [100,
101]. As illustrated in Figure 3.8 (a), a flat mirror was fixed at the focal plane 𝑧? of the sample arm,
and the reference mirror was initially placed at 𝑧C . The phase 𝜑C 𝑛 of the resulted interferogram
was read as

𝜑C 𝑛 = 2𝑘 𝑧C − 𝑧? + 𝜑‘³‘_•´ ,

(3.4)

where n denoted the pixel number, and the term 𝜑‘³‘_•´ represented any nonlinear dispersion
introduced in the optical system. Next, the reference mirror was moved from 𝑧C to a new position
𝑧D by a linear translation stage to generate another set of interferogram with a phase of
𝜑D 𝑛 = 2𝑘 𝑧D − 𝑧? + 𝜑‘³‘_•´ .

(3.5)

Note that the nonlinear term was not changed during this translation process, the difference
between (3.4) and (3.5) read as ∆𝜑 𝑛 = 2𝑘∆𝑧 was linear to the wavenumber k, Therefore, it can
be used to create a new pixel metrics for linear-k redistribution. Practically, the phase information
of the interference signal was extracted from the analytical signal generated by applying Hilbert
transform after background subtraction. As shown in Figure 3.8 (b), the phase difference ∆𝜑 𝑛
was fitted by a third-order polynomial, which was used to create a lookup table 𝑛µ for linear-k
interpolation of the raw spectrum.

3.3 Signal processing for image reconstruction
Figure 3.9 shows an outline of the flow chart to generate an UHR OCT B-scan. Each B-scan is
contained in an image buffer as 𝐼†‡ˆ 𝑥, 𝜆 . The background or reference spectrum, which is taken
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separately by blocking the sample arm, is first subtracted from each A-line raw spectrum. Next,
the linear-k interpolation is applied to resample the raw spectrum according to the new look-up
table 𝑛µ . The resulted spectrum is therefore linear in k-domain, and will go through spectral
shaping, apodization, and dispersion compensation before inverse Fourier transform is applied.

Figure 3.9 Flow chart of OCT image processing steps.

3.3.1 Spectral shaping and apodization
The calibrated source spectrum is shown in Figure 3.10 (a). The measured 3-dB bandwidth was
around 116nm, which was limited by the coupling of the single mode fiber and the low throughput
of the lenses at the edge of the bandwidth. It is noted that the spectrum has a non-Gaussian profile
and was cut off at 10-dB bandwidth, which will excite spurious sidelobes in the coherence
envelope after Fourier transform. Spectral shaping [102] and apodization were therefore performed
to suppress the sidelobes as well as the noise floor.
The spectral shaping was done by multiplying the interferograms 𝑆†‡ˆ (𝑘) a shaping factor
𝐹™‡ 𝑘 = 𝑆¶µ (𝑘) 𝑆(𝑘) prior to the inverse Fourier transform. 𝑆¶µ (𝑘) is an ideal Gaussian function
that best fits the raw reference spectrum 𝑆(𝑘).
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Figure 3.10 (a) Spectral shape correction and apodization effects on the source spectrum. (b) The suppression
of sidelobes and noise floor of the axial PSF after applying Tukey window (𝑟 = 0.25) for apodization.

In order to preserve the broad bandwidth of the spectrum, a tapered cosine window, a.k.a. Tukey
window (with a ratio r of 0.25), was applied for apodization. The Hann window was avoided in
this case, since it washed out about one-third of the bandwidth causing broadening of the axial
PSF as depicted by Figure 3.10 (a). Mathematically, a N-point Tukey window is defined as [103]:
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(3.6)

where the parameter r is the ratio of cosine-tapered section length to the entire window length with
0 ≤ 𝑟 ≤ 1. In Figure 3.10 (b), we can see that after applying spectral shaping and apodization, the
sidelobes and noise floor around the axial PSF are suppressed significantly, while both the FHWM
bandwidth of the spectrum and the PSF are preserved.
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3.3.2 Dispersion compensation
For each A-line spectrum, digital dispersion compensation was further performed to improve the
sharpness of axial PSF. Although it is possible to balance the dispersion of the two interferometer
arms optically by introducing dispersion compensation glasses, it is much easier to implement in
software.
Dispersion mismatch between the reference and sample arms introduces an extra phase 𝜃(𝑘) to
the complex cross-correlation signal 𝑆†‡ˆ (𝑘) with respect to the wave vector k. The relation
between the phase 𝜃(𝑘) and the dispersions can best be described by a Taylor series expansion
with respect to the central wave number 𝑘G as [104]
¼

𝜃A 𝑘 =
ABG

1 𝜕A 𝜃 𝑘
𝑛! 𝜕𝑘 A

𝑘 − 𝑘G A .

(3.7)

The zero- and first- order of the Taylor series represent a constant and a linear phase shift,
respectively, which do not contribute to the dispersive broadening. The nonlinear terms, on the
contrary, are related to the broadening, and can be corrected by multiplying a phase term
exp −𝑖Θ(𝑘) , where Θ 𝑘 =

¼
ABD 𝑎A

𝑘 − 𝑘G

A

contains the nonlinear terms, to the real cross-

correlation signal 𝑆†‡ˆ (𝑘) . The coefficients 𝑎A can be determined by interpolation of the
unwrapped phase curve ∠𝑆†‡ˆ (𝑘) of the complex signal 𝑆†‡ˆ (𝑘) , generated based on an
interferogram with high fringe visibility, i.e., with two perfect reflectors placed in the reference
and sample arms. There are mainly two ways to construct the complex signal 𝑆†‡ˆ (𝑘): from the
Hilbert transform of the real cross-correlation signal 𝑆†‡ˆ (𝑘) [104], or from the inverse Fourier
transform of FT 𝑆†‡ˆ (𝑘) with its complex conjugate component removed [57]. In our case, we
used the latter method to construct the complex signal, and found the phase correction up to the
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third-order was sufficient. Finally, the corrected spectrum Re 𝑆†‡ˆ (𝑘) exp −𝑖Θ(𝑘) is used for
the inverse Fourier transform to generate the OCT B-scans.

3.4 System characterization
3.4.1 Noise characterization
The relatively high excess noise associated with the supercontinuum sources has been a concern
for their feasibility in OCT applications. As discussed previous in Chapter 2, the main contribution
of the noise in the OCT image stems from the power delivered by the reference arm, considering
the scattered signal from the biological samples is usually negligible. According to (2.13) to (2.15),
for SD-OCT systems, the total photoelectron noise detected by a single spectrometer pixel is
expressed as

D
D
D
𝜎 D = 𝜎‘’
+ 𝜎“h
+ 𝜎”“•
= 𝑛– +

Π D + 1 𝜏coh
𝑁 𝑛–
2
𝜏

D

D
+ 𝜎”“•
,

(3.8)

where 𝑛– is the averaged number of photoelectron read by the detection unit, 𝜏 is the integration
time of the detector, 𝜏coh is the coherence time of the light source, N is the number of pixels, and
Π is the degree of polarization. Since the actual pixel value 𝑃𝑉(𝜆) is linearly related to the
photoelectron 𝑛– by a constant camera gain K (number of electrons per analog-to-digital unit) as
𝑛– = 𝐾 ∙ 𝑃𝑉(𝜆), it can be used to quantitatively study the total noise of the system. Experimentally,
the total noise 𝜎 D of a single pixel can be measured as the variance of the 𝑃𝑉(𝜆) from multiple
measurements with only the reference power.
We took 1000 spectra to measure the total noise of the SC source generated at the central
wavelength 𝜆G = 840 nm, and compared it with the noise measured from an SLD source with the
same center wavelength (840nm) and FWHM bandwidth of 45nm (INPHENIX, IPSDD0808). A
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bandpass filter at 840 nm (Thorlabs, FB840-10) was placed in the reference arm to generate
comparable spectra from the two different sources, and a continuously variable neutral density
filter (Thorlabs, NDC-50C-4-B) was employed to control the peak pixel value to different levels.
Before the optical power was turned on, the dark counts were first recorded. The variance of the
dark counts, dominated by receiver noise of the detector, served as a ground noise. All the other
measurements were plotted with ground noise subtraction. For all measurements, both SC and
SLD were driven at their highest power levels, and the detector integration time or exposure time
𝜏 was set to the maximum value for a certain line period 𝜏Ä , i.e., 𝜏 ≈ 𝜏Ä = 1 𝑓Å´œ•“ , where 𝑓Å´œ•“
denotes the A-line rate.

Figure 3.11 (a) The peak intensity variances of SC source with respect to the mean peak intensity level
measured at 70kHz (red cross), 32kHz (red circle), and 10kHz (red star) line rate, with comparison to the SLD
source at 70kHz (blue cross) and 32kHz (blue circle). (b) The noise floors in the A-line profile for SC and
SLD sources at different line rates with the pixel value of the spectral peak set at 50% of the saturation level,
respectively. One-thousand A-lines were averaged to show a clear noise floor.

As seen from Figure 3.11(a), in general, the PV variance increases with the mean PV for both
sources, and the SC source exhibited higher intensity fluctuation compared with the SLD. At a
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fixed PV level, the decrease of intensity fluctuation of the SC source at lower line rate (longer
integration time) may suggest an excess-noise dominant behavior, according to (3.8). In contrast,
the noise of SLD almost stays constant at different A-line rates when the averaged PV was below
70% of the saturation level, manifesting a shot-noise dominant behavior within that power regime.
Above 70% of the saturation level, the excess noise seems to start to play a role in the SLD source
as well. Furthermore, it was also noted that at a line rate of 10 kHz, the intensity fluctuation of the
SC source was almost comparable to that of the SLD, especially at lower PV levels. This suggests
that the noise behavior of SC may approach shot noise limit at longer integration time.
To further understand the impact of the additional noise source from the SC on the OCT image
quality, the Fourier domain analysis of the fluctuation in the raw spectra were performed following
the method proposed by Brown et al [88]. Again, one-thousand spectra were acquired with
reference power only for both light sources, but this time without the bandpass filter. All A-line
profiles were obtained with only background subtraction, and averaged to show a clear noise floor.
The power delivered to the spectrometer was controlled by using the variable attenuation filter, so
that the pixel value of the spectral peak was maintained around 50% of saturation level at different
integration time settings. As shown in Figure 3.11(b), the noise floor of SLD barely changed at
different line rates, which was consistent with the measurements in Figure 3.11(a) as well. On the
other hand, it was possible to bring down the noise floor of SC source by lowering the line rate or
equivalently increasing the integration time. The baseline of the SC noise floor was 5dB higher
than that of SLD owing to its larger bandwidth. At 32kHz line rate, the SC noise floor was around
8 dB higher than that of SLD near the DC term, which is due to the presence of intensity noise. It
will reduce the dynamic range of detection, but won’t have too much impact on the image contrast.
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3.4.2 Axial resolution, 6-dB sensitivity fall-off range and sensitivity
The axial resolution was defined as the FWHM of the coherence envelope, obtained by inverse
Fourier transform of the interferogram taken with a single reflector at the focal plane of the sample
arm. Figure 3.12(a) shows a typical axial PSF at 205 µm path difference after background
subtraction. No spectral correction or apodization was performed. The spectrum was zero-padded
to 4-fold original length to increase the Fourier transform resolution. The Gaussian-fitted FWHM
of the measured PSF was read as 2.72 µm, which was in accordance with the theoretical value of
2.68 µm for the measured bandwidth of 116nm. After spectral shaping and apodization, the axial
PSF was measured to be 2.74 µm.
Figure 3.12(b) shows axial PSFs at difference depths by moving the reference mirror in the upper
panel. The 6dB roll-off range is measured to be around 0.89 mm (dashed red line). In the lower
panel, the axial PSFs were plotted in dB scale, shifted by -113.72dB to compare with the theoretical
prediction (dashed blue curve) of the sensitivity fall-off behavior based on the model described by
(2.20). We can see that the measured fall-off range fits well with the model. And the parameter w
of the model was fitted to be around 1.1, leading to an FWHM spectral resolution 𝛿 𝜆 = 1.1 ∙
𝛿? 𝜆 ≈ 0.11 nm, which was slightly worse than the simulation of the spectrometer optics as shown
in Figure 3.7, likely due to the alignment errors of the focusing lenses system.
The SNR of the system was calculated as the difference between the peak amplitude in the depth
profile and the averaged global noise floor between 150µm and 170µm under the peak as indicated
in the lower panel of Figure 3.12(b) [55, 105]. The sensitivity of 93.2 dB was read as the sum of
the maximum SNR (63.2 dB) and 30dB (OD = 1.5) signal attenuation in the sample arm with 1.2
mW incident on the perfect reflector at the line rate of 70 kHz with 800 A-line averaging. It should
be noted that the sensitivity obtained using the above method is associated with the dynamic range
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of the detector, but not related to the actual sensitivity defined in (2.18). The actual sensitivity
should be measured as the total attenuation of the sample arm power (in dB) when the signal
reaches the noise floor by using an attenuator in the sample arm. However, because the noise floor
of the SC source was about 10 dB higher than that of the SLD at 70 kHz A-line rate, the measured
sensitivity of 93.2 dB should be a fair estimation of the sensitivity of the system.

Figure 3.12 (a) Measured axial PSF and Gaussian fitted profile. (b) Top panel: sensitivity fall-off measurement.
The 6dB falloff range was measured to be 0.89 mm. Bottom panel: The measured sensitivity fall-off in dB
scale, compared with the theoretical model described by (2.20).

3.4.3 Lateral resolution and field of view calibration
In Section 3.2.2, the theoretical resolution of the system was estimated to be 4.86 µm, obtained
based on the ZEMAX simulation of sample arm optics using lateral resolution definition described
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in (2.8). To experimentally verify the lateral resolution, one 3D OCT volume, comprised of
800×800 pixels laterally covering an area of 3 mm×3 mm, was acquired from the USAF1951 target
by scanning the focused beam over the target surface. The calibration pattern can be read out from
the en face image of the top of the target, as presented in Figure 3.13(a). And the lateral resolution
is defined as the resolving power of the last resolvable group. After analyzing the image, the last
resolvable group was identified to be group 6-4, of which the 5-pixel averaged profiles of the
horizontal and vertical line groups were illustrated in Figure 3.13(b). It suggests a lateral resolution
of 5.52µm, which was consistent with the theoretical prediction as well.

Figure 3.13 Lateral resolution calibration with an USAF1951 target. (a) An averaged en face image generated
from a 3D OCT volume by extracting the orthogonal slices with respect to the depth direction. The inset shows
a zoom-in view of group 6 and 7. The last group with distinguishable line group (group 6-4) was highlighted
in the yellow box. (b) The averaged pixel profiles extracted across the horizontal (blue dashed line) and
vertical (red solid line) bars of group 6-4. (c) Lateral FOV calibrated by a ruler. The physical length of the
ruler is 3 mm.
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The lateral FOV was calibrated using a standard ruler. As we can see in Figure 3.13(c), the scan
range covers about a physical distance of 3 mm laterally. For an F-theta scan lens, the lateral FOV
can be considered linear with respect to the scan angle 𝜃 = 𝛼 ∙ 𝑉, where 𝛼 is a constant (deg/V),
if the angle is a small. The voltage signal 𝑉 of the galvo scanner can be thus calibrated, based on
the lateral scan pattern over the ruler.

3.4.4 Image contrast
The image contrast, known as the Michelson contrast C, was defined as following

𝐶=

𝐼fgh − 𝐼fœ•
,
𝐼fgh + 𝐼fœ•

(3.9)

with 𝐼fgh and 𝐼fœ• representing the highest and lowest intensity in the image. A single B-scan of
a stack of tapes was used to measure the image contrast, as shown in Figure 3.14(a) and (b). The
image was displayed in logarithmic scale. Single A-line was extracted by averaging 20 lateral
pixels, where 𝐼fgh = 83.76 and 𝐼fœ• = 28.16 were taken from the intensity value of the top layer
of the tape stack and that of the background right after the bottom layer respectively as indicated
in Figure 3.14(b). The image contrast was calculated to be 0.49.
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Figure 3.14 (a) Single B-scan of a stack of tapes. Averaged A-line across 20 lateral pixels (red box) was shown
in (b). The signal strength at the top layer of the tape stack and the background below the bottom layer was
used for contrast calculation.

3.5 Discussion
3.5.1 System design, calibration and signal processing
SD-OCT is known to have sensitivity advantage over its time-domain counterpart by dispersing
the signal onto N-pixel detection channels to effectively reduce the noise equivalent bandwidth.
However, the finite spectral sampling interval and spectral resolution ultimately limit its feasibility
for long range imaging, due to the fall-off of sensitivity along the depth. We showed that it is
possible to make a low-cost Cooke triplet lenses system using off-the-shelf spherical lenses with
optimized optical performance to meet the requirement on both bandwidth and spectral resolution.
There are several advantages to choose the modified Cooke triplet configuration. The diversity of
the spherical singlets makes it possible to tune the effective focal length of the lenses system as
well as the spectrometer bandwidth when compared with a single achromatic lens or an achromatic
doublet. On the other hand, the triplet design can produce a flat focal plane with optimal focusing
performance for a wide field of view. This is desired for spectrometer since the grating will
angularly disperse the wavelengths to different field angles before entering the lens. By carefully
choosing the lenses of the triplet, it is possible to provide the required bandwidth coverage with
considerably good spectral resolution. One drawback of the presented design was its bulky
package since the total axial length was longer than 10 cm. This was mainly caused by the choice
of the rear positive lens. Theoretically, the lenses system can be made more compact if the
thickness and diameter of the rear lens were more constrained.
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Proper spectrometer calibration is required to maintain a relatively constant PSF over the depth
and desired sensitivity fall-off range. We showed that the pixel assignment of the spectrometer
was calibrated into linear-k distribution by simply translating the reference mirror without need of
any additional equipment. Because of the noise on top of the extracted phases, the phase difference
was further fitted by a third-order polynomial to be used as the lookup table 𝑛µ . Other calibration
methods such as utilization of standard narrow spectral line emission from calibration lamps [82]
and iteration-based numerical calibration [106] can also be applied to achieve the same results.
Because the customized spectrometer only covers 10-dB bandwidth of the source spectrum, it was
necessary to apply apodization to suppress the sidelobes excited by discrete Fourier transform.
While Hann window excels in sidelobe suppression, it also results in a broadened axial PSF in the
depth profile and thus degrades the system capability of ultrahigh resolution imaging. A tapered
cosine window (Tukey window) with optimized setting was efficient in terms of bandwidth
preservation as well as sidelobe suppression, and was thus adopted as an alternative option. Ideally,
the spectrometer range could be designed to accommodate the full source spectrum, so that
apodization using Hann window may be more efficient. Nonetheless, it will compromise the
imaging depth and probably shrink the sensitivity fall-off range by increasing the spectral sampling
interval. Another way to accommodate the full spectrum is to use longer line sensor with more
pixels, which necessarily accompanies higher cost.
The designed spectrometer has 2048 pixels to cover 200 nm bandwidth, achieving an imaging
range of 1.78 mm with 6-dB falloff range of 0.89 mm. It should be noted that the actual bandwidth
(~116nm) resolved on the spectrometer was narrower compared with that of the input source
spectrum (>170nm). It can be contributed to the lower throughput of the focusing lenses at the
band edges, as well as the limited bandwidth of the single mode fiber. In principle, the current
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axial resolution of 2.74 µm can be further improved by expanding the FWHM bandwidth on the
line detector with a better focusing lenses design, or by interfacing with the supercontinuum source
in free space rather than through the single mode fiber.

3.5.2 Noise performance
The broadband supercontinuum light source enables UHR OCT with Gaussian-shaped spectrum
and high power delivered in single mode. The broader bandwidth also provides new opportunities
for functional extensions of the OCT system, such as spectroscopic OCT. However, the relatively
high intensity fluctuation associated with the SC generation remains a concern for their feasibility
in high-speed OCT applications. We experimentally evaluated the noise of the SC-based system,
and compared with that of the SLD-based system. The SC source exhibits higher noise level than
SLD, whereas increasing the integration time and controlling the reference power can efficiently
suppress the noise of SC source. Specifically, the noise on the single detector unit can be brought
marginally beyond the shot noise limit when the A-line rate was down to 10 kHz with the reference
power well controlled below 50% of the pixel saturation. Moreover, at 32 kHz A-line rate with the
peak reference power set at around 50% of the pixel saturation, the noise floor of a broadband SC
source in the Fourier domain (spatial domain) was 13 dB higher than that of a narrow band SLD
source, of which 5 dB was contributed to the wider bandwidth. We expect an 8-dB degradation in
sensitivity should be acceptable for most of biological imaging application. Similarly, Yuan et al
also suggested a similar operation strategy for controlling the SC noise in OCT application [92].
Even though the noise performance of the SC source still requires improvement to reach the shotnoise limited regime, the current state-of-art SC source is feasible for OCT imaging. Brown et al.
[88] also pointed out that it was possible to improve the OCT image contrast by moving the image
area away from the higher part (close to DC) to the lower part of the noise floor, which was referred
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as the extended depth imaging (EDI) technique. A-line or B-scan averaging can further enhance
the image contrast as well.

3.6 Conclusion
We present an UHR SD-OCT system with low-noise SC source that has an axial resolution of 2.72
µm and a lateral resolution of 5.52 µm in air. We designed a customized spectrometer with 200
nm wavelength range to accommodate the spectrally shaped supercontinuum output with FWHM
bandwidth of 116 nm centered at 840 nm. The imaging range of the system was 1.78 mm and 6dB sensitivity falloff range of 0.89 mm was demonstrated. The optimal design and proper
calibration of the spectrometer enabled high axial resolution with a long imaging range and a
sufficient 6-dB fall-off range. The sensitivity of the system was measured to be 93.2 dB at the
maximum A-line rate. The noise of the SC source was studied extensively, and an optimal imaging
protocol (32kHz line rate, with peak reference power set between 30% to 50% of pixel saturation
level) was proposed to suppress the noise level in the OCT image when using the SC source.
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Chapter 4 UHR OCT imaging of human
myocardium
4.1 Introduction
Cardiac diseases are among the leading causes of morbidity and mortality globally. During the
progression of heart disease, microstructural heterogeneity within myocardial tissue could lead to
an increased risk of life-threatening cardiac diseases such as ventricular arrhythmias and heart
failure [107, 108]. Visualization of the features in the endomyocardial layer may shed light on the
correlations between the microstructural and functional changes in the tissue, which are important
for guiding diagnostic procedures and clinical treatment such as reverse remodeling therapy [109],
radiofrequency ablation [110, 111], and endomyocardial biopsy (EMB) [8, 21]. In particular, EMB
is still the most frequently used method for surveillance of cardiac allograft rejection and for the
diagnosis of unexplained ventricular dysfunction, despite of its controversy [8]. The main reason
is that most of the well-established medical imaging modalities (magnetic resonance imaging [12],
echocardiography [13], and computed tomography [14]) do not have sufficient resolution to
provide cellular level assessment of the myocardium, which biopsy can otherwise provide. Optical
coherence tomography (OCT) is a high-speed, non-destructive imaging tool that is able to produce
cross-sectional and three-dimensional images with cellular or subcellular axial resolution within
millimeter scale penetration depth of biological samples and has been applied in a wide range of
medical imaging applications [1, 112]. Especially, with the state-of-art broadband light source, the
axial resolution of the OCT systems can be brought down to 2 µm or even less in tissue [22, 75].
This opens the door for “optical biopsy” of the myocardium.
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In this chapter, we present the first demonstration of UHR OCT endomyocardial imaging. We used
the UHR OCT system described in Chapter 3 to examine the myocardium specimens from fresh
human and swine hearts. Cross-sectional OCT images and 3D volumes were acquired ex vivo on
the cardiac tissue specimens from different chambers of the hearts. Analysis of haematoxylin and
eosin (H&E) as well as trichrome slides showed that with increased resolution and contrast from
the UHR SD-OCT system, features such as elastic fibers, Purkinje fibers, and collagen fiber
bundles were observed, which were otherwise not shown in our previous work using 1300 nm
system. Correlation between the structural information provided by the OCT images and tissue
pathology was also discussed.

4.2 Experimental procedures
4.2.1 Imaging protocol
Three-dimensional OCT data sets were generated from cardiac tissue of human hearts and swine
hearts ex vivo. Human hearts (n = 7) were acquired from the National Disease Research
Interchange (NDRI) protocol within 24 hours of donor death, and swine hearts (n = 15) from Green
Village Packing Company (Green Village, NJ). The inclusion criteria for the first NDRI protocol
are based on the following diagnosis: end stage heart failure, cardiomyopathy, coronary heart
disease, and myocardial infarction. The averaged age of the human donors was 54, with medical
history such as cardiomyopathy, hypertension, and heart failure. Upon delivery, heart samples
were dissected into five parts: left atrium, right atrium, left ventricle, right ventricle, and ventricular
septum. Tissue wedges were excised from each part and imaged immediately from the
endocardium side respectively. All measurements were taken within 48 hours of the donor’s death,
with the incident power of 18mW on the sample at a line rate of 32 kHz. The reference power was
set around 30~50% of the pixel saturation level. These settings were identified to achieve a
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balanced performance regarding the image contrast, system noise and autocorrelation artifacts.
The UHR-OCT dataset was compromised of 800×800×1024 pixels to cover a 3D volume of
3mm×3mm×1.78mm.

4.2.2 Histology
The histological slices were prepared in the same orientation as a single B-scan. The thickness of
each slice was set to be 3µm. Masson's trichrome and H&E stains were used for histological
processing. For each specimen block, 6 levels were generated to match the OCT images. All the
histology slides were scanned by Leica SCN400 slide scanner with 40X magnification. The
digitized slides were analyzed using ImageScope (Leica).

4.3 Results
4.3.1 Image comparison

Figure 4.1 Contrast comparison between the B-scan images of the swine heart right ventricular septum
acquired from (c) the UHR OCT system at 32 kHz line rate and (d) Thorlabs Telesto system at 28 kHz line
rate respectively. Four consecutive B-scans were averaged to show a clear image. Scale bar: 200µm. Inset
scale bar: 100µm.

The superior resolution as well as image contrast produced by the ultrahigh resolution system at
800 nm was demonstrated by comparing the two OCT B-scans taken on a tissue specimen from
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swine heart right ventricular septum in Figure 4.1 from two OCT systems: The customized UHR
SD-OCT system (Figure 4.1(a)) and Thorlabs Telesto I system at 1300 nm (Figure 4.1(b)). The
Thorlabs system has an axial resolution of 6.5 µm and lateral resolution of 15 µm in air, and
imaging speed was set at the video rate (28 kHz). The contrast of both images was adjusted for
visualization purpose. More detailed structures in and under the endocardium layer were captured
by the UHR OCT image, compared with the standard resolution image. In the UHR image,
however, the penetration depth was limited due to higher scattering loss at shorter wavelength (800
nm), and higher noise floor was also noticeable around the DC region, which is due to the excessive
noise produced by the broadband SC light source.

4.3.2 Ex vivo UHR OCT characterization of microstructures in human myocardium
Figure 4.2 shows different microstructural features in human myocardium in (a)–(d) and swine
myocardium (e)–(f) revealed by the UHR OCT images in comparison to the corresponding H&E
slides. Collagen fiber bundles are primarily dense and long, and run without branching, while
elastic fibers are loose and branched frequently [113]. In the UHR OCT images as Figure 4.2 (a),
(c), and (e), the top collagen fiber layer is delineated by higher intensity of back-scattered signal,
and the elastic fibers (Figure 4.2 (c)) are more branched with less contrast. The honeycomb like
tissue found in Figure 4.2 (a) is adipose tissue. Normal hearts rarely have adipose in the
myocardium, while higher occurrence of mature adipocytes were reported to have associations
with healed myocardial infarction [114]. It should also be noted that the endocardium layer of the
human heart is generally thinner than that of the swine heart. The endocardium layers in Figure
4.2 (a) and (c), however, show a thickened appearance which could correspond to some specific
types of pathology, such as endocardium fibroelastosis, subendocardium fibrosis from ventricular
dilation. Moreover, the H&E slide in Figure 4.2 (d) shows possible diffused fibrosis in human left
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ventricular septum. The Purkinje fiber are present in the subendocardium as indicated in the UHR
OCT image in Figure 4.2 (e). It is well correlated with corresponding H&E histology slide as in
Figure 4.2 (f), where Purkinje fibers are stained with a paler pink color. The contours of the
Purkinje fiber bundles are clearly captured by the UHR OCT image. Further on, en face images
were generated parallel to the top interface with a pixel-offset d along depth, to map the different
structures in the en face plane. We can see that different tissue types are also clearly revealed in
the en face plane.

Figure 4.2 UHR OCT images (a) (c) (e) in comparison with corresponding histology slides (b) (d) (f). The
images were acquired from (a)–(d) left ventricular septum of human hearts and (e)–(f) right ventricular septum
of swine heart. B-scan average: 4. Scale bar: 100µm. Insets: en face images taken parallel to the top surface
with a pixel-offset d in depth. (a) d = 51 (b) d = 31 (c) d = 30. The dashed lines indicate the lateral location
of each B-scan. En face image scale bar: 200µm.
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One typical 3D UHR OCT volume generated from the human right ventricular septum was
presented in Figure 4.3 (a). Based on our previously reported surface detection algorithm [115], a
series of en face images were extracted parallel to the tissue surface along the axial direction. As
seen in Figure 4.3 (b)–(d), features such as collagen fiber bundles (Figure 4.3 (b)), adipose tissue
(Figure 4.3 (c)), and myofibers (Figure 4.3 (c)–(d)) are visualized from individual en face images
at different depths. Especially, the non-uniform change of myofiber tract orientation can be noticed
from different en face images along the depths. This may be the cause of the irregular birefringence
artifacts that frequently appeared in the UHR OCT B-scans of human myocardium, which will be
discussed in the next section.

Figure 4.3 (a) 3D visualization of UHR OCT volume taken from the right ventricular septum of human heart
(movie). (b)–(d) En face images parallel to the top surface of the 3D volume from top to bottom. The intensity
was normalized for each en face image for visualization. (b) Collagen fiber bundles; (c) mixture of adipose
tissue and myofibers; (d) myofibers. Scale bar: 250µm.

4.3.3 Birefringence artifacts of UHR OCT images
The polarization state as well as the optical path of incident light is altered after passing through
the biological tissues that manifest optical birefringence, and cause the birefringence artifact to
occur in the OCT images. The appearance of the birefringence artifact, on the other hand, may
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provide qualitative information on tissue property. For example, two UHR OCT images in Figure
4.4 (a),(d) were taken from the right ventricular septum of a human heart sample with presence of
the chordae tendineae as depicted in the corresponding trichrome slides shown in Figure 4.4 (b),(e).
The chordae tendineae are mainly composed of bundled fibrous tissue that also manifests optical
birefringence. The birefringence artifact in the chordae tendineae manifests a “double band”
appearance due to the high retardation induced by the dense collagen fiber bundles, while in the
myocardium it appeared as a “single band”, indication a slower retardation induced by the bundled
cardiomyocytes. Moreover, the trichrome stain also captured the fibrosis regions in both slides.
When light interacts with the disorganized collagen in the fibrosis region, it quickly gets
depolarized and thus the birefringence artifacts disappear, causing disruption in the otherwise
continuous “band”. The heterogeneity in the myocardium was successfully depicted in the UHR
OCT images, yet not quite pronounced in corresponding H&E slides as in Figure 4.4 (c) and (f).

Figure 4.4 The appearance of birefringence artifact may provide qualitative information regarding tissue
content. (a), (d) UHR OCT images of the right ventricular septum of a human heart sample. The birefringence
artifact showed different appearance in the chordae tendineae as compared to that in the myocardium. The
disruption of the band indicated the heterogeneity (fibrosis) in the myocardium. (b),(e) The corresponding
trichrome stain slides. (c),(f) The corresponding H&E stain slides. Scale bar: 100µm.
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As discussed earlier, normal myocardium contains well-aligned bundles of cardiomyocytes with
homogeneous distribution [116]. Without controlling the polarization of light, OCT images will
be susceptible to birefringence artifacts, and limit the penetration depth of the signal. To minimize
the impact of the birefringence artifact on the penetration depth in the normal myocardium, we
introduced a half wave plate into the sample arm to control the alignment of the polarization state
of incident light with respect to the underlying myocardial fiber orientation. No noticeable change
was found in either the bandwidth or the axial resolution after inserting the half-wave plate to light
path. The results were shown in Figure 4.5. Initially, the fast axis of half wave plate was set to 0
degrees, and the birefringence artifact was recognized as a black “band” in the OCT B-scan of
tissue specimen from the right ventricular septum of swine heart (Figure 4.5 (a)). By rotating the
fast axis of half wave plate to 20 degrees, it was possible to shift the “band” downwards (Figure
4.5 (b)). Especially, we extracted the A-line profile averaged across 20 transverse pixels at the
same location (marked) in both OCT B-scan images in Figure 4.5 (c). We can see that the signal
attenuation due to birefringence is mediated and the signal penetration is thus extended. The
maximum penetration depth was measured to be 0.42 mm.

Figure 4.5 Penetration depth and signal attenuation with respect to incident polarization state alignment. (a)
Fast-axis of half-wave plate was set to 0 degree. (b) Fast-axis of half-wave plate was set to 20 degrees. (c) 20pixel averaged A-line profiles taken at the regions marked with arrows in (a) and (b). Scale bar: 100µm.
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4.4 Discussion
For normal human heart tissue, the endocardium layer is between 7µm to 20µm in thickness,
mainly comprised of dense collagen fibers, loose connective tissue and squamous epithelial tissue.
Therefore, the axial resolution of the UHR-OCT system (1.9 µm in tissue with n=1.4) is sufficient
the endocardium, myocardium, and visualizing changes due to remodeling. Due to the superior
axial resolution and stronger backscattering of light with shorter wavelength, different tissue
contents such as collagen fiber bundles and adipose tissue in the myocardium were well depicted
in the images produced from UHR SD-OCT system. Moreover, it successfully delineated
microstructural features such as Purkinje fibers in the endomyocardial tissue, which were
otherwise buried in the images produced by the conventional 1300 nm OCT system. Delineation
of these features can add valuable information for tissue classification algorithms to facilitate
automated image analysis [117] in the high-speed data acquisition scenario. UHR-OCT imaging
of myocardium also allows visualization of the macroscopic structural information of the tissue
content, which may correlate with the function of the myocardium. Collagen fiber bundles are
responsible for the mechanical integrity of many organ systems [118, 119], and can be resolved in
the UHR-OCT images of the human and swine myocardium. However, sub-cellular assessment of
microstructures, such as imaging individual collagen fibers, will require imaging modalities with
higher optical resolution such as dark-field and/or SHG microscopy [120-122]. Although images
from the UHR OCT system may not reach the resolution of standard confocal microscopy and the
contrast may be compromised due to higher noise floor associated with SC generation, it is capable
to provide a wealth of information for in vivo real-time imaging, addressing a need that is not
currently covered by standard medical imaging modalities.
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Figure 4.6 (a)–(b) Irregular polarization dependent bands showed in the UHR OCT images of tissue specimen
taken from the right ventricular septum of human hearts. This may be associated with the heterogeneity in the
tissue composition. (c) UHR OCT image of the right atrium of human heart. Thick collagen layer depolarizes
the light as it passes through the tissue and no birefringence artifact was shown. Scale bar: 100µm.

The structural anisotropy of the myocardial tissue is responsible for the birefringence artifact
appearing in the myocardium. In healthy swine hearts, the cardiomyocytes are well aligned and
the birefringence band was expected to be uniform, while in human hearts from donors of
previously diagnosed cardiovascular diseases it appeared to be disrupted. Figure 4.6 (a)–(b) shows
some examples of irregular birefringence bands in the human right ventricular septum. The
irregular appearance of the bands may be associated with differentiation in the myocardial fiber
sheets, non-uniformity of local myocardial fiber orientation, and/or heterogeneity in the
myocardium, details of which should be further investigated using functional OCT imaging such
as PS-OCT. Moreover, the endocardium thickness was also expected to have correlations with the
polarization state of the light. For the normal heart where the endocardium layer is very thin, the
collagen impact on the polarization state of light can be ignored. However, in the progression of
some heart diseases, the collagen content within the myocardium can increase, and a thickened
endocardium appearance may suggest a sign of fibrosis. As a result, the increase of collagen fibers
may eventually depolarize the light and cause a disappearance of the birefringent artifact. For
example, Figure 4.6 (c) shows the thickened endocardium layer in the right atrium of a human
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heart with high collagen content. The disappearance of the birefringence artifacts in the
myocardium may be attributed to the depolarization of light after multiple elastic scattering in the
disorganized collagen fibers or the reduced signal penetration suffered from high scattering loss.
Last but not the least, our previous work on near infrared spectroscopy has shown that this window
has spectra differences for important chromophores in cardiac tissue such as hemoglobin,
myoglobin, lipid, and water [110]. Due to the rich spectroscopic information contained in the 800
nm regime, functional extension of the standard OCT imaging, such as spectroscopic OCT, will
be beneficial as well.

4.5 Conclusion
We employed the UHR SD-OCT system for myocardial imaging. Cross-sectional images and 3D
volumes were acquired ex vivo from the endocardium side on tissue specimens of fresh human and
swine hearts. Analysis of H&E and trichrome slides showed that with the increased resolution
provided by the UHR OCT system, fine features such as elastic fibers, adipose, Purkinje fibers,
and collagen fiber bundles were successfully delineated. Moreover, polarization related features
may provide additional information on tissue composition and can be potentially used for
pathological assessment as well. UHR OCT images provided rich structural information of the
myocardium, and can be potentially employed to study the structure and function relation in the
myocardium.
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Chapter 5 Cross-polarization OCT imaging of
human myocardium
5.1 Introduction
Garnering the knowledge of myocardium’s structure and tissue composition is crucial for
understanding the heart’s mechanical and electrical function. In clinical settings, the myocardium
is assessed by various techniques, including histological analysis of endomyocardial biopsy (EMB)
or autopsy samples, and non-invasive imaging modalities such as cardiac magnetic resonance,
echocardiography, and computed tomography [123]. EMB can provide more accurate information
about the myocardium, and is currently the gold standard for transplant rejection monitoring, as
well as prognosis and treatment of some specific myocardial disorders like unexplained ventricular
arrhythmias and heart failure [21]. During EMB, multiple biopsy samples, typically 1~2 mm in
depth, are taken from the right ventricular septum on a routine basis [21]. However, this destructive
procedure has been shown to be associated with clinical complications, potential long term
sequelae, and importantly, may suffer from sampling artifacts in the case of focal diseases [124].
On the contrary, most non-invasive imaging modalities have low resolution and some may require
a long imaging duration. Therefore, there is a need to develop new tools to assess myocardial
substrates with high resolution.
As a high-resolution, high-speed and non-destructive imaging modality, optical coherence
tomography (OCT) has been demonstrated in myocardial imaging in both ex vivo [115, 125-132]
and in vivo settings [133-135], and holds promise to be translated to clinics [136, 137]. It has been
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demonstrated that structural features like the myofiber orientation of the myocardium can be well
identified by using only the intrinsic OCT intensity contrast [115, 125, 126, 137]. By increasing
the resolution of the system, more features in the myocardium like Purkinje fibers may be unveiled
in the intensity contrast [127]. A recent study has shown that high resolution OCT images can
contribute to an improved classification outcome [40]. Recently, we have developed an automated
classification algorithm for human endomyocardial OCT images, in which thickened endocardium
and adipose tissue could be well identified [138]. However, the identification accuracy of
myocardial fibrosis is less satisfactory due to high similarity in intensity and texture between
normal myocardium and fibrotic myocardium. Figure 5.1 illustrates the similarity of the standard
OCT B-scans of fibrotic myocardium (Figure 5.1 (a) and (b)) and normal myocardium (Figure 5.1
(c) and (d)). It is very challenging to differentiate the fibrotic myocardium from normal
myocardium solely by using the intensity contrast. Therefore, inputs that can depict tissue
composition are still desired to further improve the efficacy of classification.

(a)

(b)

(c)

(d)

Figure 5.1 Comparison of myocardial fibrosis and normal myocardium by solely using the standard OCT
intensity contrast. (a),(b) Mason’s trichrome histology slide and the corresponding OCT B-scan of myocardial
fibrosis. (c),(d) Mason’s trichrome histology slide and the corresponding OCT B-scan of normal myocardium.
Scale bar: 200 µm.
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Polarization contrast could very well serve this purpose, since it is known that normal myocardium
manifests tissue birefringence. By using polarization sensitive techniques, it is possible to provide
additional polarization-based contrast for the structure and tissue composition of the myocardium
[129, 130, 139, 140]. Changes in the myocardial tissue composition may disrupt the normal
organization of myofiber bundles and thus reflected through the polarization contrast. This change
of the polarization contrast can be used for characterization of myocardial infarction [132] and
lesions created by radio-frequency ablation (RFA) [136, 140]. A few second harmonic generation
imaging studies on fibrotic myocardium have indicated that increased amount of entangled and
less orderly collagen fibers deposition was found within the myofibers, which may also result in
the interruption of the birefringence of the normal myocardium [120, 141]. Furthermore, disruption
of birefringence artifact within the intrinsic intensity OCT images was also observed when imaging
fibrotic myocardium by using a regular high-resolution SD-OCT system without polarization
selective detection [127]. These findings suggest that myocardium fibrosis may be differentiated
in OCT by seeking for polarization-based contrast [142].
As one of the polarization sensitive techniques, cross-polarization (CP) OCT system provides an
alternative way to access the tissue polarization properties in a simplified fashion. CP-OCT system
uses linearly polarized light to interrogate the sample, usually non-birefringent, and the loss of
polarized backscattering is analyzed by comparing the signal strength from cross-polarization and
co-polarization channels [143-146]. The loss of polarization, or depolarization effect, can be thus
used as contrast to localize depolarized particles presented in tissue. It is worth noting that for the
original CP-OCT system proposed by Schmitt et al [143], the measurements were taken by a single
detector in a time-multiplexed manner, where the reference arm was sequentially switched
between the co- and cross- polarization state with respective to that of the sample arm. CP-OCT
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systems using similar schemes have been applied in oral tissue characterization [144], bladder
cancer screening [145], atherosclerotic plaque assessment [147], and bio-film characterization
[146], in which its capability of qualitatively characterizing depolarization effect has been
demonstrated. However, the imaging speed was limited due to the switching, and tissue
birefringence property was not directly addressed in these CP-OCT systems.
In this chapter, we present a high-resolution (HR) cross-polarization OCT system that can provide
functional contrast of human myocardium in one-shot measurement. The system is implemented
based on our previously reported broadband supercontinuum source based ultra-high-resolution
OCT system with minimal modification. It features single-channel and one-shot detection: the
cross- and co- polarization channels are multiplexed with a depth separation in the OCT image.
The system has an axial resolution of 3.07 µm and a lateral resolution of 5.52 µm. The intensity
contrast together with the functional contrasts, including channel intensity ratio and cumulative
retardation, can be reconstructed by using the complex A-line information from the cross- and copolarization channels. Myocardium tissue specimens from fresh human hearts are imaged to
demonstrate the CP-OCT contrasts. We show that tissue polarization properties, including the
retardation and depolarization, can be qualitatively assessed by the CP-OCT system. By utilizing
the functional contrasts of fresh human myocardial tissues, the myocardial fibrosis can be
successfully differentiated from normal myocardium and acute ablated lesions. We also suggest
the possibility of using A-line features from the two orthogonal polarization channels to distinguish
normal myocardium, fibrotic myocardium, and ablated lesions. This may serve as a rapid and costefficient solution for assessment of myocardium and further facilitate automatic tissue
classification.
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5.2 Ultrahigh-resolution (UHR) cross-polarization (CP) OCT system
5.2.1 Schematic of the ultrahigh-resolution (UHR) CP-OCT system

Figure 5.2 Schematic of HR CP-OCT system. C: collimation lens, P: polarizer, NBS: non-polarized beam
cube, DCG: dispersion compensation glass, VA: variable attenuator, RM: reference mirror, SMF: single mode
fiber, QWP: quarter wave plate. The fast axis of QWP was aligned at 45 degree with respect to the input
polarization. Tissue samples are mounted on a 3-axis translation stage with rotating platform.

Figure 5.2 shows the schematic of the high-resolution CP-OCT system. It is constructed based on
the UHR system described in Chapter 3 [127], which features a supercontinuum source, and has
an axial resolution of 2.72 µm, a lateral resolution of 5.52 µm and a large imaging range of 1.78
mm, all in air. To transform it into a cross-polarization setup, the input supercontinuum source is
vertically polarized by a broadband polarizer (Thorlabs LPNIR050), and the reference arm is
splitted into two orthogonal polarization channels using a non-polarized beam cube (Thorlabs
BS011). To form the cross-polarization reference, an achromatic quarter wave plate (Thorlabs
AQWP05M-980) is inserted into one of the reference arm with its fast axis aligned at 45∘ with
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respect to the input polarization. The newly inserted optics are chosen to support broadband light
to maintain the original bandwidth of the light source. The two reference mirrors RM1 and RM2
are offset by a distance of 0.87mm in free space (equivalent to around 500 pixels) to optimize the
imaging range of a single channel while maintaining a good image quality.
Based on the optical setup, the signals detected by the cross- and co- polarization channels can be
reconstructed following the method adopted in PS-OCT techniques. The Jones matrix of a general
retarder of retardation δ and optic axis orientation θ can be written as [148]

cos D 𝜃 + sinD 𝜃 exp −𝑖𝛿
cos 𝜃 sin 𝜃 1 − exp −𝑖𝛿

𝐉 𝛿, 𝜃 =

cos 𝜃 sin 𝜃 1 − exp −𝑖𝛿
sinD 𝜃 + cos D 𝜃 exp −𝑖𝛿

,

(5.1)

where 𝛿 and 𝜃 represent the phase retardation and optic axis orientation, respectively. Assuming
the incident beam is linearly polarized at 𝑦 direction as 𝐄 = 𝛦G 0 1 Ì , the Jones vectors
representing the backscattered signals from the two reference arms before the beam cube can be
written as
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and at the exit of the interferometer, the Jones vector representing the reference arm signal becomes

𝐸
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(5.3)

denote the orthogonal polarized optical fields at the entrance of the spectrometer,

k is the wave vector, and 𝑧 Í , 𝑧

Ó

are the optical path lengths (single path) of the respective
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reference arm. Here, the mirror reflectivity is assumed to be 1, and 𝑑 = 𝑧

Í

−𝑧

Ó

is the single

path length difference between the two reference arms.
Similarly, the Jones vector of the backscattered sample beam 𝐄?A from depth 𝑧A at the exit of the
interferometer can be written as

𝐄?A =

=

=
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(5.4)

where 𝑅(𝑧A ) is the reflectivity at the imaging depth 𝑧A , and 𝛿 and 𝜃 now represent the cumulative
retardation and optic axis orientation from the sample surface to the imaging depth 𝑧A , respectively.
Since the two orthogonal polarization channels are multiplexed and detected by the single
spectrometer, the cross-correlation term of the OCT signal can be written as a summation of both
orthogonal channels as (5.5) [149]:

𝐼 𝑘 =

𝑆Í (𝑧A ) cos 2𝑘 𝑧A − 𝑧

Í

+ 𝜑Í (𝑧A )

A

(5.5)

+

𝑆Ó (𝑧A ) cos 2𝑘 𝑧A − 𝑧
A
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Í

+ 𝑑 + 𝜑Ó (𝑧A ) ,

where 𝑆Í (𝑧A ), 𝑆Ó (𝑧A ) are the cross-correlation strengths of the backscattering signals from the
sample depth 𝑧A and the respective reference arm, 𝜑Í (𝑧A ), 𝜑Ó (𝑧A ) are the phase terms of the signal
of the respective polarization channels.
After Fourier transform of (5.5), the depth dependent magnitude 𝐴Í 𝑧 , 𝐴Ó 𝑧 and phase
𝛷Í 𝑧 , 𝛷Ó 𝑧 of the two orthogonal channels can be extracted from the processed complex A-line
signals 𝐼Ù 𝑧 and 𝐼Ù¤ 𝑧 as below
𝐼Ù 𝑧 = 𝐴Í 𝑧 − 𝑧
𝐼Ù¤ 𝑧 = 𝐴Ó 𝑧 − 𝑧

exp 𝑖𝛷Í −𝑧 Í
Í + 𝑑 exp 𝑖𝛷Ó 𝑧 − 𝑧

Í

Í

+𝑑

(5.6)

The A-line information of the two channels can be well separated in the spatial domain if the offset
𝑑 between the two reference mirrors is large enough. Practically, because the limited penetration
depth in the myocardium for 800 nm light, the offset of 0.87 mm (500 pixels) is selected, which is
sufficient to avoid overlay of channel information in our study.
It should be also noted that it is difficult to fully polarize the originally unpolarized broadband
supercontinuum output by a linear polarizer. This leads to the cross talk between the orthogonal
polarization channels. The cross-talk is represented by a delta-function at the location 𝑑 in the
spatial domain after inverse Fourier transform of 𝐼 𝑘 . Therefore, it can be easily filtered out in
advance, before applying dispersion compensation.
The complex A-line information of the two polarization channels can be individually extracted in
the spatial domain by using a rectangular window with N pixels: the cross-polarization channel
occupies the first N pixels, and the co-polarization channel occupies from 𝑑 + 1 to 𝑑 + 𝑁 pixels.
Because of the finite pixel size of ∆𝑧, the actual offset of 𝑑 falls in the range between Mth and

72

(M+1)th pixel, and a sub-pixel adjustment is necessary to well align the two polarization channels.
This can be done by adding a calibration step which will be discussed in detail in the next session.

Figure 5.3 (a) The signal processing flow chart. A calibration coefficient ξ is introduced to the co-polarization
channel spectra to perform sub-pixel alignment of the two orthogonal channels, and a 6-dB gain is applied to
µ
µ
the co-polarization channel intensity to compensate for spectrometer sensitivity fall-off. 𝐼Ï_Ù
𝑛 and 𝐼Ï_Ù¤
𝑛

are the duplicates of 𝐼Ïµ 𝑛 after linear-k interpolation. (b) A-line signals with a single reflector in the sample
arm before and after fine-alignment. The extinction ratio is about 0.3 due to the channel cross-talk, and the
alignment doesn’t impact the A-line intensity profile. Inset: Phase adjustment of complex A-line signals. The
phase mismatch at the location of single reflector (marked by green star) is corrected after alignment.
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5.2.2 Signal processing
The flow chart of signal processing steps is presented in Figure 5.3 (a). Generally, the CP-OCT
signals are extracted by following the steps as described in [127], including background
subtraction, linear-k interpolation, spectral shaping and numerical dispersion compensation.
Because of the existence of the cross-talk between the orthogonal polarization channels (RM1 and
RM2) due to the imperfection of optics, the autocorrelation of the reference arm is filtered out
from the raw spectra prior to the dispersion compensation process.
The linear-in-k, dispersion-free spectra 𝐼Ïµ 𝑛 are duplicated into two copies: one as the crossµ
µ
polarization channel 𝐼Ï_Ù
𝑛 and the other as the co-polarization channel 𝐼Ï_Ù¤
𝑛 . After inverse

Fourier transform, a window size of 450 pixels (equivalent to around 0.78 mm in depth) is used to
select the imaging range of each channel at their respective location, and generate the complex Aline signals that can be used to create intensity images and functional contrasts. To fine align the
µ
two channels, the interferogram 𝐼Ï_Ù¤
𝑛 from the co-polarization channel is multiplied by a linear

phase term exp 𝑖𝜉 ∙ 2𝜋𝑛 𝑁 , where N is the total pixel number of the spectrum and 𝜉 𝜉 < 1 is
a constant coefficient used to provide sub-pixel displacement adjustment 𝛿𝑧 in the spatial domain
according to the Fourier transform shift theorem. In discrete Fourier transform, the sub-pixel
displacement is manifested as a phase change of the complex A-line signal without significantly
altering the magnitude [150], and it thus can be corrected by precisely aligning the initial phases
of the two channels. Practically, the calibration coefficient 𝜉 is determined by an iterative process:
A mirror is placed in the focal plane of the sample arm to create a single reflector; Its intensity
profile will be at the same location in the cross- and co-polarization channels after windowing, and
𝜉 is adjusted until the phase difference at the single reflector location from the two channels
reaches a minimum value as illustrated in Figure 5.3 (b). It should be noted that this is a one-time
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calibration step and the coefficient 𝜉 will be fixed if the path length offset between RM1 and RM2
is not altered.
Further on, due to the signal fall-off at the spectrometer, the magnitude of co-polarization signal
is modified by a constant gain of 6 dB. This gain is determined according to the sensitivity fall-off
measurement of the system, which indicates a 6-dB fall-off range of 0.89 mm, and a 12-dB falloff at around 1.6 mm.

5.2.3 Reconstruction of functional contrasts
CP-OCT produces a qualitative contrast describing the depolarization of the incident polarized
light, which is calculated by taking the ratio between the cross- and co- polarization channels as
𝐼

¬Û@¤

= 𝐴Í 𝐴Ó . According to Schmitt et al [143], the depolarization effect is characterized by a

significant intensity drop in the co-polarization channel, which gives rise to a higher ratio between
the cross- and co- polarization intensity signals along the A-line profile. We therefore construct
the ratio image to qualitatively present the tissue polarization property. The ratio images are
thresholded from 0.3 to 2 for presentation. Due to the imperfect polarization of incident light, the
lower bound of the threshold for Iratio is determined by the extinction ratio of the two channels as
indicated in Figure 5.3 (b), and the upper bound is determined based on empirical observation.
For the biological samples that manifest birefringence, we follow the technique similar to that
adopted in PS-OCT to extract the polarization properties of the sample [148] as shown in (5.4).
It’s not straightforward to solve them directly and independently, and there’s necessity to decouple
the contributions of 𝛿 and 𝜃, and derive an analytical solution for 𝛿 and 𝜃, respectively. Therefore,
based on (5.4) and (5.6), we define two auxiliary parameters 𝛼 and 𝛽 as
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α=

cos 2𝜃 sin δ
cos D δ + sinD 𝛿 cos D 2𝜃 𝐴Ó
= cot 𝛷Ó − 𝛷Í , 𝛽 =
=
,
cos δ
sin 2𝜃 sin 𝛿
𝐴Í

(5.7)

to compute the cumulative retardation and optic axis orientation according to (5.4):

𝛿 𝑧 = sin„C

𝛼 D 𝛽D + 𝛼 D + 1
𝛼 D + 1 ∙ 𝛽D + 1

1
, 𝜃 𝑧 = sin„C
2

𝛼D + 1
𝛼 D 𝛽D + 𝛼 D + 1

(5.8)

The ambiguity for 𝛿 is 0 to 𝜋/2 and is 0 to π/4 for 𝜃. It should be noted that the ambiguity of the
cumulative optic axis orientation 𝜃 is one-fourth of what is offered by the conventional PS-OCT
system. Moreover, (5.4) also indicates 𝜃 will become unmeasurable when 𝛿 reaches 0. Hence, we
neglect 𝜃 in our study and only extract the cumulative retardation information. The retardation
image 𝐼

–Û

𝐴DÍ + 𝐴DÓ

is color-coded from 0 to 𝜋/2 to compare with the intensity contrast image 𝐼Û¤Û =
C/D

=

𝑅(𝑧).

5.3 Experimental procedures
5.3.1 Sample preparation and imaging protocol
OCT datasets were generated ex vivo from fresh human heart specimens. Human hearts (n = 10)
were acquired from the National Disease Research Interchange (NDRI) protocol within 24 hours
of donor death. The inclusion criteria for the NDRI protocol are based on the following diagnosis:
end stage heart failure, cardiomyopathy, coronary heart disease, amyloid, atrial fibrillation, and
myocardial infarction. The age of the human donors was 62±9, with medical histories such as
diabetes (30%), cardiomyopathy (60%), hypertension (40%), and heart failure (20%). Three hearts
were used to create RFA lesions. The RFA treatment follows the procedure described in [110]: All
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tissues were supra-perfused with temperature-maintained (37 °C) PBS under pulsatile flow.
Ablations were performed in temperature-controlled mode with a commercial RFA system
(Stockert 70, Biosense Webster, Diamond Bar, CA), and the RFA catheter was placed in contact
with the tissue surface. The ablation power was set at 30 W and the target temperature was set to
65 °C to ensure tissue necrosis.
Upon specimen delivery, tissue wedges were excised from right ventricular septum and imaged
immediately from the endocardium side. For each heart sample, 2 to 3 tissue wedges with 1 cm3
in size were used for imaging. The incident power on the sample was 10 mW. All measurements
were completed within 48 hours of the donor death.
OCT datasets were acquired at a line rate of 32 kHz using a customized software written in
LabVIEW, and later processed in MATLAB. After processing, there will be five output images in
total, including cross- and co- polarization OCT images Icr and Ico, the full reflection image Itot, the
cumulative retardation image Iret, and the ratio image Iratio. The image depth is reduced to 450
pixels due to windowing, covering a depth range of around 0.78 mm in air. All OCT datasets
presented are averaged by 10 times to reduce noise. And all OCT images are presented without
scaling for the tissue refractive index.

5.3.2 Histology
After imaging, samples were excised into blocks and put into 10\% Formalin for 24-hour fixation.
Histology slides were prepared in the same orientation as a single B-scan. Three to five levels were
taken from each sample block, and were processed with Masson's Trichrome stain. The slide
thickness was 5 µm and spacing between levels was 250 µm. A Leica SCN400 slide scanner with
40X magnification was used to scan and digitize all histology slides. The digitized slides were
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analyzed by a cardiovascular pathologist blinded to the OCT images using ImageScope (Leica).
Histology slides were matched with OCT intensity contrast by looking for the similar features
within first 300 µm beneath the tissue surface.

5.3.3 Statistics
CP-OCT ratio images from the right ventricular septum (RVS) of 6 heart samples that have been
confirmed to have corresponding histology slides were included in the statistical study. For every
ratio image (800 pixels in lateral direction and 450 pixels in axial direction), every twenty A-lines
were grouped and averaged to smooth out the noise. The selected ratio images covered three
different tissue types in myocardium, including normal myocardium (n = 14), mild myocardium
fibrosis (n = 4), and RFA lesion (n = 5). A-line features were extracted from a least-squared fitting
process for pixels ranging from the tissue-air interface to the noise floor. The resulted fitting
parameters, including the slope, intercept, norm of residue, and R-squared value, were used as
Aline features. ANOVA with Tukey’s multiple comparison test was performed on these features
using a commercial software (GraphPad Prism 7.0a), and p-value less than 0.05 was considered
statistically significant.

5.4 Results
5.4.1 System characterization and validation of polarization measurement
The axial resolution of the system, which is defined as the FWHM of the axial PSF, is measured
to be 2.72 µm and drops to 3.07 µm at 0.8 mm. Since two polarization channels are multiplexed
in depth and the total reflection image Itot is generated based on both channels, the actual axial
resolution of Itot is 3.07 µm.
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Figure 5.4 Validation of birefringence measurement by using a quarter wave plate manually aligned at
different angles. The measured retardation is 86.6±2.2 degrees for different wave retarder settings, and the
optic axis orientation follows linearly with the preset values, with an ambiguity of 45 degrees.

To validate the polarization measurement performed by the CP-OCT system, we insert an
achromatic quarter wave plate into the collimated beam of the sample arm and follow the steps
mentioned elsewhere [149, 151]. As shown in Figure 5.4, by rotating the quarter wave plate from
0 to 90 degrees, the measured retardation is at a constant value of 86.6±2.2 degrees. The measured
optic axis orientation also appears approximately linear against the preset values, while showing
an ambiguity of 45 degrees. The results agree with the expectations with minor deviations, which
indicates the reconstruction of the polarization properties is working properly. The minor deviation
is stemmed from the channel cross-talk, due to the imperfection of the linear polarizer used to
polarize the supercontinuum input.
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5.4.2 Ex vivo functional CP-OCT imaging of fresh human myocardium
We then conducted multiple ex vivo experiments on fresh human heart specimens. Different tissue
types found in the endomyocardial side of right ventricular septum are presented in Figure 5.5 to
Figure 5.10. For each case, six images, including the total reflection intensity image, cross- and
co- polarization channel intensity images, the retardation image, ratio image, and corresponding
histology are provided for comparison. The functional OCT images are all thresholded by an
intensity mask to remove the background (gray color). As a qualitative contrast, the ratio image is
overlaid with the corresponding intensity image.
Figure 5.5 to Figure 5.7 showcase different features in the endocardium. In Figure 5.5, the focal
endocardial scar in the histology slide in (a), is well delineated in both the structural and functional
OCT images. In the retardation image and the ratio image, the endocardial fibrosis region, which
contains fibrous connective tissue, appears to possess a very strong birefringence in comparison
with the neighboring normal myocardium. This kind of fibrotic thickening of the endocardium, or
endocardial scar, can be seen in patients with restrictive cardiomyopathy[152].

Figure 5.5 (a) Mason’s trichrome stained histology slide corresponded to the OCT image. Scale bar: 200 µm.
(b) Total intensity image that provides structural information. (c) Intensity contrast from the cross-polarization
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channel, and (d) co-polarization channel. (e) Ratio image overlaid with the total intensity image, thresholded
and color-coded from 0.3 to 2. (f) The cumulative phase retardation image, color-coded from 0 to 𝜋 2 with
low-SNR regions marked as gray area. The endocardium fibrosis in (a) shows strong cumulative phase
retardation due to the presence of densely packed collagen fibers. Scale bar in OCT contrast images: 100 µm
vertical, 200 µm horizontal.

Figure 5.6 illustrates a thickened endocardium region with underlying fibrotic tissue. Differing
from the localized endocardium fibrosis, the thickened endocardium doesn’t manifest strong
birefringence. The difference suggests a different tissue composition of the thickened endocardium
from endocardium fibrosis. This information, however, is hardly noticeable from the intensity
images alone. Because the thickened endocardium layer and the underlying mild fibrosis in the
myocardium scatter most of the light, the signal penetration becomes more limited, and it barely
reaches the normal myocardium.
Figure 5.7 presents an example of normal myocardium, where a chordae tendinea is embedded in
the endocardium layer. As there is strong retardation induced by its rich collagen content, the
tendinous chord becomes more visible in functional images than that in the intensity images.
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Figure 5.6 An example of thickened endocardium with myocardial fibrosis presented in the underneath
myocardial substrate. Different from the endocardium fibrosis, the thickened endocardium is consisted of a
mixture of collagen fibers and cardiomyocytes, which leads to a different representation in the ratio image
and makes the cumulated retardation image hard to interpret. Image arrangement as well as scale bars are the
same as Figure 5.5.

Figure 5.7 Another example of endocardial fibrosis presented in the endocardium. The fibrotic region induces
strong retardation because of the high collagen content, and is clearly delineated in the cross-polarization
channel in (c) as well as the functional contrasts in (e) and (f). Image arrangement as well as scale bars are
the same as Figure 5.5.

Figure 5.8 to Figure 5.10 demonstrate different tissue types presented in the myocardium. Thanks
to the high resolution provided by the system, micro-structures such as the thin endocardium in
Figure 5.8 and Figure 5.9, and the elastic fibers in Figure 5.10 in the myocardium are clearly visible.
In Figure 5.8, the myocardium is intentionally treated by RFA procedure to create lesion. The
lesion region can be delineated by the deep purple region in the histology in (a). From the intensity
image in (b), we can identify the lesion region by the micro-tears presented in the myocardium.
The cross-polarization channel contrast, as well as the ratio image, indicate that the polarization
state of backscattered light almost maintains the same as that of the incident light, suggesting an
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isotropic structure in the lesion. Moreover, from the retardation image, we can see that the lesion
region barely manifests birefringence.

Figure 5.8 An example of the ablated tissue that is more isotropic and shows very low cumulative phase
retardation. The cross-polarization channel barely has any contrast. Image arrangement as well as scale bars
are the same as Figure 5.5.

Figure 5.9 demonstrates an example of mild diffuse interstitial myocardial fibrosis, which also
manifests low cumulative retardation according to the retardation image in (f). In contrast to
constantly low intensity ratio in the previous lesion case, the increased signal in the ratio image in
(e) implies that the polarization state of the backscattered light is altered by the fibrotic
myocardium. The tissue composition of the fibrotic myocardium could be clearly distinguished
from that of the normal myocardium as shown in Figure 5.10.
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Figure 5.9 An example of the myocardial fibrosis. The ratio image shows an increased contrast, and the
retardation image shows a mild retardation over the depth without an apparent gradient. Image arrangement
as well as scale bars are the same as Figure 5.5.

The normal myocardium in Figure 5.10 manifests birefringence, which results in a gradual increase
in the cumulated retardation along the depth, as well as an increased contrast towards the deeper
region of the myocardium in the ratio image. This observation is consistent with what is depicted
by the right side of image shown in Figure 5.5 and Figure 5.7.

Figure 5.10 An example of normal myocardium. The elastic fibers are clearly visible in the myocardium, and
the retardation image manifests increased retardation along the depth, which is similar to the contrast provided
by the ratio image. Image arrangement as well as scale bars are the same as Figure 5.5.
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5.4.3 A-line based analysis of necrosis, fibrosis and normal myocardium
In previous section, we have presented that different tissue types found in endocardium and
myocardium manifest distinctive functional contrasts in CP-OCT images. Particularly, the ratio
image could provide similar contrast as the cumulative retardation image, while it is much easier
to obtain. We further explore the contrasts for different myocardial tissue types from the
perspective of A-line signals. A-line features of those tissue types are depicted in Figure 5.11.
Figure 5.11 (a) shows a transition area from an RFA-created lesion to the normal myocardium.
Representative A-lines are taken from the green and yellow regions in Figure 5.11 (a) to illustrate
the difference in the signal strengths of cross- and co- polarization channels between the lesion
area and the normal myocardium as in Figure 5.11 (c) and (d), respectively. In these two cases, the
signal strength of the co-polarization channel is in general higher than that of the cross-polarization
channel. RFA treated myocardium contains necrotic tissue, which is more isotropic. As a result,
the signal ratio between the two polarization channels approximately stays constant along the depth,
as seen in Figure 5.11 (c). On the contrary, in the normal myocardium, due to tissue birefringence,
the gradual increase of ratio between the cross- and co- polarization intensities along the depth in
Figure 5.11 (d). This is also in accordance with the retardation contrast. More interestingly, A-line
signals in Figure 5.11 (e) taken from the blue region in Figure 5.11 (b) presents some unique
patterns that are associated with fibrotic myocardium: A-line signals from the two channels are
almost comparable; And there is a drop (~ 10 dB) on the co-polarization channel signal strength,
which is not presented in previous two cases. This phenomenon may suggest that the fibrosis
region of the myocardium contains cross-polarization scatters that depolarize the incident light and
agrees with Schmitt’s report [143].
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Figure 5.11 Different A-line signatures in the ablated lesion, normal myocardium, and fibrotic myocardium
regions. Histology slides and the corresponding ratio images are presented for (a) transition region from an
RFA lesion to normal myocardium, and (b) fibrotic myocardium. Representative A-lines in logarithmic scale
from both the cross- and co- polarization channels, are selected from (c) the lesion, (d) normal myocardium,
and (e) fibrotic myocardium, respectively. 5 consecutive A-lines are averaged to produce a smoothed profile.

Quantitatively, we extract A-line features, including the slope, intercept, norm of residue, and Rsquared value, from a least-squared fitting process. The fitting includes pixels from the tissue-air
interface to the noise floor. A-lines with over exposure are excluded from the analysis. In this
preliminary study, three different A-line features from normal myocardium (n = 517), fibrotic
myocardium ($n = 152), and RFA lesion (n = 183) are used to perform ANOVA test. As shown in
Figure 5.12, the fibrotic myocardium can be well distinguished against normal myocardium based
on all three features, with p < 0.0001. For example, the intercept is significantly higher (p < 0.0001)
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for normal myocardium (0.43 ± 0.23) than that for areas of fibrotic myocardium (0.12 ± 0.11) and
ablation lesions (0.18 ± 0.08). The intercept also shows difference (p < 0.05) in lesion areas
compared with that in fibrotic myocardium. And the R-squared value is much lower (p < 0.0001)
for fitted A-lines in normal myocardium (0.61 ± 0.24) than those in fibrotic myocardium (0.73 ±
0.08) and ablated lesions (0.77 ± 0.08).
****
*
****

****
****

****
****

****
****

Figure 5.12 Statistical analysis of normal myocardium, mild myocardial fibrosis and RFA created lesion in
A-line based features extracted from CP-OCT ratio image in slope, intercept (b0), norm of residue (normr),
and R-squared value (R). **** p < 0.0001, * p < 0.5.

5.5 Discussion
In summary, we presented a single-channel HR CP-OCT system. This system can provide intensity
and functional contrasts of human myocardium in one-shot measurement. The co- and crosspolarization channels can be extracted from one single OCT measurement by windowing and fine-
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alignment. The system is characterized to have an axial resolution of 3.07 µm, with a lateral
resolution of 5.52 µm and sensitivity of 93 dB. Besides the intensity contrast, two functional
contrasts are reconstructed from the complex Aline signals that are recorded from the cross- and
co- polarization channels, including the cumulative retardation and intensity ratio. The cumulative
retardation is obtained by using a method adopted in PS-OCT, and the accuracy of the polarization
measurement is verified by measuring a quarter wave plate at different fast-axis orientations. The
intensity ratio between cross- and co- polarization channel intensities is correlated with
depolarization property. If we compare the cumulative phase retardation image with the ratio
image case by case, the two images offer similar contrast. It suggests a possibility to solely use the
ratio image as functional contrast. This could substantially reduce the computational cost caused
by the reconstruction of retardation and fulfill the needs for real-time process of large volumetric
data. Different tissue types from the endomyocardial side of the right ventricular septum are
analyzed using the contrasts provided by CP-OCT. We show that the functional contrasts
successfully depict the differences in structures and tissue compositions, including localized dense
endocardial fibrosis and scar, thickened endocardium, ablated lesion, fibrotic myocardium, and
normal myocardium. Compared with the intensity image alone, functional contrast may provide
additional information regarding the tissue composition in terms of tissue polarization properties.
Specifically, fibrotic myocardium is differentiated against the normal myocardium and acute
ablated lesion, based on the CP-OCT contrasts.
Previous investigations have reported that normal cardiomyocytes would be destroyed following
the successful RFA treatment, which eventually leads to the loss of birefringence of myocardium
[110, 125, 136, 153]. In our CP-OCT study, we have observed the same phenomenon from fresh
human heart samples. More interestingly, our CP-OCT analysis indicates that diffuse interstitial
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myocardial fibrosis manifests depolarization effect: Through A-line analysis, we noticed the
intensity decrease in both co- and cross- polarization channels, as well as an overall raise in the
ratio contrast. Although further investigation is needed, this observation suggests that the increased
fibroblasts in the myocardium may serve as cross-polarizers that eventually lead to the
depolarization of light, according to Schmitt et al [143]. Moreover, we also demonstrate that the
differences between the A-line signals from two orthogonal polarization channels can be used to
distinguish normal myocardium from the ablated lesion and fibrosis regions. It could be further
fed to the tissue classifiers as a new input [138], and could offer a rapid and cost-efficient solution
to tissue classification for the myocardium.
It is very challenging to achieve UHR OCT with polarization-sensitive functional extension at 800
nm window. Conventional PS-OCT systems require two detection channels and excessive
computations to extract the polarization properties of the tissue, which generally raise the cost of
PS-OCT systems, especially for high-resolution spectral domain (SD) configuration [151, 154].
Although efforts have been made to develop a single-channel PS-OCT [149, 155-157], few of
them addressed the sheer computational complexity. Further on, the limited transmission
bandwidth of fiber-based components also impose constraints on the achievable axial resolution,
and the lack of broadband polarization modulators at 800 nm also limits the accuracy of PS
measurements. Compared with PS-OCT, the presented CP-OCT system has the advantages of a
simplified system architecture and easily reconstructed functional contrasts. Although the
exactness of the calculated cumulative retardation information relies on the assumption of
invariant optic axis along the depth, it is conceivable to be true for 800 nm wavelength region,
where the signal penetration depth is usually limited to a few hundreds of microns into the tissue.
If we compare the cumulative retardation image with the ratio image case by case, the two images
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offer similar contrast. It suggests a possibility to solely use the ratio image as single functional
contrast for differentiation of fibrotic myocardium against normal myocardium and ablated lesion.
This could profoundly reduce the computational cost caused by the reconstruction of retardation
and fulfill the needs for real-time process of large volumetric data.
Nevertheless, there are also some limitations of the proposed CP-OCT system. First, the CP-OCT
contrast for birefringent tissue is based on the assumption of uniform optic axis orientation along
the depth. This assumption may not hold in the case of complicated tissue composition such as
myocardial fibrosis, where multiple types of birefringent tissues are mixed and randomly aligned.
In such case, the retardation information reconstructed from CP-OCT therefore may lose its
quantitative meaning and needs to be interpreted with caution. It might be helpful to seek for other
techniques with better molecular specificity such as second harmonic generation imaging in order
to fully characterize the tissue composition, and PS-OCT using multiple incident polarization
states and Mueller-Stokes realization for birefringence and depolarization analysis [158, 159].
Moreover, because of the coupling of retardation and optic axis orientation in the crosspolarization channel, the information of optic axis orientation is with ambiguity and hence
discarded in our study. This information, however, can be very useful in extracting myofiber
orientation as offered by high-resolution PS-OCT based optical tractography [130, 151, 154, 160].
In addition, it might be very complicated to extract local birefringence based on the CP-OCT
measurements, which otherwise can be readily obtained in PS-OCT [161]. Second, the depth range
of the resulted CP-OCT images are reduced to 0.78 mm due to channel multiplexing. It may limit
the feasibility of this system in other biological tissue imaging applications where a large image
range is desired. Techniques like full-range OCT [157] can be applied to extend the image range
to overcome this limitation. Third, due to the coupling between the retardation and optic axis
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orientation as shown in (5.4), rotating the sample or the incident polarization state is necessary to
optimize the ratio contrast for birefringent tissue. The limited size of dataset hinders a more
comprehensive statistical analysis and classification of tissue types based on different A-line
features, however suggests potential for CP-OCT derived A-line features. In the future, with
increased sample size, we will develop classification algorithms to improve detection of fibrotic
myocardium with added information provided by multi-contrast CP-OCT. In addition, we will
explore the role of CP-OCT to provide contrast to identify amyloids, which is an important feature
to detect within endomyocardial biopsies [21].

5.6 Conclusion
In conclusion, we develop a HR CP-OCT system at 800 nm to differentiate different tissue types
in the myocardium by using the polarization-related functional contrasts. This system features a
single detection channel and one-shot measurement, and provides qualitative contrasts for
differentiation of different tissue types in human myocardial substrate. The HR CP-OCT system
provides a new form of polarization-related contrast to differentiate myocardial fibrosis, which is
an important substrate to identify during diagnostic and therapeutic procedures.
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Chapter 6 UHR OCT images of human breast
tissue
6.1 Introduction
Breast cancer is one of the most common cancers and the second leading cause of mortality in
women in 2015 [23]. Early detection holds the key to successful treatment of breast cancer and
also leads to more flexible treatment options, including breast conserving surgery and non-surgery
approaches [24]. Minimally invasive procedures in breast cancer management [25] require
accurate detection and localization of the malignancy in breast tissue. There has been increased
research interest in deploying high-resolution imaging modalities for delineation of tumor
morphology in breast tissue. Previously, a variety of optical and non-optical techniques [162-168]
were investigated to identify tumor margins in breast tissues based on optical properties of normal
and cancerous tissues. Nonlinear microscopy [162] and fluorescence imaging techniques [163, 164]
showed encouraging results in offering histology-grade visualization of breast tissue sections in
freshly excised tissues. However, these microscopy techniques usually suffer from the limited field
of view and lack of depth information. Diffuse optical spectroscopy [165, 166] or RF spectroscopy
[167] made non-invasive full breast imaging possible, but the image resolution was insufficient
for detection of micrometer level lesions.
Optical coherence tomography (OCT) is an emerging imaging modality that provides micrometerresolution and three-dimensional (3D) images of tissue microstructure at high speed. OCT has
higher spatial resolution than conventional medical imaging modalities used in breast cancer
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management such as mammogram and ultrasound, and can be miniaturized into a needle probe to
locally diagnose and interrogate the cancerous region [38]. Different tissue types possess different
optical properties, such as scattering and absorption [169]. Since the intensity of OCT signal is
correlated with these optical properties of the tissue, it can be used to differentiate malignancy
from normal breast tissue. OCT was first introduced to breast cancer management as a nondestructive high resolution imaging tool to evaluate tumor morphology in ex vivo breast tissue [29].
Thanks to the high-speed and wide-field imaging capability, OCT has been implemented in
intraoperative settings [35] as well as handheld probes and needle catheters [33, 42, 170, 171] to
enable ex vivo and in vivo assessment of tumor margins. In addition, efforts have been made to
move towards computer-aided detection (CAD) of tumor tissue with OCT needle biopsy [37, 42,
172-174]. Furthermore, functional OCT systems were also introduced to breast tumor margin
assessment with enhanced imaging contrast. Physical properties of the tissue, such as elasticity
[30, 47, 48] and optical birefringence [36, 39, 49] can be mathematically reconstructed from
additional mechanical and optical detection channels, respectively. Although the additional
contrast may help to better delineate malignant sites and further assist CAD, these systems are
more complicated to construct, and the reconstruction of the functional information may require
spatial averaging to reduce the speckle noise, which ultimately limits the image resolution.
On the other hand, in order to match the resolution provided by traditional histology, OCT systems
with enhanced lateral resolution, such as optical coherence microscopy (OCM) [41] and full-field
(FF) OCT [28], were developed to generate micro-meter resolution en face images of freshly
excised breast tissue. These en face preferential OCT systems clearly provided images showing
good correlations with histology. Nevertheless, they inherited some limitations from those
microscopy techniques, including limited field of view and signal penetration. Although large field
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of view can be achieved by mosaicking and/or stitching multiple en face images, the process itself
can be rather time consuming. The limited depth of focus may be mediated by wavefront correction,
yet it may cause more complications in the system. Ultrahigh resolution (UHR) OCT generally
categorizes OCT systems with axial resolution less than 5 µm enabled by a broadband light source.
Just as the conventional OCT system, the depth of focus can be extended if the lateral resolution
is compromised to a certain degree. The overall image quality is still improved due to a superior
axial resolution. The improvement in signal penetration may be critical to some applications. For
example, a larger margin width is usually more appreciated for ductal carcinoma in-situ (DCIS)
[175, 176]. c
In this Chapter, we present UHR OCT imaging results of ex vivo human breast tissue, and
demonstrate the advantages of UHR in terms of tissue classification by comparing the statistical
results based on UHR OCT images with those from standard-resolution OCT. Specifically, UHR
OCT images with corresponding histology analysis of different tumor types are shown and
compared with previous findings [28, 41, 43]. We contribute to the UHR OCT breast cancer
imaging body of work with new tumor types that have not been reported before, including
phyllodes tumor, fibrotic focus carcinoma and necrotic tumor. Further on, we quantitatively
examine the texture and optical features from the OCT images of human breast tissue at different
resolutions, and employ computational methods for differentiation of major tissue types found in
OCT images, such as adipose, fibrous stroma and malignant lesions. Relevance vector machine
(RVM) [117], a Bayesian frame work of support vector machine, was used to perform
classification on adipose tissue against solid type of tissue, and invasive ductal carcinoma (IDC)
against normal stroma tissue. A total 60 B-scans (32 from UHR OCT, 28 from Thorlabs) from 15
normal and 4 IDC specimens were fed into the adipose classifier, and 256 B-scans (152 from UHR
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OCT, 104 from Thorlabs) from 10 normal and 19 IDC specimens for the IDC classifier. Leaveone-out test was performed to measure sensitivity, specificity and overall accuracy of the
classification results. In this preliminary study, it indicated that UHR OCT images can lead to a
better performance on differentiation of adipose and IDC in the breast tissue. Especially, using
UHR OCT images, we showed a sensitivity of 94% and specificity of 93% for adipose delineation
and a sensitivity of 89% and specificity of 71% for identifying IDC against normal fibrous stroma.

6.2 Experimental procedures
6.2.1 Sample preparation
Breast tissue specimens used in this study were discarded tissue not required for diagnosis as
defined by the department of pathology collected from patients undergoing surgical procedures at
Columbia University Medical Center (CUMC), including both non-neoplastic/normal tissue from
breast reductions and malignant tissue from mastectomy. The protocol was considered as nonhuman subject research in accordance with 45CFR46, and was performed under Columbia
University Tissue Bank IRB AAAB2667 as all tissue samples were de-identified. The specimens
were stored in Rosewell Park Memorial Institute (RPMI) media during transfer, and imaged ex
vivo within 24 hours after surgical excision. A total of 82 specimens from 49 human breast cases
were collected and imaged, including normal tissue specimens derived from normal breast
reduction (n = 40), and pathological tissue specimens from mastectomy (n = 42). The average size
of the tissue specimens was 1.2 cm2.
UHR OCT imaging was performed on 29 cases of the total 49 cases, including 23 normal
specimens and 29 specimens with malignant lesions: phyllodes tumor (n = 2), fibrotic focus
carcinoma (n = 1), mucinous carcinoma (n = 3), ductal carcinoma in situ (DCIS) (n = 3) and IDC
(n = 20). Ten out of 29 cases were also imaged by the Thorlabs Telesto systems for comparison.
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The rest 20 cases, including 17 normal specimens and 13 pathological specimens (five IDC
specimens), were solely imaged by Thorlabs Telesto I system. Specimens were classified based
on histological analysis by an experienced pathologist after imaging.
For tissue classification study, cross-sectional images (B-scans) of 3D OCT datasets generated by
both UHR and standard resolution OCT systems were incorporated from 30 cases, including 18
normal and 23 IDC specimens. The classification focused on extracting adipose tissue ratio and
differentiating IDC against normal fibrous stroma.

6.2.2 Imaging protocol
Two SD OCT systems were used to acquire volumetric images from the excised breast tissue
specimens: a commercial system (Thorlabs Telesto I) at 1300 nm, and the UHR OCT system
presented in Chapter 3. The commercial system has an axial resolution of 6.5 µm and lateral
resolution of 15 µm measured in air, with an imaging range of 2.5 mm. The UHR OCT system has
an axial resolution of 2.72 µm and lateral resolution of 5.52 µm measured in air, with an extended
imaging range measured as 1.78 mm and 6-dB sensitivity fall-off range as 0.89 mm.
Multiple OCT volumetric images were acquired on both the top and bottom sides of the specimens
to cover the entire surface area. For the UHR OCT system, OCT volumes were taken at 32kHz
linerate. Each volume had 800-by-800-by-1024 pixels, covering 3 mm-by-3 mm-by-1.78 mm in
space, with an acquisition time of 20 s per volume and a measured sensitivity of 96 dB. For the
1300 nm system, OCT volumes were taken at 28 kHz linerate, with an acquisition time of 23.6 s
for one single volume of 800-by-800-by-511 pixels covering 4 mm-by-4 mm-by-2.5 mm in space,
and a measured sensitivity of 100 dB. Specimens were all imaged fresh in free space. During the
imaging process, PBS spray was applied to prevent the sample from drying. For the image
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comparison study, the specimens were manually transferred from one system to the other, located
and orientated the same way with respect to the scanning beam using best effort. All OCT images
were presented without scaling by tissue refractive index.

6.2.3 Histology
After imaging, tissue specimens were first placed in 10% Formalin for 24 hours and then
transferred to 70% ethanol for histology process. Specimen blocks were embedded and sliced
along the OCT B-scan direction. Multiple 5 µm-thick slices were taken from a single specimen
block, with 100 µm discard between levels and each slide stained with Hematoxylin-eosin (H&E).
The processed slides were digitalized at 40x magnification using Aperio system. The ImageScope
(v12.1.0.5029) software was used to view and annotate H&E images.

6.2.4 Statistics
Details of the datasets used for classification are summarized in
Table 6.1. Each OCT volume captures a small fractional region of the specimen. Based on the
Adipose Classifier
Number of Specimens

IDC Classifier

Number of Frames

Number of Specimens

Number of Frames

Normal

IDC

Total

Normal

IDC

Total

Normal

IDC

Total

Normal

IDC

Total

UHR
OCT
system

9

0

9

32

0

32

6

13

19

48

104

152

Thorlabs
Telesto
system

6

4

10

15

13

28

5

8

13

40

64

104

guidance of pathologist, the tissue type was identified locally in a sub-region of the histology slide
comparable to the region of OCT B-scan. B-scans used in the classification algorithm were
selected based on the regional structural matching quality against corresponding histology with
best effort, as well as the quality of the B-scan itself. An OCT frame was labeled as adipose if
more than 70% of the effective area showed the adipose feature. The threshold of identifying a
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corresponding adipose-dominated histology slides was 80%. For IDC, a pathologist performed the
classification of regions of interest within histology slides. In general, if the region of interest in
an IDC slide contains a cluster of cancer cells, it will be regarded as IDC. Classification results
were then compared with the pathologist-assigned tissue types for validation. The classification
and validation were performed separately in UHR OCT dataset and standard-resolution OCT
dataset. To evaluate the performance of the classification algorithm, we calculated specificity,
sensitivity, and overall accuracy using the following definitions:

Sensitivity =

TP
,
TP + FN

(6.1)

Specificity =

TN
,
TN + FP

(6.2)

Postitive predictive value =

TP
,
TP + FP

(6.3)

Negative predictive value =

TN
,
TN + FN

(6.4)

Overall accuray =

TN + TP
,
TN + TP + FP + FN

(6.5)

where TP, TN stand for true positive and true negative, and FP, FN stand for false positive and
false negative.
The performance of both classifiers was assessed using leave-one-out cross validation, due to the
limited availability of the sample size. The classification results were validated against the
correlated histology with pathological features, reviewed and confirmed by a pathologist.

6.3 Feature extraction and tissue classification

Adipose Classifier
Number of Specimens

IDC Classifier

Number of Frames
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Number of Specimens

Number of Frames

Normal

IDC

Total

Normal

IDC

Total

Normal

IDC

Total

Normal

IDC

Total

UHR
OCT
system

9

0

9

32

0

32

6

13

19

48

104

152

Thorlabs
Telesto
system

6

4

10

15

13

28

5

8

13

40

64

104

Table 6.1 . Summary of classification datasets (a)
(a) Datasets from 7 normal specimens were used for both classifiers. In IDC classification, 1 normal and 2 IDC specimens had both UHR OCT
and Thorlabs Telesto datasets recorded.

6.3.1 Automated tissue classification

Figure 6.1 Tissue classification algorithm flow. OCT B-scans were first processed to identify adipose region
based on regional texture features. B-scans with a small adipose ratio will then be classified into normal
stroma or IDC based on frame-based features derived from tissue optical properties.

It remains a challenge in OCT image processing of breast tissue to differentiate normal stromal
tissue from cancerous tissue. However, adipose tissue has a characteristic honeycomb texture. As
a result, our approach is to decouple the automated classification procedure by first identifying
large adipose regions, with intact honeycombing features, which normally corresponds to nonneoplastic areas, using an adipose classifier. Thereafter, regions not classified as adipose will be
classified as normal stroma of fibroelastic origin or cancer. Detailed algorithm flowchart is
presented in Fig.2. A trained machine learning model, RVM [117, 177, 178], was optimized for
adipose and IDC classifiers, respectively. The details of the RVM were described in [117].
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6.3.2 Texture based feature extraction for adipose classifier
For every B-scan, the image was first denoised, and divided into small sized grids. To differentiate
adipose tissue at a specific region, we extracted region-based local features, including standard
deviation (STD), entropy, and homogeneity of the OCT intensity signal as defined below:

STD =

1
𝑁−1

¼

@BC

1
𝐼@ −
𝑁

Entropy 𝑝 =

¼

𝐼@ ,

(6.6)

@BC

𝑝@ log D 𝑝@ ,

(6.7)

@BC

Homogeneity 𝑃 =
@,W

𝑃(𝑖, 𝑗)
,
1+ 𝑖−𝑗

(6.8)

where 𝐼@ is the pixel value, 𝑝@ is the probability assigned to the i-th bin of the histogram, and 𝑃(𝑖, 𝑗)
is the element value obtained from a gray-level co-occurrence matrix (GLCM) [179].
The features of each grid were then input into the RVM, which will assign a tissue type to that
grid. Frames that contained 30% or less adipose tissue in the regions where the intensity signal
was above SNR threshold will be classified as solid tissue and sent to the IDC.

6.3.3 A-line based tissue optical properties extraction for IDC classifier
We identified four parameters based on the signal penetration and backscattering strength in the
OCT image as input features to the RVM-based IDC classifier. A single scattering model [72, 73,
180] for homogenous media was incorporated to model the detected OCT signal from the sample
arm as shown in (6.9),
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𝑆? 𝑧 =

1
𝑧 − 𝑧Ù
𝜇æ ∙ 𝑙Ù ∙ 𝐼? ∙ exp(−2𝜇Û 𝑧) ∙ exp −
∙
ln 2
𝑧è

D

,

(6.9)

H Ð

where 𝜇æ , 𝜇Û are the effective backscattering coefficient and attenuation coefficient of the sample,
respectively, 𝐼? is the incident light intensity in the sample arm, 𝑙Ù is the coherence length of the
light source, and 𝑆 𝑧 models the sensitivity fall-off induced by the spectrometer, with 𝑧Ù as the
center of the scan and 𝑧è as the 6-dB fall-off range [73]. The coupling efficiency of the sample
arm is assumed to be constant along the A-line and over the B-scan to avoid the complexity. In
(6.9), 𝐼? and 𝑙Ù are known parameters, and 𝑆 𝑧 can be determined by measuring the parameters
as 𝑧Ù = 0.4 mm and 𝑧è = 0.89 mm. Therefore, we can get an A-line profile that is only related to
𝜇æ and 𝜇Û as

𝑆′ 𝑧 = log 𝑆? 𝑧

1
1
− log 𝑆 𝑧 − log 𝐼? ∙ 𝑙Ù = log 𝜇æ − 𝜇Û 𝑧 ,
2
2

(6.10)

We defined the first two features parameters as the mean and variance of the penetration depth
across a single B-scan. The penetration depth is measured as the axial distance where the intensity
drops to 𝑒 „C of its peak value from the tissue-air interface, which is correlated with the attenuation
coefficient 𝜇Û of the tissue. The other two parameters were defined as the mean and variance of
“decay range” across a single B-scan. The decay range is measured as the axial distance from the
tissue-air interface to the location where the magnitude of A-line profile is 10 dB above the noise
floor. It is correlated with both the effective backscattering coefficient 𝜇æ and attenuation
coefficient 𝜇Û of the tissue. As shown in Figure 6.2, both penetration depth and decay range are
extracted based on (6.10) with a smoothed profile, which can be obtained by averaging three
consecutive A-lines and then applying a Savasky Golay filter with a 2nd order polynomial [37].
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Figure 6.2 Illustrations of penetration depth and decay range measurements.

6.4 Results
6.4.1 UHR OCT Images of Breast Cancer
All OCT images presented have their corresponding histology slides annotated with the help of an
experienced pathologist. The aspect ratio of UHR OCT images was scaled to match the dimension
of the actual cross-sectional field of view in air (3 mm by 1.78 mm), and Thorlabs OCT images
were presented in their original setting. Figure 6.3 demonstrates the difference between OCT
images taken from the UHR OCT system and Thorlabs system using two examples: Figure 6.3(a)(c) present single OCT B-scans taken with standard-resolution and UHR OCT systems
respectively, as well as the corresponding histology, of a normal breast specimen with terminal
ductal lobule unit (TDLU) and adipose; Figure 6.3(d)-(e) present breast specimen with mucinous
carcinoma. We can see that the signal penetration is more limited at the 800 nm band compared
with the 1300 nm band. The insets in Figure 6.3(a) (b) and(d) (e) provide zoom-in views of the
adipose region and mucins region. Edges, which are high spatial frequency details, are better
defined in UHR images due to an extended Nyquist limit in the spatial frequency domain (smaller
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spatial sampling size) and higher resolution. On the other hand, for the commercial system, the
pixel size in the axial direction is around 5 µm, very close to the actual axial resolution, which will
also limit the image resolution.

Figure 6.3 Comparisons of OCT B-scans taken from (a),(d) the commercial system at 1300 nm, (b),(e) UHR
OCT system at 800 nm, and their histopathological correlations (c) and (f), respectively. (a)-(c) demonstrate
an example of normal breast tissue, with adipose, stroma and TDLUs. (d)-(f) demonstrate a subtype of IDC,
known as mucinous carcinoma. Insets: zoom-in view of adipose region, covering 0.3 mm by 0.3 mm area.
Scale bar: 250 µm.

Figure 6.4 shows a range of different tumor types, including IDC, DCIS, phyllodes, fibrotic focus
carcinoma, and necrotic tumor, as well as non-neoplastic breast tissue unveiled by UHR OCT
images as Figure 6.4(a)-(d) and (i)-(l), with correlated histology slides as Figure 6.4(e)-(h) and
(m)-(p). In UHR OCT images, signal penetration is deeper in normal specimens than in malignant
specimens in general. Tumor cells appear to be darker grey due to reduced scattering, while fibrous
stroma tissue is much brighter due to stronger backscattering of light. Normal duct structures in
Figure 6.4(a) and (b) feature clear epithelial lining and basal boundary, which was also reported
by Hsiung et al [43]. In Figure 6.4 (b), the wavy collagen fibrils of normal fibrous stroma tissue
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sometimes impose a birefringence artifact in the image. Features of IDC, DCIS, and
microcalcification in UHR OCT images previously reported by several groups [28, 41, 43] are
confirmed in our observation as well. In addition, we present UHR OCT images of phyllodes tumor,
fibrotic focus carcinoma (a subtype of IDC) and necrotic tumor in Figure 6.4 (i)-(l), respectively.
In OCT, phyllodes tumor appears to have a cracked texture in Figure 6.4 (i), with reduced signal
penetration and lower overall intensity. Fibrotic focus carcinoma appears as dark islands
surrounded by high-intensity necrotic regions in Figure 6.4 (j). Necrotic tumor mixture with
fibrous tissue, picked up by only eosin stain in Figure 6.4 (p), shows similar features as necrosis
such as high intensity and low penetration. Especially, a nodule of necrotic tumor is clearly
delineated in UHR OCT image in Figure 6.4 (l), while it remains difficult to see in histology (red
circle in Figure 6.4 (p)). The corresponding histology presented in Figure 6.4 (p) was intentionally
zoomed in for better visualization of pathological details.
Figure 6.5 illustrates wide field imaging and 3D rendering capability of UHR OCT. In Figure 6.5
(a), one stitched UHR OCT B-scan image of mucinous carcinoma specimen with a field of view
greater than 7 mm is presented. Two en face images of mucinous carcinoma and IDC are presented
in Figure 6.5 (c) and (e), respectively. All OCT images are shown in accord with corresponding
histology slides in Figure 6.5 (b), (d) and (f). Especially, for Figure 6.5 (d) and (f), the histology
slides are produced in the en face plane on purpose, to correlate with en face UHR OCT images.
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Figure 6.4 UHR OCT images and the corresponding histology slides of normal breast tissue and different
cancer types. (a) – (o) Scale bar: 250 µm. (p) Scale bar: 200 µm.
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Figure 6.5 Wide field and 3D rendering capability of UHR OCT. (a)-(b) Stitched UHR OCT images and
corresponding histology of mucinous carcinoma. (c)-(d) en face OCT and corresponding histology for
mucinous carcinoma and (e)-(f) for IDC. Scaler bar: 500 µm.

6.4.2 Tissue Classification
6.4.2.1 Adipose classifier

Figure 6.6 Classification results of fat region. (a) Comparison of sensitivity and specificity of tissue
classification performed on Thorlabs datasets and UHR OCT datasets. (b),(e) and (c),(f) represent color-coded
3D fat maps with corresponding OCT volumes from Thorlabs system in normal and IDC specimens,
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respectively. (d),(g) represent color-coded 3D fat map with corresponding OCT volume from UHR OCT
system.

We compared the sensitivity and specificity of the adipose classification results based on OCT
images (details in Table 6.1) from the commercial (Thorlabs) system and the UHR OCT system
in Figure 6.6 (a). In general, classification of UHR OCT images achieved higher sensitivity (94%)
and specificity (93%) than the sensitivity (91%) and specificity (76%) of the Thorlabs images.
Furthermore, we applied our algorithm on volumetric OCT images and obtained the corresponding
color-coded 3D adipose maps using the regional adipose classification results. Specifically, Figure
6.6 (b) and (c) represent Thorlabs OCT volumes from normal and IDC specimens respectively,
with corresponding color-coded 3D adipose maps shown in Figure 6.6 (e) and (f). And UHR OCT
intensity data along with the color-coded 3D adipose map were presented in Figure 6.6 (d) and (g).
We found that in UHR OCT images, it was possible capture more isolated adipose structure.
Moreover, we calculated an adipose ratio within normal and IDC specimens and found the adipose
ratio (52.3 ± 29.4%, n = 6) in normal tissue was higher than that in cancerous tissue (12.4 ± 10.1%,
n = 4). This observation was further confirmed from the corresponding histology.
6.4.2.2 IDC classifier
A total number of 152 UHR OCT B-scans from 6 normal and 13 IDC specimens, and 104 standard
OCT B-scans from 5 normal and 8 IDC specimens were separately employed for IDC
classification, and the validation results were listed in Table 2. Selected UHR OCT images of
normal fibrous stroma and IDC were presented in Figure 6.7 (a) and (b) as a qualitative comparison.
OCT features, including mean/standard deviation of penetration depth, mean/standard deviation
of decay range were plot in 2D space in Figure 6.7 (c) and (d). It appeared that 800nm light can
penetrate deeper in normal stroma than in IDC, and larger variation in those two optical properties
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existed in normal stroma than in IDC. And the lateral heterogeneity in OCT images of normal
fibrous stroma tissue resulted in a larger variation, especially in the decay range.
Table 6.2 . Classification results of invasive ductal carcinoma
UHR OCT system

Telesto system

Histology
(positive)

Histology
(negative)

Total

Histology
(positive)

Histology
(negative)

Total

OCT (positive)

93

14

107

53

19

72

OCT
(negative)

11

34

45

11

21

32

Total

104

48

64

40

Sensitivity
= 89%

Specificity
= 71%

Overall accuracy
=84%

Sensitivity
= 83%

Specificity Overall accuracy
= 53%
=71%

Figure 6.7 (a),(b) UHR OCT image examples of normal fibrous stroma and invasive ductal carcinoma. Scale
bar: 250 µm. (c),(d) Extracted optical features on normal stroma and IDC tissue type based on 152 UHR OCT
images.
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In particular, for a limited number of samples within our dataset, we achieved an overall accuracy
of 84%, sensitivity of 89% and specificity of 71% for classification based on UHR OCT images,
which were better than the results (overall accuracy of 71%, sensitivity of 83% and specificity of
53%) based on the Thorlabs images. In Thorlabs system, the variation of decay range and
penetration depth for normal stroma were lower than that in UHR OCT system, making the
differentiation between normal tissue and adipose tissue more difficult. Therefore, the detection
accuracy in Thorlabs system in general was lower than UHR OCT system.

6.5 Discussion
We showed that UHR OCT at 800 nm can provide better image quality compared with OCT at
1300 nm qualitatively and quantitatively. Detailed structures of basic units found in breast tissue,
such as TDLUs, ducts, adipose and fibrous stroma, can be better delineated by UHR OCT. UHR
OCT images of different pathological features in breast cancer specimens were also provided,
including IDC, DCIS, microcalcification, phyllodes tumor, fibrotic focus carcinoma, mucinous
carcinoma, and necrotic tumor. We compared our observations with previous reports [28, 41, 43]
and reached similar conclusions on OCT feature descriptions of different tissue types, such as
TDLU, ducts, adipose, fibrous stroma, IDC, DCIS, microcalcification and mucinous carcinoma.
In addition, we were able to add phyllodes, fibrotic focus and necrotic tumor to the UHR OCT
image library. Furthermore, automated tissue classification algorithms, including an adipose
classifier and an IDC classifier, were proposed to identify IDC against normal breast tissue. The
classification was done on both UHR OCT images and standard OCT images. For the adipose
classifier, a total number of 32 UHR OCT B-scans from 9 normal specimens, as well as 28 standard
OCT B-scans from 6 normal and 4 IDC specimens were included. For IDC classifier, a total
number of 152 UHR OCT B-scans from 6 normal and 13 IDC specimens, as well as 104 B-scans
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from 5 normal and 8 IDC specimens were included. The preliminary results showed encouraging
results indicating that features derived from UHR OCT images can lead to a better performance
on differentiation of fat against non-fat regions, as well as IDC against normal fibrous stroma,
compared with the results based on standard OCT images. We also showed that it was possible to
apply the classifications on volumetric datasets.
There have been tremendous efforts on realization of computer-aid detection in order to improve
the efficacy of diagnostic process in other image modalities [2]. Zysk et al [172] pioneered in
automated detection of tissue types in OCT images, and they proposed a tissue classification model
using depth-resolved Fourier domain classification with periodicity analysis. The A-line based
approach showed promising results in differentiating tumor against normal stroma tissue with a
sensitivity of 99% and specificity of 58%. Similar A-line based classification was performed based
on fractal analysis [181], with a sensitivity of 88% and specificity of 82% for cancer classification.
Goldberg et al [173] also reported an automatic tissue classification algorithm based on spatial
frequency analysis of A-line feature, and they reported a sensitivity of 98% and specificity of 82%
for adipose classification. These studies demonstrated the possibility of implementing CAD with
OCT imaging for breast cancer management. Furthermore, Savastru et al [37] pioneered in
implementation of depth-resolved tissue classification for automated tumor margin assessment on
ex vivo mice breast tumor tissue from animal models. They reported a sensitivity of 81% and
specificity of 89% on 20 samples, which was also very encouraging.
Here, we proposed to use an adipose classifier to differentiate adipose tissue against solid types of
tissue, and an IDC classifier to identify IDC tissue from normal fibrous stroma tissue. The
algorithm was implemented based on a two-step classification, with the goal of differentiating
cancerous regions against normal tissue. The classification was tested separately for each step, on
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both UHR OCT images and standard OCT images of ex vivo human breast tissue. Rather than
focusing on A-line classification, we focused on classification of B-scans/frames. The features
were simplified so that no fitting was needed in the algorithm in order to accelerate the feature
extraction process. Due to a limited number of specimens, leave-one-out validation was carried
out to evaluate the classifier performance. We showed that UHR OCT images resulted better
classification results in general. In our preliminary study, we achieved a sensitivity of 94% and
specificity of 93% for adipose classifier and a sensitivity of 89% and specificity of 71% for IDC
classifier. For adipose classification, the classifier was based on the texture features within OCT
intensity images. The decrease in SNR at larger depth was the major cause of false
positives/negatives in frames which had layered tissue types. Since the tissue types were
determined in gridded blocks, we found that the size of the grid will also affect the classification
results. In general, we observed that the classification accuracy dropped at the boundary of an
adipose region where a grid contains a mixture of adipose and stroma/IDC tissue. This, however,
is not expected to cause major problems and could even help to identify the adipose boundary as
well. For IDC classifier, the false positives were mainly caused by heterogeneity in the tissue, the
birefringent artifact and irregular surface curvature in the OCT images. Especially, it was known
that tissue birefringence had impact on the signal penetration, and it may be found prominent in
UHR OCT images of fibrous stroma tissue which contains well organized collagen fibers. In some
cases, the signal penetration was limited in stromal tissue when the incident beam was locally
aligned with the optic axis of the organized collagen. Furthermore, the features for IDC tissue may
vary depending on the type and grade of IDC. And the tissue immersing time in the RPMI solution,
while less than 24 hours, was not controlled in our study, we expected the optical clearing effect
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may cause some variations in the signal penetration as well. These aspects contribute to the false
negatives of IDC classifier.
It should be noted that there were limitations in our study. First, only IDC classification was studied.
Because the mastectomy-produced tissue yielded a variety in cancer types, the numbers of
specimens in each cancer type were limited. While these results are promising, this study is very
preliminary and leave-one-out validation may result in overestimated performance evaluation.
Therefore, in the future a full statistical evaluation must still be performed on a larger sample size,
with the inclusion of multiple cancer types and grades. Detection of other tumor types must also
be studied in order to fully assess the efficacy of the CAD technique. Second, while UHR OCT
system may produce better delineations on different tissue types, it exhibits higher noise floor
because of the supercontinuum light source. This will have an impact on texture-based feature
extraction at larger depth. Moreover, the penetration depth for 800 nm light was more limited
compared with 1300 nm light. In some of the breast tissue specimens, it can reach up to 1 mm,
which may be due to the optical clearing effect by the RPMI media. On the other hand, the SLDbased 1300 nm OCT system provides shot noise limited imaging performance and larger signal
penetration in general. Therefore, it will be more suitable if the imaging range was required to be
above 1 mm into the tissue. Third, here we only presented off-line frame-based classification.
Volume-based or specimen-based classification should be possible if a proper threshold can be
identified to differentiate tumor tissue against normal tissue. For real-time automatic detection, the
current computational speed was the main problem. The main cost was from the adipose classifier,
which took around 8 second per frame in MATLAB using CPU. However, we expect this process
can be greatly accelerated if GPU based parallel computing is utilized.
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In the future, we will work on the IDC classifier to improve the performance, and optimize a
volumetric classification algorithm. With an increase in the size of our datasets, we will continue
to improve upon the algorithm, incorporating additional features that can help to improve the
accuracy, resulting in an algorithm that can differentiate multiple types of cancerous regions. Next
steps also include conducting the OCT imaging session in an intra-operative setting to reduce the
time between surgery and imaging. Lastly, additional efforts will be put towards real-time
processing, such as improvement in the hardware, the application of distributed computing, and
corresponding graphical user interface, to speed up the current runtime.

6.6 Conclusion
In this chapter, we have showed qualitatively and quantitatively that UHR OCT images may enable
better visualization of detailed features in different types of breast tissue, based on our preliminary
data. UHR OCT images of new breast cancer types such as phyllodes tumor, necrotic tumor and
fibrotic focus carcinoma were provided for future references. RVM based stochastic tissue
classification methods presented here shows great promise for automated classification of different
tissue types in human breast tissue. The classification results indicated that UHR OCT images may
enable better computer-aid detection performance in breast tumor delineation.
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Chapter 7 Towards chip-based UHR OCT
system
7.1 Introduction
Today, most of the OCT systems are implemented by using free-space optical components and/or
fiber-based components. These systems usually take up a considerably large space in the operation
room, and is less favorable especially in the environment where large group of clinical personnel
must be present and large surgical equipment already takes a lot of space, such as cardiac surgery.
Efforts have been made towards miniaturization of OCT devices, including developing compact
light sources, and shrinking the size of OCT interferometer to a hand-held probe or even on a
centimeter-size photonic chip with the help of the state-of-art nanotechnology [93, 182-187].
Especially, the development in integrated photonic circuit technology endows great potential for
realization of chip-based OCT systems, which may allow significant size and cost reduction, and
revolutionize the OCT market once again [184-187]. Yet, the question is, can we make OCT better,
and at the same time, make it smaller?
The performance of OCT is often assessed by the following factors: the resolution, sensitivity,
signal penetration, image contrast and speed. In order to characterize subcellular changes in
biological organ systems, higher resolution is needed. The central wavelength and FWHM of the
source determines the achievable axial resolution. In the previous chapters, we have demonstrated
an UHR SD-OCT system with a supercontinuum source at 800 nm regime, which enables
histology-grade, non-destructive imaging in various types of tissue. Yet, the limitations of such an
114

OCT system are also very clear: high background noise and limited signal penetration. Still, there
is a need to have both high resolution and large image penetration, which can be achieved with an
ultra-wide bandwidth source at the 1300 nm spectral range. With deeper penetration, UHR OCT
can be promoted as a more powerful tool in certain applications, such as margin assessment of
DCIS, where clear margins of 1-2 mm are usually required for tumor screening. Furthermore,
functional spectroscopic OCT analysis can be carried out to aid in identifying key biological
components, such as lipid. Nevertheless, to achieve UHR OCT with a sub-micrometer axial
resolution in tissue at 1300 nm regime, the requirement on the source FWHM bandwidth becomes
more stringent, and the availability of the light source becomes limited. For example, the random
spectral shape and worse noise performance of commercial low-noise SC sources in the
wavelength range of 1 µm to 1.2 µm make them no longer feasible for UHR application at 1300
nm. And commercially available single SLD at 1300 nm band usually produces 60~70 nm
bandwidth. And further increasing the bandwidth of a single SLD involves careful gain medium
design, which raises the complexity and cost, and thus removes the advantage of using an SLD
source.
Optical frequency comb source (OFCS) is potentially a low-noise, broadband source that may
cover the entire wavelength range from visible to mid-IR regime [188-193]. The parametric gain
for the waveguide enables the ultra-broad bandwidth of the frequency combs, which makes chipbased frequency combs fundamentally superior to superluminescent diodes. Moreover, unlike
supercontinuum generation which is a result of the interplay of multiple nonlinear processes,
optical frequency comb generation is purely based on four-wave mixing process, and therefore is
more controllable, and its noise is solely dependent on the pump source. Due to the high mode
confinement and flexible dispersion engineering of the chip-based low-loss micro-devices, on-chip
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OFCS also requires lower pump power. These unique features, including broad bandwidth, lowpower consumption, and low-noise performance, make OFCS sources bear the promise for
pushing the OCT axial resolution limit down to sub-1 µm regime while still operating at longer
wavelength range to enable large signal penetration.

7.2 Novel chip-based optical frequency comb source (OFCS) for OCT
7.2.1 Properties of OFCS
7.2.1.1 Pump power, output efficiency and coherence
The pump power required in order to generate combs is estimated as [192]
𝜋 𝑄ë
𝑛D 𝑉
𝑃Û› ≈ 1.54 ∙
∙
,
2 2𝑄Ä 𝑛D 𝜆𝑄ÄD

(7.1)

where 𝜆 is the pump wavelength, 𝑛, 𝑛D are respectively the linear and nonlinear refractive index
of the waveguide material, 𝑉 is optical mode volume of the resonator, and 𝑄ë , 𝑄Ä are the coupling
and loaded quality factors of the resonators, respectively. For high-Q resonators in Si3N4, the pump
at 1300 nm can be between 1 to 500 mW, depending on the size and quality factor of the resonator,
and the output efficiency of the can be up to 40% [192, 194].
The frequency comb lines can be generated in a state where they are not locked in phase [188] by
optimizing the resonance frequencies of the ring resonator relative to the frequency of the pump.
This ensures that the temporal coherence of the comb is low and similar in nature to a
supercontinuum source, critical for the performance of the OCT.
7.2.1.2 Free spectral range
The free spectral range (FSR) of an optical frequency comb (OFC) is defined as [70]
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where 𝐿 = 𝑛© 𝐿Ù is the roundtrip cavity length in vacuum, with 𝐿Ù as the roundtrip cavity length in
the medium with refractive index of 𝑛© , 𝑐 is the speed of light in vacuum, and 𝜆G is the vacuum
wavelength. For convenience, the FSR can be also expressed in wavelength unit as
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7.2.1.3 Bandwidth
The bandwidth of the OFCS is determined by the group velocity dispersion (GVD) of the
waveguide. It can be designed by engineering the dispersion via controlling the cross-section of
the waveguide. Using the simulation tools for dispersion engineering [194], OFCS centered around
1.5 µm with almost an octave bandwidth has been demonstrated [195].
In the initial demonstration, the comb source has a 30-dB bandwidth of 110 nm and a FWHM
bandwidth of 47 nm.

7.2.2 OFCS-based SD OCT
The interferogram based on the optical frequency comb (OFC) source [196] can be written as

îië
îië
𝐼 îië 𝑘 = 𝐼 𝑘 ∙ IIIDð
𝑘 ,
Ä 𝑘 ⨂𝑇

(7.4)

îië
where 𝐼 𝑘 is the OCT interference signal, IIIDð/Ä
𝑘 is the Dirac comb distribution in the spectral

domain, and 𝑇 îië 𝑘

is the normalized intensity profile of each comb line so that

𝑇 îië 𝑘 𝑑𝑘 = 1. For the ring-cavity based comb source, 𝑇 îië 𝑘 has a Lorentzian line shape as
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𝑇 îië 𝑘 =
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ΓÏ 2
D
𝜋 𝑘 + ΓÏ 2

D

,

(7.5)

where ΓÏ = 2𝜋 𝑐 ∙ 𝜈G 𝑄 is the (FWHM) linewidth of the Lorentzian function in k-space, and
𝜈G and 𝑄 are the resonance frequency and quality factor of the ring cavity. Therefore, the OCT Aline signal (magnitude) can be obtained after Fourier transform of the comb spectrum as

I†‡ˆ 𝑧 = 𝛾 𝑧 ∙ exp −ΓÏ π ∙ 𝑧 ⨂IIIÄ 𝑧 ,

(7.6)

indicating the OCT depth profile 𝛾 𝑧 repeats itself for every 𝐿 in spatial domain, and the A-line
signal naturally decays over the depth with a rate of 𝜋ΓÏ . For Si3N4 ring cavities with a Q-factor
on the order of tens of millions, the linewidth of every comb is very small, and thus the decay
effect is negligible.
Table 7.1 . Impact of comb design on SD-OCT performance. Calculation is made based on a commercial
spectrometer (Wasatch) of 950 nm – 1450 nm (500 nm bandwidth) with 2048 pixels
Frequency comb FSR (𝜈iH; )

Center wavelength 1200 nm
20 GHz

38 GHz

50 GHz

80 GHz

Comb line spacing (∆𝜆iH; )

0.11 nm

0.21 nm

0.28 nm

0.45 nm

Image repetition range

15.00 mm

7.89 mm

6.00 mm

3.75 mm

Spectrometer sampling interval

0.244 nm

Resampling Needed?

No

Yes

# of Pixels after resampling

2048
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Spectrometer imaging range

1.4 mm

Image range with resampling (𝑧ó¬Í )

1.4 mm

Axial resolution (assuming 500 nm covers the
FWHM bandwidth of the source)

0.8 mm
1.54 µm
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Table 7.1 illustrates the impact of comb design on the performance of SD-OCT. If every
spectrometer pixel covers at least one comb line (FSR from 20 GHz to 50 GHz), then no additional
processing is needed for OCT reconstruction. On the other hand, if the comb lines are completely
on the spectrometer (FSR ≥ 80 GHz), a resampling process will be necessary to extract the high
dynamic range interferogram signals (carried by the comb line peaks). In the case of resampling,
the effective sampling interval of the interferogram is increased compared with the spectrometer’s
intrinsic sampling interval, leading to a reduction in the imaging range as well as total pixel number
over the depth. Bajraszewski et al [196] suggested a “wavelength shifted” multiplexed technique
can be applied in the scenario of sparse comb lines, to effectively increase the imaging range while
suppress the inter-pixel cross-talk impact at the same time. Nevertheless, they generated the comb
source by using a Fabry-Perot interferometer (FPI), of which the speed of tuning was limited by
the mechanical movement.

7.2.3 OFCS built on silicon nitride
Silicon nitride has proven to be the ideal material platform to generate micro-resonator OFCS
[197-200]. It features a unique combination of several beneficial properties, including a wide
transparency window from visible to mid-IR, the high nonlinear refractive index that enables
nonlinear nano-photonics and the CMOS compatibility that leverages the scalability and
manufactory cost. The majority of the research in silicon nitride is focused with pump wavelength
centered at 1.55 µm, and the broadband frequency combs generated are normally based on devices
with FSR of 200 GHz or 1 THz [198, 199]. Only until recently, a broadband optical frequency
comb generated in the 1.3 µm band has been shown using silicon nitride [200]. However, the
reported 1-THz FSR is too large for SD-OCT due to the sparse line spacing which results in limited
imaging range. It is very challenging to achieve a smaller FSR of the micro-resonator based
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frequency combs, as it requires higher optical power effectively fed to the resonator’s larger optical
mode volume, where the comb generation is greatly affected by the increased losses and mode
crossing. In addition, the traditional frequency combs reply on pump lasers which are low-noise
and wavelength tunable, such as external cavity diode lasers (ECDLs) [201, 202]. These pump
lasers are very expensive, bulky and cumbersome.
Recently, our collaborator has developed ultra-high-Q resonators by minimizing surface roughness
of Si3N4, which not only mitigates undesirable mode crossings but also enables small-line-spacing
combs [192]. Those micro-ring resonators offer the unique possibility for chip-scale comb sources
pumped by stable continuous-wave lasers. In addition, by reducing the loss of device, the required
optical power needed for frequency comb generation is substantially reduced. Due to the low
coherence requirement in OCT, the frequency comb generation no longer requires phase locked
states, which makes it possible to use a simple inexpensive DFB laser as a pump. Furthermore, by
using integrated micro-heaters on top of the devices, the cavity resonance can be controlled by
temperature tuning, which enables using a fixed-wavelength pump laser to generate frequency
combs [190, 199]. The waveguide cross section is engineered to be 2500 nm × 730 nm, so that the
dispersion is anomalous for the center wavelength of the DFB laser at 1312 nm. In all, the Si3N4
based OFCS platform not only significantly reduces the cost and size of the setups, but also reduces
the laser power to a safe range for clinical applications.

7.2.4 OFCS based OCT setup and imaging protocol
Figure 7.1 shows a schematic drawing of the experimental setup as a demonstration of OFCS based
SD-OCT system. For a proof of concept demonstration, we interfaced the OFCS with a
commercial SD-OCT system at 1300 nm (Thorlabs Telesto I). The OFCS source was fed to the
OCT interferometer by a circulator, which then routed the interference signal back to the
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spectrometer of the commercial system. In order to demonstrate the imaging performance with the
OFCS source, we also employed a single SLD to serve as a comparison. The source spectra of
both sources are presented in the inset of Figure 7.1, where we can see that the comb source
features a broader bandwidth compared with the single SLD output. It should be also noted that
the pump that originally accompanies the comb generation was filtered out before sending into the
OCT setup. This is to avoid the pixel saturation at the pump wavelength, and increase the dynamic
range of interferogram detection.
Cross-sectional and three-dimensional OCT datasets were taken at an A-line rate of 28 kHz. After
data acquisition, the OCT images were generated by following standard image processing steps,
including DC subtraction, linear-k interpolation, apodization and dispersion compensation. No
additional signal processing steps were needed for image reconstruction for OFCS.
For biological tissue imaging, the normal skin biopsy tissue was from a gangrenous leg amputation,
and the breast tissue was non-neoplastic/normal tissue from breast reductions, both of which were
produced at Columbia University Medical Center and acquired through Columbia University
Tissue bank. The breast tissue was imaged after fixation in 10% Formalin for longer than 24 hours,
and the skin biopsy tissue was imaged when fresh.
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Figure 7.1 Schematic of OFCS OCT setup. C: circulator, Col: collimation lens, RM: reference mirror, NBS:
non-polarized beam splitter, DCG: dispersion compensation glass. Inset: comparison between the spectra of
an OFCS source and a single SLD, measured by an optical spectrum analyzer (OSA).

7.2.5 Source performance
The noise of the source can be characterized by following the procedures described in 3.4.1:
Measure a series (N = 1000) consecutive of spectra and calculate the mean and variance of the
pixel value at the spectral peak; the detection is shot noise limited if the variance linearly increases
with the mean pixel value (first order dependence), or intensity noise dominated if the variance
goes quadratically with the mean pixel value (second order dependence). Figure 7.2 (a) shows the
noise measurements performed at 91 kHz A-line rate and the results are plotted in logarithmic
scale. After polynomial curve fitting, we observe that the total noise of the single SLD is shot noise
dominated (first order dependence), whereas that of the OFCS is excess noise dominated (second
order dependence). The noise of the OFCS, theoretically, is dependent on the pump source and the
nonlinear process. As we can see from Figure 7.2 (b), the amplified pump signal itself is shot noise
limited. However, due to the instability of the fiber coupling setup for comb generation, including
air flow and vibration, it introduces extra coupling noise to the comb. The setup instability can be
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greatly reduced if the chip is packaged properly with pigtailed fiber input/output. Therefore, it is
not considered as a fundamental limitation, and theoretically, the OFCS should be shot noise
limited.

Figure 7.2 (a) Noise characterization of OFCS with comparison of an SLD noise at 91 kHz. (b) Noise
measurement of the amplified pump laser before and after the coupling setup at 91 kHz. α is the highest order
of the polynomial fitting curves, indicating the power dependence of the variance against the mean of the peak
pixel value.

7.2.6 Imaging results
In the initial testing, the OFCS has the central wavelength at 1312 nm, with 6-dB bandwidth of 47
nm, and results in an axial PSF with FWHM of 18 µm (theoretical axial resolution16 µm).
Compared with the single SLD, whose central wavelength is at 1304 nm and 6-dB bandwidth of
around 30 nm (theoretical axial resolution: 23 µm), the OFCS offers higher axial resolution.
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Figure 7.3 Comparison of axial resolution by using (a) OFCS, and (b) a single SLD.

We then compare the OCT imaging results on a stacked tape and a fixed breast tissue specimen by
using the OFCS and the single SLD. As we can see from Figure 7.4, the adipose tissue in the breast
tissue, as well as the inner lining of the milk duct, are clearly delineated in the OFCS generated
image. However, the background noise level of OFCS-generated OCT images seems to be
generally higher, which effectively reduce the contrast of the image.

Figure 7.4 Comparison of cross-sectional OCT images taken with (a) OFCS, (b) single SLD and (c)
multiplexed SLD. The top row represents an example of breast tissue imaging, with adipose tissue, milk duct
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and stroma in presence. The bottom row presents a stack of tape. Number of B-scans averaged: 50. Scale bar:
250 µm.

7.3 Heat-tunable reference arm for SD-OCT
7.3.1 Motivation
The typical imaging range of SD-OCT instruments is from 1 to 3 mm, which is sufficient to meet
the requirements in many applications in ophthalmology and cardiology. However, applications,
such as full eye imaging and other industrial imaging applications, usually require longer imaging
range that is normally beyond 1 cm. Recently, great efforts have been spent on developing of ultrahigh speed, centimeter-class swept source (SS) lasers, which enables long-range SS-OCT imaging
[203]. For example, MIT group developed MEMS-based vertical cavity surface emission lasers
(VCSEL) that can work in the MHz regime with an imaging range of around 1 cm with minimal
signal fall-off along the entire imaging range [203, 204]. It undoubtedly extends current OCT
applications to a new horizon. However, the bandwidth of SS-OCT is usually limited to 100 nm
to 150 nm at wavelengths above 1 µm, and as a result, the achievable axial resolution is constrained.
Moreover, the amount of data generated by the novel source increases drastically (up to several
Gb/s) in order to maintain high resolution over the ultra-long imaging range. Such amount of data
requires advanced hardware implementation and high-performance data streaming, storage and
processing tools for real-time visualization. These requirements become hurdles for the novel SS
to be fully adopted in practice. SD-OCT is known to be superior to SS-OCT in terms of high
resolution imaging because of the non-swept, broadband light sources allowing bandwidth above
150 nm and better phase stability [150]. But SD-OCT is inferior to SS-OCT in terms of high-speed
imaging and signal roll-off [205, 206]. The speed of SD-OCT is fundamentally limited by the linescan camera, and the signal roll-off is determined by the performance of focusing components in
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the spectrometer. Recently, the state-of-art InGaAs line scan camera allows 120 kHz A-line rate
[207], which is almost comparable to the SS-OCT source. However, the signal roll-off still remains
a problem, and negatively impact the performance of SD-OCT systems in some applications where
the target of interest extends deep into the tissue [208]. Strategies that can conquer this limitation
of SD-OCT will greatly benefit applications where the targeted samples have high topology, and
desire high resolution imaging at the same time.
The thermal tunabilty of Si3N4 offers such a solution. By using low loss Si3N4 waveguide with
high mode confinement, the thermo-optic effect of Si3N4 can be very efficient and utilized to
control the refractive index of the waveguide. The thermo-optic coefficient ε of Si3N4 is about
2.45 ± 0.09×10„ö RIU/°C [209]. Therefore, the optical path length in Si3N4, calculated as 𝑙î÷Ä =
𝑛G + 𝜀 ∙ 𝑇 ∙ 𝑙G , can be wildly tuned if the length of the Si3N4 waveguide 𝑙G can reach tens of
centimeter long. Imagining that such a thermally tunable waveguide is served as the reference arm
of SD-OCT system, and the tuning happens simultaneously as the A-line acquisition, it will allow
any region of interest in an OCT image to be shifted into the high-SNR regime of SD-OCT. In this
way, we can image a sample that has high surface topology with high SNR using SD-OCT by
thermally tuning the reference arm. The full image can be reconstructed using automated stitching
method based on the path length changes occurred in the reference arm. Such an implementation
not only inherits the advantage of high resolution originally provided by SD-OCT, but also
substantially reduces the amount of data generated during imaging. And therefore, it endows the
feasibility of SD-OCT for high-resolution, high-topology imaging tasks.
On the other hand, the integrated on-chip Si3N4 reference arm also benefits the miniaturization of
OCT interferometer by providing a compact, low-loss and tunable optical path. The previously
reported on-chip reference arm was made in SiO2, which barely shows thermo-optical effect and
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doesn’t have the ability to be tuned [184]. By utilizing the length-tunable, low-loss on-chip
reference arm, it would not only improve the stability of the interferometric detection for on-chip
OCT systems, but also significantly reduces the size and cost of the whole system.

7.3.2 Schematic of the experimental system
Figure 7.5 (a) shows a 42 cm long Si3N4 waveguide which crosses six different electron beam
lithography fields with shorter waveguides which have no field crossing. In principle, these
waveguides can be made tens of centimeters long with losses as low as 0.27 ± 0.04 dB/cm.
A commercial spectral-domain OCT system (Thorlabs Telesto I) at 1325 nm is employed to
generate the OCT images with the tunable reference arm. As shown in Figure 7.5 (b), a broadband
fiber coupler with 75:25 split ratio is employed to divide the input power into the sample and
reference arm. In order to reduce the insertion loss of the Si3N4 chip, two circulators are added in
the reference arm to create a single path via the tunable reference arm. The temperature tuning is
realized by applying voltage to the heater electrodes integrated on-chip. The inset of Figure 7.5
(b) illustrates the heat tunable reference arm with micro-heater on top of the waveguide. By
applying voltage over the heater, it transduces electrical power to thermal power, heating the
waveguide, and leading to the change in the refractive index and effectively the optical path length
of reference arm. The temperature of the heater is monitored through the voltage of a thermistor.
In the sample arm, a low-NA objective is adopted to ensure a long depth of focus (~ 2 mm in air),
which is also necessary for high-topology imaging. As a result, the lateral resolution of the
objective is compromised to about 35 µm. In addition, an optical delay line is inserted into the
sample arm for the path length matching. The OCT image quality is optimized carefully by
controlling the polarization state of the sample arm signal. The dispersion mismatch between the
two arms can be fully compensated numerically during image reconstruction.
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OCT raw data is acquired with the commercial software, and cross-sectional OCT images and
three-dimensional volumes are reconstructed following standard OCT data processing steps,
including background subtraction, linear-k interpolation, apodization and dispersion compensation
in MATLAB.

Figure 7.5 (a) Illustration of the footprint of the on-chip reference arm. (b) Schematic of the experiment setup
for testing the tunable reference arm. A broadband fiber coupler with 75:25 split ratio is employed to divide
the input power into the sample and reference arm. One arm of the interferometer is controlled by a
polarization controller to optimize the image quality. Two circulators are added in the reference arm to create
a single path via the tunable reference arm. The temperature tuning is realized by adding voltage to the heater
electrodes integrated on-chip. C: circulator, PC: polarization controller, FS: fiber splitter, ODL: optical delay
line, Col: collimation lens, WG: waveguide, M: mirror.
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7.3.3 Imaging results
Figure 7.6 (a) and (b) demonstrate OCT B-scans of an onion with and without the Si3N4 waveguide
in the reference arm, respectively. As shown in the figure, by introducing the external reference
arm, the quality of the image remains almost the same after introducing the Si3N4 waveguide.
Although the dispersion compensation coefficients need to be optimized after the insertion of Si3N4
waveguide, the impact on image quality is minimal.

OCT without Chip

OCT with Chip

Figure 7.6 (a) (b) OCT B-scans of an onion, taken with and without the Si 3 N 4 waveguide, respectively.

7.3.4 Tuning range and stability
The heat tunability of the reference is tested with a mirror placed in the focal plane of the sample
arm. For different temperature settings, the displacement of the peak (at mirror location) is
recorded from the OCT image and plotted in Figure 7.7 (a). We can see that the displacement due
to the change of refractive index is linearly correlated to the applied electrical power for heat
generation. Specially, as shown in Figure 7.7 (b), with a 40-cm long waveguide, a total single-path
length change of 280 µm can be achieved without impacting the image quality.
In addition, to demonstrate the tuning stability, we measure the SNR of the A-line signal for
different temperature settings. With a total of 70 °C temperature change, the SNR maintains around
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28 dB with a 2.5 dB standard deviation. The spectrometer 6-dB fall-off range is about 1.8 mm,
which doesn’t play a roll.

Figure 7.7 (a) Demonstration of tunability of the reference arm. With a 40 cm long waveguide, a total singlepath length change of 280 µm can be achieved. (b) Demonstration of Tuning stability. It is characterized by
the change of SNR over the depth as temperature changes. With a total of 70 °C temperature change, the SNR
maintains around 28 dB with a 2.5 dB standard deviation.

7.3.5 High-topology OCT imaging with tunable reference arm
High-topology, high-SNR OCT imaging with the heat tunable reference arm is demonstrated by
Figure 7.8 and Figure 7.9. In Figure 7.8, a tissue wedge from the right ventricle of a fresh human
heart was used for imaging. The OCT B-scans were taken from the endocardium side of the tissue,
at two different temperatures. Because of the extra-long depth of focus of the low-NA objective,
the sample arm surface across the field of view is in focus. However, the surface at the lower part
of the OCT B-scan suffers from a reduced SNR, due to the fall-off of SD-OCT system. As
illustrated in Figure 7.8, a total displacement of around 600 µm is achieved by tuning the
temperature from 12 °C to 85 °C. And the surface area with lower profile can be brought up into
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the high SNR regime. By stitching the two B-scans together, a high-topology, high-SNR image
can be obtained.

Figure 7.8 High-topology, high-SNR OCT imaging of right ventricle sample from the endocardium side. Two
images, taken at two temperatures, were stitched to recover the high surface topology of the sample. Scale
bar: 1 mm.

Figure 7.9 Another demonstration of 3D high-topology, high-SNR imaging of a metal blade covered
underneath a piece of lens tissue.

Figure 7.9 shows a 3D demonstration of high-topology, high-SNR imaging, where a metal razor
blade is covered by the lens tissue and we are trying to use this novel technique to unveil the full
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situation. We can see that, with the reference arm set at a fixed location, only the lens tissue is
resolved by the SD-OCT system. The razor blade underneath the tissue is uncovered after the
temperature tuning taking place. With a 3D volume stitching, the full configuration is revealed.
We believe our proposed OCT device would be beneficial for industrial applications as well.

7.4 Discussion
7.4.1 OFCS based OCT system
Currently, because the individual comb lines are still partially visible on the spectrometer, the
spiky shape of source spectral envelop limits the dynamic range of interferogram detection. To
obtain a smoother envelop of the source spectrum, in the future, we can further reduce the FSR of
the comb source, or employ a spectrometer with coarser spectral sampling interval.
Although the frequency comb source is shot-noise limited, the background noise of the frequency
comb based OCT images still seems to be higher than that of the SLD, which is mainly due to the
setup instability, including air flow and temperature fluctuation. However, it should be pointed out
that the setup instability can be greatly reduced if the chip-based devices along with the pump laser
are securely packaged, and thus shouldn't be regarded as fundamental limitation. Packaging of
device will not only increase the robustness, but also make them suitable for diversified
environments.

7.4.2 OCT imaging with tunable reference arm
As a first demonstration of on-chip tunable reference arm, we used a commercial OCT system,
and 75% of the light source power was directed to the OCT interferometer. Therefore, the sample
arm power detected by the spectrometer was reduced by almost a half due to the fiber splitter. It
led to the reduced signal penetration in OCT images. Currently, the high coupling loss at the
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external reference arm setup remains an issue, which leads to a relatively low SNR of the OCT
image, limiting the imaging speed to 5.5 kHz A-line rate. In the future, strategies to improve the
coupling stability especially during the temperature tuning need to be developed. One possible
way is through packaging, with micro-heaters integrated on-chip and pigtailed fibers as output
ports. It might be even better to build the full reference arm on-chip and reduce the length of the
sample arm to match the reference arm.
In addition, the micro-heater as well as heat sink design needs to be optimized to allow better heat
transduction and dissipation.

7.5 Conclusion
We demonstrate a chip-based optical frequency comb source that may enable UHR OCT at longer
wavelengths to achieve better signal penetration. We characterize the performance of the novel
source, including the axial resolution and noise, and show that it holds the promise to be adopted
in UHR OCT imaging. In addition, we also demonstrate an on-chip tunable reference arm that
allows high-topology high-resolution OCT imaging. The compactness of the device paves the way
to the ultimate miniaturization of OCT system.
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Chapter 8 Conclusion and outlook
8.1 Conclusion
In this thesis, we present an UHR OCT system at 800 nm spectral window, with an axial resolution
of 2.72 µm, a lateral resolution of 5.52 µm, and a relatively long imaging range of 1.78 mm. The
system has a sensitivity of 93.2 dB at its maximum A-line rate. The fall-off range of the
spectrometer is 0.89 mm, achieved by optimizing the focusing lenses of the spectrometer. The
system adopts a supercontinuum light source. The noise performance of the light source is shown
to be acceptable for biological imaging applications. Because of the improved resolution, the
system is able to provide high image quality images of human myocardium and breast tissue. UHR
OCT images may also lead to a better result from computer-aided automatic tissue classification,
which serves as another advantage of UHR. Moreover, with minimal modification, this system can
be equipped with the capability to produce polarization-related contrast along with the intrinsic
structural information. This functional contrast may allow tissue composition analysis for
distinguishing myocardium fibrosis from normal myocardium. Last but not the least, we explore a
novel platform for on-chip OCT, including a chip-based novel broadband source and a thermally
controlled, length-tunable reference arm. The preliminary data shows that the optical frequency
comb is a promising ultra-broadband source for OCT applications that require both the deep
penetration and the high resolution. The tunable reference arm allows fast, high-topology imaging
within the high sensitivity regime, without adding any complications or cost to the state-of-art SDOCT hardware. The novel nanophotonic devices may open the door for new OCT applications in
the future.
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In Chapter 2, we review the theoretical principles of optical coherence tomography, as well as the
various realizations of OCT tools. We also summarize the key parameters that define the
performance of the OCT systems, especially for Fourier domain OCT systems, to lay the
foundation of the design and characterization of the proposed UHR SD-OCT system.
In Chapter 3, We present the design and implementation procedures of an UHR SD-OCT system.
The system is based on a low-noise SC source, and has an axial resolution of 2.72 µm and a lateral
resolution of 5.52 µm in air. We design a customized spectrometer with 200 nm wavelength range
to accommodate the spectrally shaped supercontinuum output with FWHM bandwidth of 116 nm
centered at 840 nm. The imaging range of the system is 1.78 mm, with a 6-dB sensitivity falloff
range of 0.89 mm. The optimal design and proper calibration of the spectrometer enabled high
axial resolution with a long imaging range and a sufficient 6-dB fall-off range. The noise of the
SC source is studied extensively, and an optimal imaging protocol (32kHz line rate, with peak
reference power set between 30% to 50% of pixel saturation level) is proposed to suppress the
noise level in the OCT image when using the SC source.
In Chapter 4, we report the high-resolution myocardial imaging results with UHR SD-OCT system.
Cross-sectional images and 3D volumes were acquired ex vivo from the endocardium side on tissue
specimens of fresh human and swine hearts. Analysis of H&E and trichrome slides showed that
with the increased resolution provided by the UHR OCT system, fine features such as elastic fibers,
adipose, Purkinje fibers, and collagen fiber bundles were successfully delineated. Moreover,
polarization related features may provide additional information on tissue composition and can be
potentially used for pathological assessment as well. UHR OCT images provided rich structural
information of the myocardium, and can be potentially employed to study the structure and
function relation in the myocardium.
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In Chapter 5, we transform the UHR SD-OCT system into a high-resolution cross-polarization
OCT system with marginal modifications. This system multiplexes the two orthogonal polarization
channels into one imaging range, enabling a single detection channel and one-shot measurement.
Functional contrasts are quantitatively derived, and extracted from the polarization-sensitive
detection. And we show that it is possible to differentiate different tissue types in the myocardium,
including fibrotic myocardium and ablated myocardium, by using the polarization-related
functional contrasts. This new system paves new way to unveil the structural information as well
as tissue composition of the myocardium.
In Chapter 6, we have showed qualitatively and quantitatively that UHR OCT images may enable
better visualization of detailed features in different types of breast tissue, based on our preliminary
data. UHR OCT images of new breast cancer types such as phyllodes tumor, necrotic tumor and
fibrotic focus carcinoma were provided for future references. RVM based stochastic tissue
classification methods presented here shows great promise for automated classification of different
tissue types in human breast tissue. The classification results indicated that UHR OCT images may
enable better computer-aid detection performance in breast tumor delineation.
In Chapter 7, we explore a chip-based optical frequency comb source that may enable UHR OCT
at longer wavelengths to achieve better signal penetration. We characterize the performance of the
novel source, including the axial resolution and noise, and show that it holds the promise to be
adopted in UHR OCT imaging. The compactness of the source paves the way to the ultimate
miniaturization of OCT system. In addition, we also demonstrate an on-chip tunable reference arm
that allows high-topology high-resolution OCT imaging.
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8.2 Future work
8.2.1 UHR OCT catheters/endoscopes
Because of the penetration depth limitation, UHR OCT may be more useful if implemented in an
endoscopic device for in vivo in-organ imaging. The advantage of OCT endoscope over the
traditional endoscope is that OCT is capable of producing 3D structural information inside the
tissue, while endoscope could only provide 2D images of the surface. For intra-ductal imaging,
the diameter of the catheter should be less than 1 mm in order to access the ducts. For example,
the state-of-art mammary ductoscopy adopts a micro-endoscope with an outer diameter of around
0.9mm. This requirement limits the diameter of the micro-optics used in the OCT catheter.
Moreover, since high-resolution OCT imaging employs broadband source spectrum, the chromatic
aberration of the micro-lens system should be controlled for the wide optical window in order to
achieve high resolution in the axial direction.
Two catheters were designed in the spectral window of 800nm and 1300nm respectively. The firstgeneration prototype was started with a pair of commercial double achromatic lenses. The
achromatic doublet configuration has been widely adopted in microscopic eyepiece design. The
original lenses were scaled to meet the micro-optics requirement in diameter with the selection of
glass unchanged. The surface, thickness and spacing of each lens were further optimized in
ZEMAX aiming for the best focusing performance with least chromatic aberration. The same
process was repeated for the design of 1300nm catheter.
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Figure 8.1 800nm-catheter schematic and optical performance. (a) schematic of catheter design. (b) Huygens
PSF (for all wavelengths), the FWHM is read around 3.2µm. The NA of the micro-objective is 0.128. (c)
Chromatic aberration. The maximum absolute focal shift is about 12µm.
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Figure 8.2 1300nm-catheter schematic and optical performance. (a) schematic of catheter design. (b) Huygens
PSF (for all wavelengths), the FWHM is read around 7.1µm. The NA of the micro-objective is 0.088. (c)
Chromatic aberration. The maximum absolute focal shift is about 8µm.

8.2.2 Multi-modality UHR OCT endoscopes/catheters
In this thesis, we have shown the power of UHR OCT and its potential for “optical biopsy”,
especially in terms of structural imaging. However, because OCT signal relies on the
backscattering of light from the tissue, sometimes it may lack specificity for tissue delineation, as
in breast cancer imaging. Although we have developed HR CP-OCT to acquire additional
polarization-based functional contrast, the accuracy of contrast reconstruction is also limited by
the SNR of OCT signals. For most of the biological tissues, the backscattered signal becomes very
weak as light propagates into a certain depth inside the tissue, and it thus makes the functional
contrast unreliable. In fact, the functionality of OCT stays between the histology and radiology,
which puts it in a dilemma: Compared with histology, OCT has the capability for high-speed 3D
tomographic imaging, offering one more dimension of information in real time, but lack the
molecular contrast that histology provides; Compared with radiology, OCT has much higher
spatial resolution, but lack the penetration that the radiology techniques provide. Therefore, in
order to achieve “optical biopsy” in clinical applications, OCT may need help from other imaging
modalities that provides either deeper penetration or better molecular or chemical contrast. For
example, OCT with fluorescence detection can be a future direction for in vivo cancer screening.
It may require more complicated optics design, but multi-modality endoscopy certainly is an
exciting topic to explore in future.
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