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Chapter 1 Introduction
1.1 General Introduction

In a life system, such as the human body, various enzymatic reactions, transcription and translation of genetic
information, immune responses, and the occurrence of complex and highly intricate life phenomena, such as
diseases, are constantly taking place. Understanding these life phenomena holds significant value for
fundamental biology in exploring the essence of "life" and for medical research in studying disease
mechanisms, treatment methods, and prevention strategies. In the process of understanding life phenomena,
biomedical imaging methods that directly visualize these phenomena are a crucial technology. The
spatiotemporal information obtained from images can assist us in comprehending complex life phenomena
more simply and deeply. In the imaging of life phenomena, optical imaging methods with minimal damage
to the biological entity and high spatial resolution are powerful tools [1-5].

Since the 1990s, optical coherence tomography (OCT) with micrometer resolution and cross-sectional
imaging capabilities has become a prominent biomedical tissue-imaging technique, which continuously
picked up new technical capabilities and was gradually being applied to diagnostics in fields such as
ophthalmology, gastroenterology, and cardiology. OCT has always been dedicated to fine-scale structure
imaging with higher resolution, larger penetration depth, and enhanced image contrast with more detailed
information. The progress of OCT imaging technology is inseparable from innovations in the detection light
source, as the detection light source largely determines the imaging performance of OCT, including sensitivity,
resolution, penetration depth, and so on [6-8].

This thesis deals with research on 1.7 pm spectral tunable quasi-supercontinuum (SC) source with respect
to different applications in biological imaging. The main focus was quasi-SC generation based on wavelength
tunable ultrashort pulse source, where the insertion of a fast-optical intensity modulator enables the output
ultrashort pulse tuning with high speed. In this way, the quasi-SC spectrum was observed with high tunability
in terms of spectral shape, bandwidth, and wavelength range, due to the adjustable intensity modulation
function. The successful application in the field of biological imaging is optical coherence tomography (OCT),
where quasi-SC sources allow for both high-resolution deep tissue imaging and speckle-reduced imaging.
Several characteristics of OCT using quasi-SC, such as sensitivity, axial resolution, lateral resolution,
penetration depth, and imaging contrast were investigated.

In this chapter, I describe the background of this thesis. First, Section 1.2 presents the background of OCT,
and describes the development with respect to the imaging speed, sensitivity, spatial resolution, penetration
depth, and imaging contrast. The development in these aspects relies on innovations in SD-OCT detection
methods, and the choice of light sources. Finally, the aims and organization of this thesis are described in
Section 1.3.

1.2 Optical coherence tomography

Biomedical imaging is a vital and invaluable tool that enhances our understanding of biological structures,
processes, and events by visualizing and portraying them. This technique is capable of detecting and
describing features and characteristics related to the structure and function of biological tissues [1,9]. Its
applications extend beyond clinical diagnosis and treatment, encompassing a wide range of uses in biological
and medical research and investigations. Biomedical imaging began with the discovery of X-rays in the late



1800s, and chest X-ray imaging became one of those early applications [9]. The era of modern biological
medical imaging did not begin until the 1970s. This modern era was once again ushered in by an X-ray
imaging device called a "CAT" scanner or computed tomography, later shortened to computed tomography,
or CT [9]. From the 1970s to the early years of this century, in just a short span of thirty years, various
biomedical imaging technologies such as ultrasound imaging, X-ray CT, and magnetic resonance imaging
(MRI) have undergone development and have been applied in clinical healthcare and biomedical investigation.

In clinical care and biomedical research, OCT is a commonly used imaging and measurement technique
that emerged in the early 1990s and has rapidly developed over the past few decades. Essentially, OCT is a
low-coherence interferometry modality capable of non-invasive, high-resolution (micron-level), cross-
sectional, and three-dimensional imaging of biomedical tissues [6,7]. Its principles are similar to ultrasound
imaging, but OCT uses near-infrared (NIR) light instead of sound waves as the light source for scanning
samples. In comparison to some other commonly used biomedical imaging technologies in clinical medicine,
OCT exhibits relatively high axial resolution, ranging from a few micrometers to about 10 micrometers [8].
Additionally, unlike confocal microscopy, CT, MRI, and ultrasound imaging, OCT is able to provide deeper
tomographic imaging. For the above reasons, OCT is considered a technology that fills the gap between
various biomedical imaging techniques, enabling high-resolution and depth-resolved in vivo imaging of
biological structures, as illustrated in Fig.1.1 [1,8]. Due to these advantages, OCT has garnered significant

attention from biomedical engineers and researchers, being recognized as a highly promising imaging
technology in the fields of biology and medicine.
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Fig. 1.1 Comparison of resolution and penetration depth between OCT and other biological
imaging technologies [8].

The concept of OCT was first demonstrated by James G. Fujimoto et al. in 1991 [6]. The technique was
originally intended for noninvasive cross-sectional imaging of the human retina and the coronary artery. The
first OCT equipment was commercialized in 1994 and was used in ophthalmic clinical practice [10-12]. This
allowed physicians to view fundus structures with high resolution and sensitivity without the need for surgery.
As the technology evolved, OCT began to be used in the detection of neoplastic changes. Early studies were



performed ex vivo to correlate OCT images with histology for gastrointestinal [13-16], biliary [17], female
reproductive [18,19], pulmonary [20], and urinary [21,22] pathologies. Its high resolution and non-invasive
nature made it a powerful tool for viewing tissue structures. Since then, OCT technology has continued to
improve and innovate around imaging speed, sensitivity, spatial resolution, penetration depth, and image
contrast, enabling it to become a powerful tool in medical and biological research.

1.2.1 High-speed highly sensitive OCT (SD-OCT)

First-generation OCT systems before 1995 employed time-domain detection with an interferometer using a
low-coherence light source and scanning reference delay arm, called time-domain (TD) OCT [23]. The
development of Fourier-domain detection enabled a breakthrough in OCT imaging sensitivity and speed. The
utilization of high-speed diffraction grating dispersion-compensating delay scanners has enabled OCT
imaging speeds of several thousand axial scans per second and video rate imaging [24,25]. In 1995, the
implementation of spectral domain (SD) OCT was first reported [26], classified as Fourier domain (FD) OCT.
This approach exhibits significant advantages in signal-to-noise ratio (SNR), even though reports date back
as early as 1997 [27,28]. However, it took approximately 50 years for this approach to gain full recognition
in the OCT community, finally achieving widespread acceptance in 2003 [29-31]. In 2002, SD-OCT was first
used for in vivo retinal imaging [32], and its sensitivity advantages in high-speed three-dimensional
volumetric imaging [34], ultra-high-resolution video-rate imaging [35,36], and human retinal Doppler blood
flow measurements [37,38] were subsequently fully realized. Pioneering studies by Nassif et al. demonstrated
video-rate retinal imaging using SD-OCT with line scan cameras, achieving 29,000 axial scans per second
with an axial image resolution of 6 um [39].

The principle of SD-OCT can be comprehended by considering the Michelson interferometer as an
aperiodic frequency filter, where the periodicity is determined by the path difference between the sample and
reference arms. The interference of the two beams induces a spectral modulation based on frequency, and this
modulation can be detected using a spectrometer. The periodicity of the modulation is inversely related to the
echo time delay. Consequently, different echo delays give rise to distinct frequency modulations. The
measurement of echo delays involves converting the spectrometer output from wavelength to frequency and
subsequently applying a Fourier transform to the interference signal. This process yields an axial scan that
provides information about the magnitude and echo delay of the light signal originating from the tissue. SD-
OCT imaging enables the imaging speed of about 50-100 times greater than TD-OCT systems. Meanwhile,
the superior sensitivity of SD-OCT, combined with the lack of need for a fast scanning mechanism, has opened
up the possibility of much faster scanning without loss of image quality and provided a paradigm shift from
point sampling to volumetric mapping of biological tissue. Figure 1.2 (a) shows a cross-section centered on
the optic nerve head, while Figure 1.2(b) illustrates the corresponding en-face image derived from the 3-D
dataset [23].



(a)

(b)

Fig. 1.2 (a) High-resolution SD-OCT image of a human retina in vivo, centered on the optic nerve
head. (b) En-face reconstruction of the optic nerve head region of the retina from a volumetric SD-
OCT data set [8].

Actually, there is another FD-OCT, which is based on wavelength-swept light sources, called as swept-
source OCT (SS-OCT). SS-OCT employs high-speed, balanced photodetectors instead of a spectrometer and
line-scan camera utilized in SD-OCT [23]. The use of photodetectors in SS-OCT leads to reduced detection
losses compared to SD-OCT, owing to the enhanced efficiency of the photodetectors. Furthermore, SS-OCT
demonstrates a significant reduction in parasitic signal roll-off with imaging depth—a characteristic present
in SD-OCT. This improvement is attributed to the coherence properties of tunable lasers and the capacity to
detect high-frequency signals using broad bandwidth detection and data acquisition systems. Notably, SS-
OCT offers high-speed and high-sensitivity imaging. However, it is crucial to highlight that wavelength-swept
lasers play a pivotal role in the technology of SS-OCT. The properties of swept source are very different from
the light source developed in this thesis. Therefore, SS-OCT is not the focus of this study.

1.2.2 High-resolution OCT imaging (broadband light source)

OCT achieves very high axial image resolutions independent of focusing conditions because the axial and
lateral resolutions are determined independently by different physical mechanisms. This implies that axial
resolution can be enhanced using broad bandwidth, low-coherence length light sources, which is explained
in Chapter 2. A minimum output power with low amplitude noise is also crucial for enabling high sensitivity



and high-speed real-time OCT imaging. Therefore, it is evident that the light source stands out as the key
technological parameter for an OCT system, and making the proper choice is imperative [40].

When selecting a light source for OCT imaging, several key criteria must be taken into consideration. The
characterization of a light source and its suitability for OCT can be evaluated based on: (1) central wavelength,
(2) bandwidth and spectral shape, (3) averaged power, (4) noise, and (5) stability. So far, there are three
common types of broadband light sources for high resolution OCT imaging, including superluminescent diode
(SLD), solid-state laser, and supercontinuum (SC) source.

Superluminescent diodes (SLDs) are widely employed as the primary light sources in OCT due to their
compact size and cost-effectiveness. The distinctive feature of SLDs lies in their ability to combine laser
diode-like output power and brightness with a broad, LED-like optical spectrum. This unique combination is
made possible by the high optical gain and wide gain spectrum found in semiconductor laser materials.
Substantial enhancements in SLD performance parameters have led to the creation of highly powerful and
broadband SLD-based light sources across various spectral bands, ranging from 680 to 1,600 nm. Currently,
SLDs exhibit output power comparable to that of single-mode laser diodes and coherence length down to 10
mm and less, particularly at specific wavelengths. The utilization of "combined" SLD light sources, based on
two or more SLDs, has enabled the generation of ultrahigh-resolution (2.5-3.5 um) OCT images of the human
eye and tissues. [41]. Table 1.1 shows the summary of SLDs specifications for OCT with respect to the active
layer structure, power, and bandwidth. The bandwidths of SLDs are typically less than 100 nm with output
power in the range of 10-200 mW.

Table 1.1 Gain material dependence of central wavelength, power, and bandwidth

Active Active layer | Bandwidth Power Wavelength
materials structure [nm)] [mW] [nm)]
Bulk 8-10 4
AlGalnp 680
QW 8-10 50
Bulk 50 100~
AlGaAs QW 20 20 780-870
Combined
MQW ~100 -
Bulk 70 30
InGaAs 920-980
SQW 100 10
Heterostructure - 10~
InGaAs/GaAs 1050
QD 60 200
InGaAsP/InP MQW/QD 60 10 1300-1600

The term solid-state laser typically refers to lasers that utilize a gain medium in crystalline or glass form,
with ions introduced as an impurity in an otherwise transparent dielectric host material (whether in crystalline




or glass form). These lasers have been a subject of considerable research interest since the invention of the
first ruby laser by Maiman in 1960 [40]. Various solid-state lasers offer optical gain across a wide frequency
range, allowing for high output powers with ultrabroad bandwidth laser emission. Table 1.2 shows a
comparison of optical properties of main broadband solid state laser materials for OCT. Solid-state lasers with
a bandwidth of a few hundred nanometers and an output power of a few tens of milliwatts can achieve ultra-
high axial resolution (<5 um) for OCT imaging.

Table 1.2 Optical properties of broadband solid-state laser materials

Materials Bandwidth Power | Wavelength CO;;?Z{)S:SCS& %ig)nCT
[nm] [mW] [nm] [um]
Ti**:sapphire 176 20 776 1.7
Cr’*:LiCAF 300 90 800 1.3
Cr*":Forsterite 210 50 1200 5
Cr*":YAG 190 - 1450 -

Supercontinuum (SC) sources have been investigated since their discovery in the late 1960s by Alfano and
Shapiro [42]. Thanks to the excellent features of high output power, broad spectrum, and high degree of spatial
coherence, SC generation has been widely studied for various applications, such as ultra-high-resolution OCT,
multi-photon excited fluorescence microscopy, frequency metrology, extremely short pulse generation, and
optical communications [43-46]. The development of highly nonlinear optical fiber brought a dramatic
bandwidth expansion of over an octave [47, 48]. In 2001, Nishizawa and Goto demonstrated an all-fiber SC
source emitting at around 1.55 pm by use of a passively mode-locked Er-doped fiber laser and highly
nonlinear fiber [49]. Recently, because of investigating the principles of SC generation, high-quality SC has
been generated [50-52].

Table 1.3 Optical properties of broadband light sources

Wavelength Bandwidth Power

[nm] [nm] [mW]

SLD 400-1700 <100 10-200
Solid state laser | 800-1500 <300 <100
SC 800-2000 100-400 10-100

The above description has outlined the primary options for broadband light sources. Table 1.3 provides an
overview of the different broadband light sources for high axial resolution OCT. SC sources offer a broader
bandwidth and a wider range of detection wavelengths compared to both SLDs and solid-state lasers.



1.2.3 Deep tissue OCT imaging (detection light wavelength)

The light source not only determines axial resolution via its bandwidth and central emission wavelength but
also determines the penetration in the sample (biological tissue), and the lateral resolution.

Figure 1.3 shows the wavelength dependence of light attenuation caused by water absorption and light
scattering at different wavelength ranges for biological tissue imaging. As the wavelength increases, the
scattering of light by biological tissues decreases. There is a local minimum water absorption in the narrow
wavelength ranges of 0.8, 1.1, 1.7, and 2.2 um. When using optical imaging techniques to observe deeper
positions within biological organisms with high resolution, near-infrared light (wavelength > 0.8 um), which
has fewer light-absorbing elements and less scattering compared to visible light (wavelength 0.4—0.8 pum), is
employed as the light source [53-56]. Recent research in the field of biomedical imaging has indicated that in
the imaging of highly scattering tissues using near-infrared light, signal attenuation caused by light scattering
dominates over water absorption [57-60]. While past biomedical imaging primarily employed light sources
with a wavelength of around 0.8 pum, researchers have been striving to achieve greater penetration depth by
utilizing the 1.1 pum and 1.3 um wavelength bands, where signal attenuation due to scattering is reduced. In
practice, improvements in penetration depth have been achieved [61-66]. However, even when using light
sources in the 1.1 pum and 1.3 pm bands, imaging of highly scattering tissues such as the brain and skin still
faces limitations, with penetration depths typically ranging from a few hundred micrometers to about 1
millimeter, making it challenging to achieve sufficient depth for deep tissue observation.
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Fig.1.3 Wavelength dependence of light attenuation caused by water absorption and light scattering
at different wavelength ranges [56].

In recent years, there has been significant attention on wavelength bands around 1.7 pm to achieve high-
penetration biomedical imaging with depths exceeding 1 mm, as the signal attenuation due to scattering is
even smaller than that in the 1.1 um and 1.3 um bands [67-69].

As mentioned above, considering both broadband width for high axial resolution and detection wavelength



range for deep tissue imaging, 1.7 um SC source is a good choice for high resolution OCT with large
penetration depth. It is reported that a maximum imaging depth of 1.6 mm in mouse brain imaging has been
achieved by 1.7 um light source [70]. Figures 1.4 show the OCT images of a mouse brain at different imaging
depths and reconstructed OCT images.
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Fig. 1.4 (a) Full-range OCT images of a mouse brain at different imaging depths and (b) connected
OCT image [70].

Furthermore, the wavelength of the Raman soliton pulse depends on the fiber length and the input laser
power [71]. Therefore, by varying them, the wavelength-tunable soliton pulse can be generated. The
wavelength of the soliton pulse can be tuned simply by controlling the input voltage into the AOM based on
an all-fiber ultrashort pulse laser. This generation system of the wavelength-tunable soliton pulse is very
simple and does not require troublesome operation in the wavelength-tuning. This development can be
employed as the light source of SS-OCT. In 2008, Sumimura et al. developed a new broadband light source—
a quasi- supercontinuum (SC) source based on the wavelength tunable pulse generation [72]. The quasi-SC
source not only has similar spectral properties to SC, but also has a high tunability on spectra. The
implementation of highly tunable quasi-SC on OCT enables a functional OCT, such as speckle-reduced OCT.

1.24 Image contrast-enhanced OCT (speckle reduction)
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Fig. 1.5 Cross-sectional image of a human optic nerve head [73].

Figure 1.5 shows the OCT image of a human optic nerve head [73]. From the cross-sectional image, the
boundaries for these retinal layers were blurred because of some dark and bright dot patterns. They are
speckles. The appearance of speckle patterns degrades the image contrast and hinders the visibility of fine-
scale structures, such as this layer structure.

Speckle is one of the most distracting artifacts of OCT images (as well as in other coherent ranging
techniques like ultrasound). It is often difficult to distinguish the features caused by speckles from other
features of interest. However, the phenomenon of speckle is what enables methods such as OCT to be useful.
As the scatterers are typically randomly distributed in most objects, each frequency band used for probing the
object contains useful details. This inherent property makes coherent ranging techniques practically useful. If
the scatterers were not randomly distributed, leading to the absence of speckles, it's conceivable that probing
an object within a specific frequency band might reveal no details at all (an example being the imaging of a
Bragg grating with a resonant frequency outside the probed bandwidth). Unfortunately, when discerning
details at the instrument's resolution limit, there is a likelihood that the details may be modulated by speckle,
resulting in apparent noise [74].

Speckle arises when scatterers are distributed randomly, and the backscattered reflections from each
scatterer superimpose with random phase and amplitude in the OCT interferogram. This phenomenon can be
visualized as a "random walk" of two-dimensional vectors, each vector representing the complex-valued
reflectance of an unresolved scatterer [74,75]. The summation of these vectors is approximated by a complex
Gaussian random variable, with its length following a Rayleigh probability distribution. It's important to note
that this implies the magnitude squared of the vector has an exponential or Boltzmann probability distribution.
When considering multiple polarizations of the return signal, the magnitude squared of the reflectance aligns
more closely with a gamma distribution [75-77]. The detailed origins of speckles are explained in Chapter 2.

Various approaches have been employed to tackle this persistent issue. They are categorized in two groups:



software-based and hardware-based methods, as shown in Table 1.4.

Table 1.4 Categories of speckle reduction methods

Hardware-based group Software-based group
Amplitude compounding Wavelet or curvelet transforms
Angular compounding Non-local means algorithms
Frequency compounding Sparse representation

Spatial compounding

In the software group, one approach treats speckle as ordinary image noise and uses a common image
denoising algorithm - spatially adaptive 2D wavelet filters to reduce speckle noise in OCT images. This
method transforms speckles, considered as multiplicative noise, into additive noise by logarithmically
transforming the OCT image amplitude. It enhances the discrimination of noise by exploiting correlations
between wavelet coefficients at multiple scales, arising from object features. This enables the removal of
uncorrelated speckle features while preserving scale-invariant features that generate the largest wavelet
coefficients. When applying this filter to ophthalmic OCT images, a signal-to-noise ratio improvement of 0.7
dB is achieved, with an image sharpness decrease of 3% [78]. Additionally, a multidimensional wavelet
technique utilizes correlations in time-series data to suppress speckle noise via decorrelation [79]. A
comparable method, based on the curvelets transform, has also been demonstrated [80,81]. An alternative
method for speckle suppression concurrently limits the magnitude to align with a blurred rendition of the
image. Simultaneously, it preserves the details by constraining the image to align with the data in a least-
squares manner [82]. The blurred OCT image serves as a "default" reference, guiding the assignment of
magnitude where the data leaves the magnitude of the reconstructed image unspecified. The applied constraint
is a relative entropy constraint known as the I-divergence between the default image and the reconstructed
image [83].

Hardware-based ways to eliminate speckle effects are to incorporate several images into a single image, a
technique commonly referred to as compound averaging [76,77]. Speckle appears because most objects
exhibit features at length scales smaller than the minimum resolvable area of an OCT instrument. This
phenomenon results from the interference among randomly positioned scatterers, each individually beyond
the resolution capability of the OCT instrument due to its finite bandwidth and focused spot size. In OCT
images, speckle manifests as a random modulation in the demodulated amplitude image, arising from the
interference among scattered waves from these unresolved scatterers. Unfortunately, in practical scenarios,
features generated by the random interference of speckles and those of other points of interest often become
indistinguishable. When multiple images of the same static object are acquired and remain unchanged
between sequences, they will display identical speckle patterns, even if the noise is independent among the
images. Consequently, if these images are averaged, the speckle pattern persists, even with an improved
signal-to-noise ratio. To diminish speckles, the averaged images must each exhibit slight variations by probing
different coherent superpositions of the sub-resolution scatterers responsible for generating speckles.
Achieving this involves implementing a diversity mechanism designed to alter the phase of interference
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among the sub-resolution scatterers. Ideally, the diversity mechanism induces independent amplitude
modulation due to speckle at each resolvable point in each image. By measuring various combinations of
interference among the sub-resolution scatterers, the scatterer density in the image can be more accurately
estimated by averaging the randomized amplitudes of the constituent images. So far, there are four main
diversity mechanisms used to reduce speckle. One of them is frequency compounding, which merges the
images of the identical object captured in some different optical frequency bands. Figure 1.6 shows the
experimental setup for speckle reduction in OCT by frequency compounding. Typically, particles scatter at
wavelengths within the near-infrared (NIR) range. By introducing two light sources with diverse frequency
bands within the NIR and corresponding detectors, it induces a modification in the phase shift of the
interference among scatterers, resulting in the generation of two uncorrelated speckle patterns in each band.
Due to the largely uncorrelated speckle patterns in both frequency bands, their compounding significantly
reduces speckle and increases contrast in the image [84]. Polarization diversity involves assessing the same
object using orthogonal polarizations to generate different speckle patterns for each polarization, which can
then be averaged [85]. Angular compounding captures the sample with varied tilts of the axial scan relative
to the transverse scan direction, deviating from the conventional approach of always having the axially
focused beam perpendicular to the transverse scanning direction. Illuminating the scatterers in the object at
different angles results in measuring different combinations of scatterers, altering the speckle pattern [86,87].
Spatial compounding de-speckles by averaging different parts of an image are particularly beneficial when
object properties are uniform, such as in a sample of human skin [88]. In some techniques, gradually
increasing strain is applied to the sample, effectively decorrelating speckle between successive B-scans.
Incoherent averaging of these decorrelated images reduces the speckle noise [89,90]. In another method,
image registration followed by averaging of multiple B-scans is used to reduce speckle [91].
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Fig.1.6 Experimental setup for speckle reduction in OCT by frequency compounding. SLD-1 and
SLD-2 with center wavelengths of 1312 and 1488 nm, respectively; BS, beamsplitter; P, polarizer;
NPBS, nonpolarizing beamsplitter; HE-NE, helium-neon laser; D1-D2, detectors; WDM,
wavelength division multiplexer [84].

1.3 Purpose and organization of this thesis
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Based on the above backgrounds, the objective of this study is to enhance the performance and expand the
capabilities of OCT by introducing a novel light source — a 1.7 pm supercontinuum (SC) source, aiming to
further improve its applicability and versatility. To achieve this goal, the study is divided into three phases in
detail.

First, one important part of the research work was the development and characterization of 1.7 pum quasi-
SC sources, which are based on wavelength-tunable ultrashort pulse generation and fast intensity modulation.
The spectral tunability of quasi-SC output in terms of spectral shape, bandwidth, and central wavelength was
investigated by adjustable intensity modulation. Then, the noise property was evaluated with the comparison
of conventional SC.

The second part of the research work focused on the investigation of high-resolution deep tissue OCT
imaging using a broadband quasi-SC. The characteristics of OCT imaging, including sensitivity, lateral
resolution, axial resolution, and imaging depth, were examined for the demonstration of possibility of quasi-
SC as a source of OCT. Then, comparative imaging between quasi-SC and conventional SC for the biological
tissue were performed to validate the feasibility of quasi-SC.

In the final stage, the speckle reduction and image contrast enhancement were investigated by using
multiple quasi-SC outputs in OCT imaging. The uncorrelated speckle pattern was obtained by utilizing the
wavelength tunability of quasi-SC, and the speckle reduction was achieved through compounding average.

The contents of the chapters making up this thesis are listed below with brief summaries:

In Chapter 2, the theory of optical coherence tomography is explained. The basic characteristics of OCT
are presented including lateral and axial resolutions, imaging range of confocal grating, and sensitivity. To
realize ultrahigh axial resolution, the dependence of the coherence length on chromatic and polarization
dispersion and the bandwidth of the system components are explained. To realize a high-sensitivity system,
the causes of noise, such as laser intensity noise and detector sensitivity are explained. Finally, for image
contrast improvement, speckle origins in OCT are explained.

In Chapter 3, supercontinuum (SC) and quasi-supercontinuum (SC) sources for high-resolution OCT are
explained. For SC and quasi-SC generation, ultrashort pulses and the nonlinear properties of optical fibers are
used. Therefore, the theory of pulse propagation in fibers and the principle of Raman soliton generation are
explained. The characteristics of optical loss, chromatic dispersion, and nonlinear effects induced in optical
fibers are also mentioned.

In Chapter 4, the development of a 1.7 um quasi-supercontinuum (SC) source using an ultrashort pulse
fiber laser and a PM fiber is described. First, an ultrashort pulse generation is demonstrated. In order to obtain
1.7 pm spectral band, an all-fiber amplifier and PM fiber are used for wavelength-tunable Raman soliton
generation. To realize tunable quasi-SC, a functional intensity modulation is demonstrated. Variable spectral
quasi-SCs are shown by the adjustment of the modulation function.

In Chapter 5, high-resolution deep tissue imaging using 1.7 pm broadband Gaussian-shaped quasi-SC is
described. For high-resolution deep tissue imaging, a broadband Gaussian-like quasi-SC is generated with
similar spectra to SC. A quantitative comparison of OCT imaging properties, such as imaging sensitivity, axial
resolution, lateral resolution, and imaging depth using quasi-SC and conventional SC is presented. Finally,
comparative imaging for tissue samples is demonstrated.

In Chapter 6, speckle-reduced imaging using multiple quasi-SCs is demonstrated. For speckle decorrelation,
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seven quasi-SCs are obtained by the adjustable intensity modulation. In tape stack imaging, the decorrelation
results were demonstrated by the index of correlation coefficient, and the fine-scale layer structure of tape
stack are presented. In pig thyroid gland imaging, penetration depth, the image index of SNR, contrast, and
CNR are examined in compound averaged images.

Finally, Chapter 7 summarizes the contents of this thesis and presents the outlook.
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Chapter 2 Theory of optical coherence tomography
2.1 Introduction

The background and development history of optical coherence tomography (OCT) have been described in
Chapter 1. For a better understanding of OCT and factors influencing OCT performance, the theory of OCT
and numerical analyses were presented in this chapter. The fundamental theory of interferometer with low-
coherence light was explained at first. Then the basic characteristics of interferometer for imaging such as
imaging range, lateral resolution, confocal gating, and lateral resolution were described in section 2.2. The
fundamental law governing the axial resolution, which depends on the full width at half maximum (FWHM)
of the interference signal and its shape, was shown to be inversely proportional to the spectral bandwidth of
the used light source. The principles of time-domain (TD) OCT and Fourier-domain (FD) OCT were
explained in section 2.3. The principle, axial resolution limitations, and detected sensitivity for spectral-
domain (SD) OCT were explained in section 2.4. The speckle, an inherent property in OCT, which degrades
the image contrast, was explained in section 2.5.

2.2 Michelson interferometer
2.2.1 Interferometer with coherent light

Figure 2.1 shows the schematic of the Michelson interferometer [1]. Firstly, to simplify the following analysis,
a reflecting mirror was used as the sample, and a single wavelength narrow bandwidth laser source is directed
onto a Michelson interferometer. The incoming light is divided into two interferometer arms using a beam
splitter, identified as the reference and sample arms. Lights from the two arms are recombined through the
beam splitter, and captured by the photodetector, which converts the measured power into an electrical current.

reference
mirror
R
sample
mirror
——f G B
— |
z

photodetector
Fig. 2.1 Schematic of the Michelson interferometer [1].

The detected currents from the reference mirror and sample mirror can be expressed in electric filed form,
given by
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Ex = A eXPLi(Kzg  + )]

E, = A expli(kzgy s + 2,)]

2.1)

where A is the optical amplitude, z«: is the total path length for the light traveling through the interferometer,
@o 1s the initial phase of the electric field of light source before it enters the interferometer, and k& = 2z/4 for
the light source of wavelength &. The detected photocurrent is given by

2

| = I§R+I§S

Dector

= B> + E* + 2ELE, cos[2K(z, — Z4)] (2.2)
=1+ 1+ 211 cos[2k(z, —Z,)]

= D peetor (Ks Zg = Z5)
where |, = ER2 and | = ESZ.The measured signal only depends on relative optical path differences between
the two arms of the interferometer.
For the broadband light source, each wavelength component should be treated as a separate source that
does not interfere with any wavelength other than its own. Define I; = R;1,S(k) and |5 =Rs1,S(k), where
S(k) 1is normalized spectral function of the light source, and P is the percentage of original light intensity /o

reaching the detector for light traveling through the arm. Assuming a uniform efficiency of the detector across
the spectra of the light source, the detector measures the sum of all contributions from the light source for all
wavelengths £, represented by

I (ZR - ZS) = I IDector(k’ i — ZS)dk
k

= [Py + Pale)S(K) + 2[R Py 1,8 (k) cos(2K (2, - 2, ))]dk (2.3)
= (Py +Po)lg + 2/PyPy [ S (k) cos(2k(z, - 2,))k

The function IS(k) cos(2k(z; —z¢))dk is an autocorrelation of the light source spectra that is defined as
k

the Weiner-Khinchin theorem (Fourier transform of the magnitude of the electric field). The coherence
function, which will be defined as f.(z)and is centered around z = z, — z is a function that determines the

impact on the interference signal when reflections from the two arms of the interferometer have unequal path
lengths.

Figure 2.2 shows the measured light intensity at output of the Michelson interferometer as a function of the
difference of the optical path lengths between the two interferometer arms for both single-wavelength and
broad-bandwidth light cases. The full-width half maximum (FWHM) of the maximum interference fringe is
identified as the coherence length. The coherence length |. is an important quantitative parameter that

characterizes the system's capability to separate different interference reflections from each other.
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Fig. 2.2 Measured light intensity as a function of the path length difference for (a) single
wavelength light and (b) broad bandwidth light [1].

Next, let's contemplate a scenario where a layered structure replaces the single reflector in the sample arm.
In this case, the measured interference signal results from the convolution of the coherence function with the
reflectivity profile of the sample. Figure 2.3 shows the ideal reflectivity profile and theoretical interference
signal. The interference fringe signal emerges as the convolution of the reflection profile with the coherence
function.

(a) (b)
=
2 B
2 i)
= <]
14 8 1
ZgZg ZgZg

Fig. 2.3 (a) Ideal reflectivity profile and (b) theoretical interference signal [1].

2.2.2 Axial resolution

For detailed description of axial resolution, a sample comprising multiple layers is analyzed [1]. Figure 2.4
shows the exemplary model for the sample with a series of discrete reflectors. The sample is characterized by
its depth-dependent electric field reflectivity profile along the sample beam axis 7s(z;s), where z; is the path
length variable in the sample arm measured from the beam splitter. In general, r,(z;) is continuous, arising
from the continuously changing refractive index of biological tissues and other samples. It may also be
complex, encoding both the phase and amplitude of each reflection. However, for an illustrative example, we

N
assume a series of N discrete, real delta-function reflections of the form r;(zg) = Z r,,0(zs —Zg,) , with each
n=1

reflection characterized by its electric field reflectivity rs;, sz ... and path length from the beam splitter of zs;,
zs2.... The power reflectivity of each reflector is given by the magnitude squared of the electric field
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reflectivity, for example, Ry, = |r51|2 . The objective of low-coherence interferometry in OCT is to reconstruct

the function /RyZ; from noninvasive interferometric measurements. The electric field passing through the

i ; : E i2kz
beam splitter after returning from the sample arm is Eg =—'2[rS (z,)®e?], where @ represents

V2

convolution and the factor of 2 in the exponential kernel accounts for the round-trip path length to each sample
reflection. Note that for most samples, such as biological tissues imaged with OCT, sample reflectivities Rs;,
Rs: ... are typically very small (on the order of ~10* to 10°). The returned reference field typically dominates
the reflected sample field. Indeed, the selection of the appropriate reference reflectivity is an important
criterion in OCT system design.

N
Fs {:.\'} = Z_I'V.\'Ha(:.\' - :.\pr)

1/2 /3 Sample
{_,—- 4—‘{ < fieflections
\/; Zs1 = \\ \\zﬁ 8 n(4)

E, —’\/fj I:J"_\. (z,) ® eﬂtx]

Fig. 2.4 Exemplary model for a sample comprising a series of discrete reflectors [1].

For the example of discrete reflectors, the fields incident on the beam splitter after returning from the

. E E . .
reference and sample arms are given by E; = T'z r.e”®and Eg = TIZ I, , respectively. The returning

fields have their power halved upon passing through the beam splitter again and interfere at the square-law
detector. The detector generates a photocurrent proportional to the square of the sum of the fields incident

upon it, expressed as |y, (K, @) = §<|ER +E, |2> = %((ER +Eg)(Ep + Eg )*>. Here, p is the responsivity of

the detector (units amperes/watt), the factor of 2 reflects the second pass of each field through the beam splitter,
and the angular brackets denote integration over the response time of the detector. Arbitrarily setting z=0 at
the surface of the beam splitter and expanding for the detector current give

> (2.4)

s(k, ) s(k,w) i rsnei(Zszn—mt)
\/E \/E n=1
Expanding the magnitude squared functions in Eq.(2.5) eliminates the terms dependent upon the temporal
angular frequency @ = 27zv, which is reasonable since v oscillates much faster than the response time of any
detector. This leaves the temporally invariant terms:

rRei(Zsz—(ut) n

KK@=§<
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FEISI0D, JReR, (€7 7) g )] (2.5)
n=1
N : .
2800 Y JReRe (€200 72750
n=m=1

Here, S(k) = <|S(k, a))|2> is substituted, which encodes the power spectral dependence of the light source. As

an example for illustration, adopting a Gaussian-shaped light source spectrum proves convenient for modeling
OCT, as it closely approximates the actual light source shape and possesses beneficial Fourier transform
properties. The normalized Gaussian function S(k) and its inverse Fourier transform y(z) are given by

1 7[(k*ko)]2
g Ak 2.6
NG (26)

and are illustrated in Fig.2.5. Here, ko represents the central wave number of the light source spectrum, and
Ak represents its spectral bandwidth, corresponding to the half-width of the spectrum at 1/e of its maximum.
As will be illustrated later, the inverse Fourier transform p(z), called the “coherence function,” plays a
significant role in determining the axial point spread function (PSF) in OCT imaging systems, especially in
systems utilizing a low numerical aperture focusing objective. The PSF is often described by its full width at
half the maximum (FWHM) value and defines the round-trip "coherence length" of the light source, denoted
as lc. The free-space coherence length is explicitly dependent on the light source bandwidth and is expressed
in both wave number and wavelength terms as

- 2,/In(2) _2In(2) A 2.7

r@=e"" o5k =

¢ Ak T AA
r(2) 1 S(k)
1.0 T ™= T T 2N T
\ wle [ /N
/ \ ;’# \'\
/ \\_ . / A\
0‘5 B l,l’ "lc ".‘. | o | _,'Ir \ _
a — / Y
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Fig. 2.5 Illustration of Fourier transform relationship between the Gaussian-shaped coherence
function y(z) (characterized by the coherence length /.) and the light source spectrum S(k)
(characterized by the central wave number kp and wave number bandwidth Ak) [1] .

2
Here, A, = it is the center wavelength of the light source, and A/ is its wavelength bandwidth, defined as
0
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. AL . . .
the FWHM of its wavelength spectrum (so that Ak = L—Z). Note the inverse relationship between the

JIn(2) 4,
coherence length and the light source bandwidth. Recognize the inverse correlation between the coherence
length and the light source bandwidth. Simplifying Eq.(2.5) using Euler's rule yields a real result for the
detector current as a function of wave number, commonly known as the “spectral interferogram™:

I Dector

(k) = ZIS(K)(Re + R + R +..)]
+ 2[00 3 R, c0s[2K(24 - 2] e3)

+§[s(k)iﬂ [RR, cos[2K(z, — z,)]]

2.2.3 Confocal grating and lateral resolution

Figure 2.6 illustrates the spot size and focus depth of an assumed Gaussian profile sample arm beam in the
region of the beam focus, which help us to analyze the lateral resolution and axial field of view of the OCT
system [1,2]. This approach is a reasonable approximation and offers valuable insights into the trade-off
between these parameters. Specifically, the spot size is proportional to the numerical aperture (NA) of the
sample arm focusing optics, while the depth of focus is proportional to NA?. Confocal microscopes have a
slight advantage in lateral resolution compared to conventional bright-field microscopes and the capability to
perform "optical sectioning" due to their peaked axial response. Unlike conventional bright-field microscopes,
where out-of-focus light is blurred but not attenuated. Figure 2.6 also provides a summary of results
characterizing these parameters in lateral and axial directions. The optical system is assumed to be
cylindrically symmetric, so only one lateral dimension is displayed.

Sample Arm Beam
(maximum scan angle 8,,..)
&

(L

Objective Lens
(focal length f,
numerical aperture NA)

Lateral Resolution
Axial Field of View e,
ox =370+
0.221.1 N4
F()I-If\kllll. = —-
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sn- 3 . .
- R ------ Axial Resolution
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Ll T AA
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Fig. 2.6 (a) Schematic of generic OCT sample arm optics. Formulas are provided for axial field of view
FOVaxia and lateral resolution ox (assuming these quantities are dominated by the confocal geometrical
optics), axial resolution Jz (assuming it is limited by the low-coherence interferometer), and for lateral
field of view FOViaserar (assuming a simple f-theta scanning system) [1].

An expression describing the detected intensity from a point reflector positioned in the focal plane of an
ideal reflective confocal microscope as a function of lateral position is given by

2-J,(v
() = 22y 29)
1%
where J;(v) is a first-order Bessel function of the first kind and v is the normalized lateral range parameter

defined byv =27 -x-sin(a) / 4,. Here, x is the lateral distance from the optical axis, a is half the angular
optical aperture subtended by the objective, and 4y is the center wavelength of the light source. Note that the
numerical aperture of the objective is given by NA =sin(«), assuming that it is properly filled. We interpret
Eq. (2.9) as the lateral point spread function of an OCT system at the position of its focal plane and

characterize it by defining the lateral resolution oJx as its full width at half-maximum (FWHM) power, which
is calculated as

ox=0.37 _/10 =0.37i (2.10)
sin(a) NA

The lateral field of view for an OCT system is highly dependent on the specifics of the lateral scanning
system used. A relatively straightforward scanning system involves rotating the sample arm beam through the

input aperture of the objective lens to a maximum one-sided scan angle & ax in one or two lateral dimensions.

In this case, the lateral field of view of the OCT system is simply given by FOV,.., =26, _, .

ateral

We follow the convention in confocal microscopy and describe the axial response of the OCT sample arm
optics as the confocal response to a planar rather than point reflector [4,5]. The detected intensity of an ideal
confocal microscope from a planar reflector as a function of the reflector position along the optic axis is given

by
sin(u/ 2))2

(u)=( w2

(2.11)

where u is the normalized axial range parameter defined byu =8x-z-sin’(a/2)/ ,. The axially peaked

response of a confocal microscope gives its well-known depth-sectioning capability. This is also the response
expected by translating a mirror axially through the focus of an OCT sample arm. In most OCT applications
designed for practical clinical and research applications, a relatively low numerical aperture objective is used
so that the lateral resolution dx is approximately matched to the axial resolution Jz defined by the low-
coherence interferometer. Consequently, isotropic resolution imaging is achieved. Under this condition, the
confocal gate length is much larger than the lateral resolution since it scales as the square of the numerical
aperture. However, the confocal gate length still imposes limitations on the axial range over which the low-
coherence interferometric depth scanning may effectively operate. We define the FWHM power of the
confocal axial response function as the axial field of view FOVuyiar of the OCT system, which calculates to
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sin?pSN_(NA),

2.3 Time-domain and Fourier-domain optical coherence tomography

Optical coherence tomography (OCT) is the method of imaging that maps the spatial distribution of the
interference fringe envelopes based on Michelson interferometer configuration [1-3]. The core of OCT is the
identification and measurement of interference fringes. There are two main groups of OCT available
depending on the measurement method: time-domain (TD) OCT, Fourier-domain (FD) OCT.

2.3.1 Time-domain (TD) OCT

Power
Mirror

Er
Wavelength

Es
Ein _ v «—>
Low coherence > 5.7
source /
—_— Sample

lEom
Photo detector -

Fig. 2.7 Schematic of TD-OCT.

Figure 2.7 shows the schematic configuration for TD-OCT [1,2]. A wideband light source, namely low-
coherent light, is used as the light source. When acquiring interference signals using low-coherent light, strong
interference is obtained only when the optical path lengths on the sample side and reference side are
approximately equal. Therefore, by moving the reference mirror and obtaining a strong interference signal, it
indicates the presence of a reflecting surface at the depth corresponding to that mirror position on the sample.
In TD-OCT, the interference light intensity with respect to depth is directly displayed with contrast, creating
cross-sectional images. The reason it is called "time-domain" is because the position of the mirror is
temporally varied.

In TD-OCT, the wave number-dependent detector current /p.ewor (k) in Eq. (2.8) is captured by a photo
detector, while the reference delay z, is scanned to reconstruct an approximation of the internal sample
reflectivity profile ,/ R; (z) . The result is obtained by the integration of Eq. (2.8) over all wavelengths :

IDetector (ZR) = %[SO(RR + R31 + Rsz + )]

(2.13)
N 2 2

+ 2180 ReRsse " cos[2k(z; - 2, )]
n=1

Here, S, = I S(k)dk is the spectrally integrated power emitted by the light source. The time-domain “A-
0
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scan” resulting from such a measurement is illustrated in Fig. 2.8. It's worth noting that the sample reflectivity
profile convolved with the source coherence function is again recapitulated in the result, along with a DC
offset proportional to the sum of the reference and sample power reflectivities. Additionally, the convolved
sample reflectivity profile undergoes modulation by a cosinusoidal carrier wave at a frequency determined
by the source center wave number ko and the free-space difference between the reference and sample arm
lengths (zr- zsn). As the reference arm length (zr) is typically varied over time in TD-OCT systems, this carrier
wave offers a convenient modulation frequency for lock-in detection, ensuring high-sensitivity detection of
the reflectivity envelope and the rejection of the DC offset.

r¢(z,) Example field reflectivity function

S Delta function reflectors

0 Zs1 Zs2
I (zg) “A-Scan”
1T VRrRg an H’ “ R,,, Rg
onet T PN '
T I
T 4#)«. 2
% » Zn

0 Zg1 Zsz

Fig. 2.8 Illustration of the example discrete-reflector sample field reflectivity function and A-scan
resulting from time-domain low-coherence interferometry [1].

2.3.2 Fourier-domain (FD) OCT

Frequency-domain (FD) OCT uses the Fourier transform of the interference spectrum to obtain depth
information, including spectral-domain OCT (SD-OCT) and swept-source OCT (SS-OCT) [1,2]. Figure 2.9
shows the schematic configuration for SS-OCT. SS-OCT employs a wavelength-swept light source, and the
reference arm is fixed. The interference signal is detected as a function of time while rapidly sweeping the
wavelength. By performing Fourier transformation, information about the reflective surfaces can be acquired.

28



Power

XL} Mirror

Wavelength

S — P
Wavelength- > A 2
sweptsource| Sample

Photo detector -

l

FOURIER TRANSFORM
Fig. 2.9 Schematic of SS-OCT.

In FD-OCT, the wave number-dependent detector current /pezecior(k) in Eq. (2.8) is captured and processed

using Fourier analysis to reconstruct an approximation of the internal sample reflectivity profile «/RS (z) .

The specific method of capturing Iperecror(k) depends on the experimental details of the detection apparatus.

The sample reflectivity profile r; (z, ) is estimated from the inverse Fourier transform of Iperecior(k). Making

F
use of the Fourier transform pair% (0(z+12,)+06(z—1,))<>coskz,and the convolution property of Fourier
F
transforms X(z) ® y(z) <> X (k)Y (k), the inverse Fourier transform of Eq. (2.8) may be calculated as

i (2) =§[y(z)(RR +Rg; + Ry, +..)]

20O Y R o220z, - 2,)] (2.14)
2L@® YRR olz4 2, -2,

N

Note that the desired sample field reflectivity profile /R z, =Z,/R5n olzs —z,,] is indeed embedded
n=1

within the cross-correlation terms of Eq. (2.14), although it is surrounded by several confounding factors.

Carrying out the convolutions by taking advantage of the sifting property of the delta function, we derive the
outcome of the interferometric measurement, commonly referred to as the "A-scan":
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+§iJRRRSn (122, — 25)]+ 1[-2(25 — 25,)]] 2.15)

RSm F\)Sn [7[2(ZSm —Zg, )] + 7/[_2(ZSm —Zg, )]]

n=m=1

The results in Egs. (2.14) and (2.15) for the example of discrete sample reflectors and a Gaussian-shaped
source spectrum are plotted in Fig.2.10. As can be seen in the figure, the sample field reflectivity profile

N
R, Zg :Z:,/Rszslﬁ(zS —Zg,) 1s reproduced in the cross-correlation terms, with the following
n=1

modifications: Firstly, the sample reflectivity profile is presented as a function of the reference coordinate zg,
instead of the sample coordinate zs. Secondly, each sample reflector's apparent displacement from the
reference position is doubled, considering that the interferometer measures the round-trip distance to each
reflector. We accommodate this by defining a new single-pass depth variable z = 2z . Thirdly, each reflector
is broadened or blurred to a width of approximately a coherence length by convolution with the function y(z).
This aligns with the definition of a point spread function (PSF) in an imaging system. Given the inverse
relationship of the coherence length to the light source bandwidth, enhancing the fidelity of the estimate of
JRsZs involves using light sources as broad-bandwidth as possible. Finally, the magnitude of the detected
sample reflectivity, which can be very small, is amplified by the large homodyne gain factor represented by

the strong reference reflectivity /Ry, .
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Fig. 2.10 Illustration of the example discrete-reflector sample field reflectivity function and the A-
scan resulting from Fourier-domain low-coherence interferometry [1].
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2.4 Spectral domain (SD) optical coherence tomography
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Fig. 2.11 Schematic of SD-OCT.

Figure 2.11 shows the schematic configuration for SD-OCT [1,2]. The light source in SD-OCT utilized
broadband light, is similar to the source of TD-OCT. However, instead of moving the reference mirror, the
interferograms is captured through a CCD array. In this way, the interfered light can be acquired in the
frequency domain. By applying a Fourier transform to the obtained signal, it is possible to obtain reflected
tomographic information as TD-OCT. The absence of mirror movement results in a faster imaging process
compared to TD-OCT, with superior sensitivity.

2.4.1 Axial resolution limits for OCT

For high axial resolution, the limitations such as spectral shape, chromatic aberration, polarization, optical
components, detection system, and mechanical components are described [1].

Light sources for high-resolution and ultrahigh-resolution OCT need not only high spatial coherence,
ultrabroad bandwidth emission with enough output power and low noise, but also an optimal spectral shape.
The coherence length, defined as the full width at half maximum of the field autocorrelation measured by the
OCT interferometer, is influenced by the spectral shape of the light source and the transfer function of the
OCT system. The transfer function is primarily determined by the optical properties of the interferometer, as
described in detail later. The ideal spectrum for OCT would exhibit a Gaussian spectral shape, yielding a
Gaussian coherence function without side lobes. Large spectral modulations would reduce sensitivity and
resolution, due to the presence of side lobes in the fringe pattern that appear symmetrically to the coherence-
function maximum.

Chromatic aberration of the optics poses another limitation to achieving ultrahigh resolution. Traditional
lenses exhibit a wavelength-dependent focal length, causing ultrabroad bandwidth light to focus at different
planes. This variation in focal position across wavelengths disrupts the local effective bandwidth,



consequently degrading resolution. Specially corrected achromatic optics counteract this by introducing
wavelength-independent attenuation for different imaging distances, preserving spectral shape, optical
bandwidth, and axial resolution. Thus, the use of appropriate achromatic objectives is essential to maintain
the ultrabroad bandwidth of light for achieving ultrahigh resolution. Reflective objectives, such as
catadioptrics with parabolic mirrors, offer an alternative as they are free from chromatic aberration and do
not introduce dispersion like transmissive elements. In ophthalmic OCT, the chromatic aberration of the eye
itself becomes a limiting factor for axial resolution in ultrahigh-resolution retinal OCT imaging if not properly
compensated.

Axial resolution in OCT systems also faces limitations due to polarization mismatch between
interferometer arms and polarization dispersion, which introduces a phase difference. These factors contribute
to changes in the shape of the coherence function and axial resolution, respectively. Although polarization
changes in the static system can be compensated, the loss of a single polarization state and sample
birefringence result in improper overlapping of the reference and sample light, leading to severe modulations
of the interference spectrum. Therefore, high-resolution OCT demands meticulous polarization control, and
the polarization dependence of light sources becomes a crucial parameter.

The axial resolution and sensitivity of an OCT system are significantly influenced by the optical
transmittance, coating, and wavelength-dependent losses of various components such as bulk or fiber optics,
delivery system optics, and even the human eye in the context of ultrahigh-resolution ophthalmic OCT. To
ensure light propagation without interference within and between fibers, it essential to use single-mode and
sometimes polarization-maintaining fibers with appropriate cutoff wavelengths. Conventional fiber couplers,
designed for a narrow wavelength range, may lead to unequal beam-splitting, reducing resolution when
delivering broad bandwidth laser light. Therefore, specialized broad bandwidth and wavelength-flattened
fiber or bulk optic beam splitters are necessary for maintaining high axial resolution. Optical circulators are
commonly employed in OCT systems to create more power-efficient and sensitive interferometers.
Nonreciprocal elements in circulators help reduce power delivery losses from the source to the sample and
signal losses from the sample to the detector. However, due to the large optical bandwidths involved (e.g.,
200 nm bandwidth at 800 nm), it is essential to use extremely broad-band components to avoid wavelength-
dependent losses.

The detection system, encompassing electronics, digitization, and acquisition of the interference signal,
plays a crucial role in maintaining axial OCT resolution, depending on the interference signal acquisition
method. In time-domain and tunable laser-driven FD-OCT systems, the transimpedance amplifier and
electronic bandpass filtering need careful design to accommodate the ultrabroad optical bandwidth. The
electronic bandwidth of the bandpass filter must strike a balance, avoiding excessive narrowness that could
reduce axial resolution and excessive breadth that might compromise sensitivity through noise introduction.
Real-time adaptive filtering can be employed to optimize sensitivity while preserving axial resolution. In TD-
OCT, hardware demodulation should be tailored to scanning speed and optical bandwidth to prevent
broadening caused by electronic time response, which could lead to a larger coherence length of the envelope
compared to the full interference fringe signal. Precise temporal digitization is crucial, requiring at least five
to ten times oversampling concerning the central wavelength, Doppler shift, and scanning speed to preserve
the achieved axial resolution. For tunable lasers, adjusting the linearity of the scan or utilizing k-trigger can
discretely sample the scan in k-space. While most tunable laser technology is limited to standard bandwidths
and may not achieve ultrahigh resolution, sophisticated post-processing techniques can compensate for
camera technology-related nonlinearities and sampling issues when using broadband light sources in the
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frequency domain.

Lastly, the mechanical performance of scanners employed for transverse and/or depth scanning must be
meticulously chosen and effectively controlled. Mechanical jitter or displacement between adjacent depth

scans, along with noisy control signals of the scanner, can lead to distorted and consequently degraded
resolution in high-resolution OCT tomograms.
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Fig.2.12 Axial resolution limits in ultrahigh-resolution OCT. Summary of all limitations for a time-
domain OCT based system for ophthalmic imaging: light source, spectral transmittance of OCT
system, delivery system, spectral properties of sample (in this case the human eye), as well as
detection and data acquisition specifications [1].

2.4.2 Sensitivity and dynamic range in OCT

The signal-to-noise ratio (SNR) for any system is defined as the signal power divided by the noise process
variance. SNR analysis in SD-OCT followed directly from its predecessor technique of optical low-coherence
domain reflectometry [1,2]. To simplify the analysis, we focus on a single sample reflector at position zsand
neglect autocorrelation terms. The sampled version of the spectral interferogram in FD-OCT systems is

1,[K] =§Ss.m [k 1[R, +Rs +2/ReR; cos[2K, (z, — z,)]]

33

(2.16)



S(K)iex,,
2

Here, Sqpocr [K, 1= is that portion of the instantaneous power incident on the sample that

corresponds to spectral channel m of the detection system in SD-OCT. In the discrete case, the inverse Fourier
transform operation is implemented as an inverse discrete Fourier transform:

o[z, 1= 3 1 Tk, Je @.17)

For the case of a single sample reflector located at depth z; = z , the peak value of the interferometric term
is given by

M
iD[Zm = (ZR =g )] = gxl RR Rs ZSSDOCT [km] = % RR Rs SSDOCT [km]' M (2.18)
m=1

the latter expression being under the assumption that each spectral channel has equal power in it (for a
rectangular-shaped source spectrum). For a more realistic Gaussian-shaped source spectrum centered at pixel

M2 and clipped at its 1/e ° points, that is, Sepoer [K,]1= Sspocr [Ku /2 EXPI=2- (K, =Ky 15)° / (Ky /)], then the

(iv) sooer _ PSsorr IalRs g &
last factor is SNRyoor = SDOCT.  £2SP0CTLms M " Sepoer [Ku 121 = Sspocr [Kij2]- M -0.598 . The

2
SDOCT 4eBSDOCT m=1

cosinusoidal spectral interference pattern in each separate detection channel originating from a single reflector
combines coherently, resulting in a peak signal power significantly higher than the signal power in each
channel independently. In SD-OCT, each detection channel captures interference over an extended coherence
length compared to the single detection channel in TD-OCT, thanks to its limited spectral range. This coherent
addition of signal power in SD-OCT is not isolated to the trivial choice of z, = (z; —z;) = 0 ; any other choice

of z, =(zz —z ) would give rise to phase factors in the Fourier kernel, which would still coherently sum to
an equivalent combined signal peak. The mean-square peak signal power in SD-OCT is thus

2 2
.2 p°S (k.1
<|D> sDocT SDO:T [RRRs]'MZ'

To finalize the calculation of the SNR of SD-OCT, we need to consider how noise transitions from the k-
domain to the z-domain. Ip[kx] can be can be extended to incorporate an additive, uncorrelated Gaussian
white noise term a[kn]. a[kn] has a mean of zero, a standard deviation o[k»], and a lower limit set by shot

noise. Assuming Rr >> R, in the shot noise limit, the noise in each spectral channel is uncorrelated; thus, the
noise variances add incoherently in the inverse discrete Fourier summation to give

M
CoocrlZ,]1= ZGSZDOCT [K..] =€pSspoct [Ky JR-Bspocr - M . Therefore, the SNR of SD-OCT in general is given

m=1

by

. \2
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34



2.5 Speckle origins in OCT

Figure 2.13 is a schematic diagram showing the origin of speckles in OCT. The principle of OCT is based on
low-coherence measurements that visualize the tomographic structure from scattered and reflected light-
intensity information from a sample, which contains a large number of scatterers [5-7]. When the light
illuminates the sample, multiple backward-scattering with random direction occurs due to the presence of
scatterers in the sample volume. The light returned from one volume in the sample is the superposition of
these random scattered light. The result of the superposition may be large or small, depending on the relative

phases of the various components, as shown in Fig.2.14. This phenomenon is well known as“random walk”.
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Fié. 2.13 Schematic diagram showing origin of speckle in OCT.
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Fig. 2.14 Random walk showing (a)large resultant and (b) small resultant.

The detected currents from sample arm can be expressed from Eq. (2.1), given by

35



Eqs = A expli(kzs + @5 +Ap)] (2.20)

where A is the optical amplitude, zww is the light path length for the light has traveled through the
interferometer, g is the phase of electric field of light source before it enters the interferometer, A¢g is the
random phase caused by random walk and k = 27/4 for the light source of wavelength k. The detected
photocurrent is given by

2

Dector

=l + I +2/1,1 cos[2k(z, — 25) + Ag] (2.21)
= IDector(k' Iy — ZS’A(D)

From Eq. (2.21), we found that the detected photocurrent is sensitive to the random phase, resulting a
fluctuation of detected intensity. This is the cause of speckle. From the image, it appears as a collection of
bright or dark spots patterns.

Eq+Eq

The speckle is related to the scatterers’ distribution and does not vary with time. For speckle suppression,
the hardware-based methods, well known as compound average approaches described in Chapter 1, obtain
multiple uncorrelated scatter patterns by using hardware insertion of experimental variables, and then speckle
reduction is achieved by compound averaging, such as frequency compounding, which uses different
detection wavelengths to capture uncorrelated scattering patterns, and angle compounding, in which the angle
of incident light is changed to realize speckle decorrelation.

2.6 Summary

In this chapter, the theory of OCT based on the Michelson interferometer and numerical analyses of OCT
signals have been presented. To realize the properties of OCT in terms of high spatial resolution, high
sensitivity, high contrast and large penetration depth, there are many corresponding elements such as optical
devices, electrical devices, and the system design. In order to obtain high resolution, including axial and
lateral resolution, the effects of light source characteristics such as center wavelength, bandwidth, and spectral
shape on resolution were discussed. In order to obtain high speed and high sensitivity, different coherent
signal detection modes of time-domain OCT and frequency-domain OCT were described, as well as the
superiority of SD-OCT in terms of imaging speed and sensitivity. In order to obtain OCT image with high
contrast, the origins and ways for speckle reduction, an inherent noise in OCT imaging, were presented.
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Chapter 3 Supercontinuum and quasi-supercontinuum sources for OCT
3.1 Introduction

As described in Chapter 1 and Chapter 2, the characteristics of light sources influence the OCT performance
greatly. Generally, there are five primary considerations for evaluating optical sources for OCT imaging, (1)
central wavelength, (2) bandwidth and spectral shape, (3) averaged power, (4) noise, and (5) stability.
Considering all these factors, the supercontinuum (SC) source proves to be a valuable light source for high-
resolution deep tissue imaging, compared with SLDs and solid-state lasers.

In this chapter, SC and quasi-SC generation for OCT were described. An electrical wavelength-tuning
technique of the soliton pulse was also presented. In addition, the optical nonlinear effects in fiber were
introduced for understanding of SC and quasi- SC generation.

3.2 Supercontinuum (SC) generation

Nonlinear propagation of laser pulses with moderate energies, measured in a few nJ, within micro-structured
fibers, can generate spectra much broader than a single optical octave. Photonic crystal fibers facilitate the
development of a new category of light sources that emit light with low time coherence and high space
coherence. The unique geometry of these fibers results in an unusually small cross-section of the fundamental
mode, enhancing peak power and, consequently, nonlinearity. Simultaneously, engineering the fiber
dispersion can prevent rapid temporal spreading. Therefore, photonic crystals present numerous exceptional
features, including straightforward dispersion management, single-mode behavior across various
wavelengths, and valuable nonlinear properties. They can be easily customized to meet diverse requirements,
offering spectra at different wavelengths spanning multiple octaves. Direct access to these spectral widths
from a laser oscillator is unattainable since they surpass the fluorescence bandwidth of active ions. To
circumvent excessively strong spectral modulation inherent in the spectral broadening process, nonlinear fiber
propagation should only induce moderated spectral broadening. This implies that the initial bandwidth of
pulses emerging from the oscillator should be as broad as possible. The exploration of photonic crystals in
the research field was prompted by the anticipation of a photonic bandgap analogous to electronic bandgaps
in semiconductors. Initially, the photonic bandgap was the sole guiding mechanism considered for this
innovative class of optical fibers. Presently, devices can be fabricated through micro-structuring and the
incorporation of air holes into the fiber, employing the principle of total internal reflection.

The ultrabroad bandwidth spectrum of a supercontinuum plays a pivotal role in achieving high resolution
in OCT. A critical factor in the generation of this supercontinuum is the precise confinement of the mode. By
confining the mode to a small area, the strength of nonlinear processes responsible for supercontinuum
generation is significantly enhanced. In terms of fabrication, mechanically robust micro-structured fibers
(MFs) with an exceptionally small core size, even down to 1 pm, can be created. The mechanisms governing
supercontinuum generation depend on various parameters of the input pulses [1]:

* Pulse duration
* Peak power
* Center wavelength

And the parameters of the micro-structured fiber (MF):
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* Dispersion profile
* Effective modal area
* Birefringence
These mechanisms are included:
* Self-phase modulation (SPM)
* Cross-phase modulation (XPM)
* Four-wave mixing (FWM)
* Stimulated Raman scattering (SRS)

The exploration of fiber broadening in highly nonlinear microstructure fiber, resulting in the generation of
an extremely broad bandwidth supercontinuum spanning from the visible to the near-infrared using
femtosecond pulses, has been well-documented. This can be attributed, in part, to the waveguide dispersion
characteristics of the fibers, which shift the zero-dispersion wavelength towards shorter wavelengths.
Additionally, the small core diameters play a role in providing tight mode confinement. The swift
advancements in the design and fabrication of various micro-structured fibers over the last few years have
further facilitated the generation of broad bandwidth light from nonlinear optical fibers. Consequently, this
method has gained considerable interest as an effective approach for achieving high-resolution and ultrahigh-
resolution OCT.

3.3 Quasi-supercontinuum (SC) generation
3.3.1 Wavelength-tunable ultrashort pulse generation

The wavelength of the Raman soliton pulse depends on the fiber length and the input laser power. Therefore,
by varying them, we can generate the wavelength-tunable soliton pulse. Figure 3.1 shows the observed Raman
soliton spectra for different power injections of the laser pulse, when the fiber laser pulse which generates the
100-fs pulse at the wavelength of 1.56 pm, is launched into the diameter-reduced polarization-maintaining
(PM) fiber. The nonlinear coefficient of the PM fiber is y = 4.8W ! km™! and the magnitude of dispersion is
D =+11 ps/km/nm at the wavelength of 1.55 um. As the fiber-injected power is increased, the wavelength is
continuously shifted toward the longer-wavelength side. When the fiber length was 220 m, the wavelength of
the soliton pulse was shifted up to 2.03 um [4].
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Fig. 3.1 Observed optical spectra at the fiber end when a 100-fs fiber laser pulse is launched into a
diameter-reduced PMF. Inset values are the corresponding optical input power. The fiber length is
220 m.

3.3.2 Quasi-SC generation

This generation system of the wavelength-tunable soliton pulse is very simple and does not require
troublesome operation in the wavelength-tuning. By introducing an intensity modulator, an electronically
controllable, high-speed wavelength-tuning can be realized. Figure 3.2 shows the electric control system. The
laser power injected into the fiber is modulated through an acousto-optic modulator (AOM). The wavelength
of the soliton pulse can be tuned simply by controlling the input voltage into the AOM. An optical filter is
used to remove the pump pulse at 1.56 um coming together with the soliton pulse.

Laser power control

Micro- Wavelength-tunable
computer < » soliton pulse
U_ A2
Er-doped A
femtosecond |---{ AOM |{}|-() 01 "
fiber laser Polarization maintaining fiber
Pump cut

A=1.56 um optical filter
T...,=100 fs

FWHM
Fig. 3.2 Setup of the electronically controlled high-speed wavelength-tunable Raman soliton pulse

generator: AOM, acousto-optic modulator.

40



(a) (o)

Input laser power (mW) Input laser power (mW)

4 5 6 7 8 9 4 5 B8 7 8 9
0 0
—~ 5r —_
w w
2 = 50 .
o 10k (0]
£ £
F sl =
100 |- .
20— ; .
3 : : 5 :
- @ ' ] !
s - ' s |
3z Ry
L 2 a 2
> 8 , , ) . .
£1600 1650 1700 1750 £1600 1650 1700 1750
Wavelength (nm) Wavelength (nm)

Fig. 3.3 (a) Time-division wavelength multiplexing and (b) wavelength-scanning operations of the
Raman soliton pulses when step-like or sawtooth modulations are given to the fiber-injected laser

power. Optical spectra were observed with the optical spectrum analyzer.
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Fig. 3.4 (a) Measured autocorrelation trace and (b) optical spectrum of the Raman soliton pulse at
the wavelength of 1.67 um when a 220-m-long PMF was used.

Figure 3.3 shows the wavelength variation of the soliton pulse when we give step-like and sawtooth
changes to the fiber-injected laser power. Since the soliton wavelength accurately changes in response to the
laser power, the time-division wavelength multiplexing and wavelength scanning operations can be executed.
In these experiments, the wavelength tuning as fast as 2.5-us intervals has been demonstrated. Furthermore,
by detecting a part of the fiber-output power which corresponds to the soliton wavelength, we can also realize
the wavelength stabilization for a long time using the feedback control. Figure 3.4 shows the observed
autocorrelation trace and optical spectrum of the Raman soliton pulse at the wavelength of 1.67 um when a
220-m-long PM fiber was used. The pedestal-free good traces were observed, and these corresponded to sech?
pulse. The temporal width of the autocorrelation trace was 400-fs FWHM, and the actual width of the soliton
pulse was estimated to be 260 fs. The temporal width of the soliton pulse was almost constant even if the
soliton wavelength was changed. The spectral width was about 14 nm FWHM. The time-bandwidth product
is 0.367, and this value is almost in agreement with that of the Fourier transform-limited sech? pulse, which
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is 0.315. This wavelength-tunable soliton pulse generator has no mechanical part and is very useful for
practical applications. Actually, we will use it as base of quasi-SC generation in Chapter 4.

3.4 Pulse propagation in fibers

For an understanding of the nonlinear phenomena in optical fibers, it is necessary to consider the theory of
pulse propagation in dispersive nonlinear media. In this chapter, various phenomena induced in the optical
fiber are presented. Section 3.4.1 introduces the fiber loss. Sequentially, in Section 3.4.2, we consider the
chromatic dispersion of the fiber which causes the pulse broadening in the condition that the nonlinear effect
is neglected. Various nonlinear effects, such as self-phase modulation, four-wave mixing, and stimulated
Raman, are presented in Section 3.4.3. In Section 3.4.4, we discuss the Raman soliton pulse generation, which
is the most interesting and important phenomenon.

3.4.1 Fiber loss

One of the standout features of the optical fiber is low loss. The presence of low-loss fibers has not only
sparked a revolution in the field of optical fiber communications but has also ushered in the era of nonlinear
fiber optics. Loss is generally given by a ratio of the launched optical power P; and the transmitted power P;:

10

oa=——
L

log(2) 3.1

where L is the fiber length, and a is typically expressed in units of dB/km. The fiber loss depends on the
wavelength of light.
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Fig. 3.5 Loss spectrum of a single-mode silica fiber.

Figure 3.5 shows the loss spectrum of a single-mode silica fiber. Currently, the fiber exhibits a minimum
loss as low as about 0.2 dB/km at the wavelength of 1.55 pm. Loss increases at shorter and higher wavelengths,
reaching a level of a few-tens dB/km. However, even 10 dB/km loss is an incredibly low value compared to
that of most other materials. The main factors contributing to the loss are material absorption and Rayleigh
scattering. Silica glass has electronic resonances in the ultraviolet region and vibrational resonances in the
far-infrared region beyond 2 um. The most important impurity affecting the loss is the OH ion, which has a
fundamental vibrational absorption peak at ~2.73 um. The overtones of this OH-absorption appear in the
wavelength of ~1.4 pm as shown in Fig. 3.5. Rayleigh scattering is a fundamental loss arising from density
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fluctuations frozen into the fused silica during manufacture. The Rayleigh-scattering loss varies as A ~* (where
A is the optical wavelength) and is dominant at the short wavelength. This loss is intrinsic and limits the
minimum loss of the fiber. As other losses, there are the bending loss and the splice loss which yields when
two fibers are connected. The bending loss is now negligibly small, as long as the tight bending is not given
to the fiber. By the advance of fusion-splicing technique, the splice loss is now reduced to about 0.01 dB in
the splicing between the same kinds of fibers. In the case of heterogeneous fiber splicing, the loss increases
to 0.1-0.5 dB due to the difference of the mode-field diameter of fibers.

3.4.2 Chromatic dispersion

Dielectric media have a refractive index of n(w) depending on the optical frequency (wavelength). This
property is referred to as chromatic dispersion and plays a critical role in the propagation of short optical
pulses. Since different spectral components of the pulse travel at different speeds given by ¢ / n(w) (where, ¢
is the speed of light in vacuum), the pulse propagating in the dispersive medium suffers the temporal distortion.
The effects of the fiber dispersion are accounted for by expanding the propagation constant 5 in a Taylor series
about the carrier angular frequency wo [1]:

B(w) = py+ B (o-a,) +%ﬂ2(a)_a)o)2 +%ﬂ3(a)_a)o)3 t. (3.2)
where
s, =(j s ] (33)
"), .

The parameter f is equal to the inverse of the group velocity v; of the pulse, £ =1/v,, which is related

to the group delay. Physically speaking, the envelope of an optical pulse moves at the group velocity. The
parameter f> represents the dispersion of the group velocity and is responsible for pulse broadening. This
effect is called “group-velocity dispersion (GVD)”. Figure 3.6 shows the temporal and spectral changes
caused by the GVD effect for the propagation of a hyperbolic-secant pulse ( 1(t) =sech®(T /T,), where Ty is

the pulse duration). The curves are plotted in the propagating distance of z = 2Lp and z =4 Lp. The parameter
Lp is referred to as the dispersion length and is given as
2
L, = To (3.4)
12

The dispersion length Lp provides the length scale over which the GVD effect becomes important for pulse
evolution. As the propagation distance increases, we can see that the pulse broadens its temporal width
gradually. The GVD effect produces no change in the spectral intensity shape but gives the quadratic spectral
phase. In the case of > > 0, the spectrum has the concave downward phase, which is called “up chirp” or
“positive chirp”. In contrast, > <0 gives the convex upward spectral phase (“down chirp” or “negative chirp”).

43



Intensity (a.u.)
Spectral phase (rad)

Spectral intensity (a.u.)

-4 2 O 2 4

Time T/ T, Frequency (w-ag)To
Fig. 3.6 (a) Dispersion-induced temporal broadening and (b) spectral phase variation for the sech?-
shaped pulse propagating in the fiber with f> >0 atz=2Lpandz=4 Lp.
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Fig. 3.7 Variation of the group delay and the dispersion parameter D with wavelength for a
standard single-mode fiber.

Dispersion parameter D commonly used in the fiber-optics literature is related to S2 by the relation

D:%:_Zﬂ'c
di A2

D is often expressed in units of ps/km/nm. Figure 3.7 shows how the group delay and dispersion parameters
of the standard single-mode fiber vary with wavelength. We can see that, at a wavelength of about 1.3 um, D
is zero and the group delay has the minimum value. This wavelength is referred to as the zero-dispersion
wavelength /.. Nonlinear effects in optical fibers can manifest qualitatively different behaviors, depending on
the sign of the dispersion parameter. For wavelengths 4 < /., the fiber is said to exhibit normal dispersion as
D <0 (f2> 0). In the normal-dispersion region, the short-wavelength components of the optical pulse travel
slower than long-wavelength ones. By contrast, the opposite phenomenon occurs in the anomalous dispersion
region in which D > 0 ($> <0). The anomalous-dispersion region is of considerable interest because it supports
the formation of optical soliton through a balance between dispersion and nonlinear effects. At the zero-
dispersion wavelength, the pulse can propagate without pulse broadening in the optical fiber. In the optical
telecommunication system, the dispersion-shifted fiber (DSF), whose zero-dispersion wavelength is shifted
to 1.55 um, is introduced in order to suppress the pulse distortion.

s, 3.5)
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The slope of the curve of the dispersion parameter D, which is referred to as the dispersion slope, is related
to the third-order dispersion (TOD) parameter f3. TOD causes the pulse distortion but its effect is small
compared with that of f>. However, when the pulse propagates near the zero-dispersion wavelength, the TOD
effect becomes dominant in pulse propagation. In SC generation, the TOD limits the spectral broadening
induced by nonlinear effects owing to the pulse distortion.

3.4.3 Nonlinear effects

The dielectric medium such as a silica optical fiber has the nonlinear response for intense electro-magnetic
fields. The polarization P induced by electric dipoles is not linear in the electric field E, and it is expressed
with a more general relation:

P=g,(y E+y? -EE+y® .EEE+..) (3.6)

where ¢, is the vacuum permittivity and »"” is the j-th-order susceptibility. The linear susceptibility "

represents the dominant contribution, and its effects are included through the refractive index »n and the
attenuation coefficient a. The second-order susceptibility ¥? is responsible for such nonlinear effects as
second-harmonic generation and sum-frequency generation. However, optical fibers do not normally exhibit
these effects because of the symmetric molecular configuration of S;O». The third-order susceptibility y©

induces the effects such as nonlinear refraction, third-harmonic generation, and four-wave mixing (FWM).
The nonlinear phenomena in optical fibers are mainly caused by this third-order nonlinearity.

As other important nonlinear effects in optical fibers, there are stimulated inelastic scatterings caused by
the interaction between the phonons of silica and light (photons). These phenomena are known as the
stimulated Raman scattering (SRS) and the stimulated Brillouin scattering (SBS). The difference between
them is that optical phonons contribute in SRS while acoustic phonons contribute in SBS. The light is mainly
scattered forward in SRS and is only scattered backward in SBS. In the propagation of the picosecond or
femtosecond pulse, the SRS plays important roles. In this section, we describe the nonlinear refraction effect
which induces the self-phase modulation and the cross-phase modulation. Then, the FWM and the SRS in the
optical fiber are mentioned.

The nonlinear refraction caused by third-order nonlinearity is the most important nonlinear phenomenon
in optical fibers. When the intense optical pulse propagates into a dielectric medium, the refractive index n of
the medium changes depending on the optical intensity| E|2 :

n:n0+n2|E|2 (3.7)

where no is the inherent refractive index of silica glass and > is the nonlinear-index coefficient. The value of
n, =3.18x107°°m* /W is estimated in silica fibers, and its value changes depending on the material doped
into the fiber core. The nonlinear refraction is also called “optical Kerr effect”. For the propagation of the
ultrashort pulse, this effect leads to the spectral broadening. The optical pulse suffers the nonlinear phase shift
by the intensity dependence of the refractive index, and consequently, the temporal frequency change is
caused:
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o(T) =, (3.8)

Equation (3.8) shows that the instantaneous frequency of the pulse depends on the temporal shape|E(T )|2 .

The frequency at the leading part of the pulse becomes lower than the carrier frequency, and in contrast, the
opposite frequency shift occurs at the trailing part of the pulse as shown in Fig.3.4. This phenomenon is called
“self-phase modulation (SPM)” because of the origin that the inter-pulse phase changes depending on its own
intensity profile. Figure 3.5 shows the temporal and spectral variations caused by the SPM effect. The curves
are plotted for the sech?-shaped pulse propagation at z =5 Lin and z = 10 Ly when GVD effect is neglected.
If GVD effect does not exist, the pulse exhibits no temporal change and the spectrum keeps broadening during
the propagation. The parameter Lin, which is referred to as the nonlinear length, provides the length scale
over which the nonlinear effect becomes important for pulse evolution and is given as

1

L, =——
- 7R

(3.9)

where y is the nonlinear coefficient and Py is the peak power of the pulse. y is related to the nonlinear-index
coefficient no and the effective core area Acfras follows:
n
y = h (3.10)
CAy

Aefr depends on the fiber parameters such as the core radius and the core-cladding index difference, and is
given with the mode-field diameter (MFD) of the fiber 2w as Acir = 7w?. Typically, the MFD is ~10 pm and
Aesr is ~80 um? at the wavelength of 1.55 um. The nonlinear coefficient y takes a value of ~2W-'km™ in the
standard single-mode fiber. In highly nonlinear fibers and micro-structured photonic crystal fibers, the value
of >10 W-'km™! is now realized by reducing the effective area and by doping with other materials with high
n2 [2, 3]. In SC generation, SPM effect plays the most important role and it causes dramatic spectral
broadening and soliton formation in the anomalous GVD region of the fiber.
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Fig. 3.8 Schematic diagram of the nonlinear frequency chirp by self-phase modulation.
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Fig. 3.9 (a) Temporal variations of the SPM-induced frequency chirp and (b) broadened spectra for
the sech2-shaped pulse propagation at z =5 Lin and z = 10 Lin. The effect of GVD is neglected.

The intensity-dependent phase shift also occurs when the multiple optical fields temporally superpose
during the propagation. The behavior of a pulse in a nonlinear medium is influenced not only by its own
intensity but also by the intensity of other copropagating pulses. This phenomenon is known as “cross-phase
modulation (XPM)”. XPM can give phase and spectrum changes to the weak pulse by use of other intense
pulse field. This effect is now used for optical switching and pulse compression.

Four-wave mixing is the nonlinear interaction among four optical waves through the third-order
susceptibility y® in Eq. (3.6). FWM can generate the new waves with different frequencies (wavelengths)

from the pump waves. In quantum-mechanical terms, FWM is the phenomenon in which one or more photons
are annihilated and new photons are created at different frequencies such that the net energy and momentum
are conserved during the interaction. This phenomenon requires the matching of the frequencies as well as
that of the wave vectors (phases). When two pump photons at frequencies w1 and w> are annihilated and
simultaneously two photons at frequencies w3 and w4 are created as shown in Fig. 3.6, the matching conditions
are given as follows:

W, + o, =0, + o, (3.11)
A¢:A¢LA¢LN

=[B(w,) + B(w,) - B(@) - B(®,)]z+y (R +P,)z (3.12)
=0

where Ag, is the linear phase difference and Ag), is the nonlinear phase induced by the pump waves with the
power Pi>. The generated waves with low and high frequencies are often referred to as the Stokes and the
anti-Stokes, respectively. In optical fibers, it is relatively easy to satisfy Ag =0in the partially degenerated
case m1 = w2. A strong pump wave at @1 creates two sidebands located symmetrically at frequencies w3 and
w4. When the pump wave is injected near zero-dispersion wavelength of the fiber, it is comparatively easy to
achieve the phase matching. In anomalous GVD regions, the SPM-induced nonlinear phase by pump wave
Ag,, can cancel the linear phase mismatch Ag, .

Both SPM-induced spectral broadening and generation of the new spectral components by FWM are
nonlinear phenomena through the third-order nonlinear interaction between the electron and the electric field
in the medium. However, FWM only occurs when the pump wave and generated waves are temporally
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superposed. In contrast, SPM generates new spectral components at leading and trailing parts of the pulse and
these are temporally separated. Therefore, the relation between the sideband waves generated in FWM process
can be distinguished from that between the long-wavelength and short-wavelength components generated in
SPM-induced spectral broadening.

Pump1 Pump2

Stokes Anti-Stokes
T l >
03 01 02 * Frequency

W1+ w2 — 03+ 04
Fig. 3.10 Schematic diagram of four-wave mixing process that two photons at frequency w1 and w>
are annihilated and simultaneously two photons at frequencies w3 and w4 are created.

Stimulated Raman scattering is a nonlinear phenomenon where the energy from a pump wave transfers to
a Stokes wave as the pump wave propagates through the optical fiber. In the simple quantum-mechanical
picture, this phenomenon can be explained as that a photon of the pump is annihilated and a photon with a
lower frequency and a phonon with the right energy and momentum are created to conserve the energy and
the momentum. SRS occurs only when the pump power surpasses a specific threshold level. Figure 3.7 shows
the Raman-gain spectrum for fused silica. It is evident that the Raman gain spans a considerable frequency
range, reaching up to 40 THz, with a broad peak concentrated around 13 THz. In most molecular media, the
Raman gain occurs at specific well-defined frequencies. However, the silica fiber extends continuously over
a broad range. The origin of the broadband spectrum is due to its non-crystalline nature. If the pump beam at
the frequency m, propagates with the probe beam at ws in the optical fiber, the probe beam is amplified because
of the Raman gain, as long as the frequency difference Aw = wp —ws lies within the bandwidth of the Raman-
gain spectrum. For the ultrashort pulse with high power, SRS transfers the energy of the short-wavelength
component to the long-wavelength one inside one pulse. This phenomenon is referred to as the inter-pulse
Raman scattering. In the anomalous GVD region of the optical fiber, under suitable conditions, almost all of
the pump-pulse energy can be transferred to a red-shifted Raman pulse and it propagates as a fundamental
soliton pulse.
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Fig. 3.11 Raman-gain spectrum for fused silica at a pump wavelength of 4, = 1 pum. The optical
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spectrum for a 100-fs duration pulse is also shown.

3.4.4 Soliton effect

In the anomalous GVD region of the optical fiber, the optical soliton can be formed as a result of the
interplay between the GVD and nonlinear effects. The word “soliton” refers to special kinds of wave packets
that can propagate without distortion over long distances and it originates from “solitary wave”.

We now assume that the optical pulse with the SPM-induced frequency chirp propagates in the optical fiber.
This pulse has a lower frequency compared with the carrier frequency at the leading part of the pulse and in
contrast, has a higher frequency at the trailing part. If such pulse propagates in the normal GVD region of the
fiber, the pulse is dispersed away because low-frequency components in the optical pulse travel fast and high-
frequency components travel slow compared with the center part of the pulse. By contrast, in the case of the
anomalous GVD region, the pulse suffers the pulse compression effect because of the opposite property for
the propagating speed. If this nonlinear pulse compression and the pulse broadening by the GVD effect are
balanced, the pulse can propagate without distortion in the fiber. In the viewpoint of the chirp, the undistorted
pulse can be formed when the positive chirp induced by the SPM effect matches the negative chirp induced
by the GVD effect [1]. Such an optical pulse is referred to as the optical soliton (fundamental soliton), and
this phenomenon is also referred to as the soliton effect. The mathematical expression of the fundamental
soliton pulse in a frame of reference moving with the pulse at the group velocity is given as

I

A(z,T) :\/P_Oexp(iz—To

T
z)sech (T—] (3.13)

0

where 4 is the complex electric field envelope of the pulse. We can see that the soliton pulse has a hyperbolic-
secant profile and it propagates without change in shape for arbitrarily long distances. The peak power Py of
the fundamental soliton pulse should satisfy the next equation:

%:@z% (3.14)

T 7 TF2WHM
where Trwnm is the pulse duration in the full width at half maximum (FWHM) and there is the relation Trwnm
~1.763T.

GVD-induced
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Time
Fig. 3.12 Principle of fundamental soliton formation in the optical fiber.

If the pulse with the peak power exceeding the fundamental power shown in Eq. (3.14) is injected into fiber,
it can propagate as the higher-order soliton pulse. In this case, the temporal shape and spectrum of the pulse
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vary periodically during the propagation. The soliton number N which indicates the degree of the higher-order
soliton pulse is given by
N2 = Lo _ yRT

Ly |8

Figure 3.13 shows the propagation evolution of the second-order soliton (N = 2). The evolution of the
higher-order soliton pulse is periodic with propagation period zo, which is given as

(3.15)

T r T2
Zy=—Ly,=—— (3.16)

2 2 B,
As the pulse propagates along the fiber, it first contracts to a fraction of its initial width and then recovers the
original shape again at the end of the soliton period at zo = z. This evolution results from an interplay between
the SPM and GVD effects. The SPM effect dominates initially but the GVD effect soon catches up and leads
to pulse contraction. This effect is known as the higher-order soliton compression and is used to compress the

optical pulse.
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Fig. 3.13 (a) Temporal and (b) spectral evolution over one soliton period for the second-order
soliton pulse (N = 2).

When the ultrashort pulse with a high-peak power propagates in the optical fiber with the anomalous
dispersion, the Raman soliton pulse whose wavelength is shifted toward the longer-wavelength side is
generated by the combination of the soliton effect and the stimulated Raman scattering. The wavelength of
the soliton pulse can continuously shift with keeping its sech? shape during the propagation. Figure 3.14
shows how the ultrashort pulse evolves to the Raman soliton in the optical fiber. When (a) the ultrashort pulse
is injected into fiber with the anomalous dispersion, (b) the spectrum of the pulse is first broadened by the
effect of higher-order soliton compression. If the peak power of the pulse exceeds the Raman threshold level,
(c) inter-pulse SRS occurs and the long-wavelength components in the broadened spectrum are amplified. (d)
The amplified Raman components suffer the soliton effect, and a fundamental soliton pulse is gradually
formed. In the temporal domain, the pulse breaks up and the soliton pulse delays from the input pulse due to
the group-velocity difference between these pulses with different wavelengths. Inter-pulse SRS also occurs
in the generated Raman soliton pulse. The energy of the shorter-wavelength components in the Raman soliton
pulse is transferred to the longer-wavelength components in the same pulse. Consequently, () the center
wavelength of the pulse is shifted toward the longer wavelength side. Since the pulse also suffers the soliton
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effect, the sech? shape is kept during the propagation. The phenomenon that the wavelength shift of the soliton
pulse is called “soliton self-frequency shift”.

Propagation — p»

(a) (b) () (d) l (€)

Spectral broadening Interpulse Soliton effet Soiton A
by pulse compression SRS ofiton efie self-frequency shift

Fig. 3.14 Schematic spectral evolution in Raman soliton pulse generation.

3.5 Summary

In this chapter, SC and quasi-SC generation have been presented. On the other hand, the theory of the pulse
propagation and various phenomena induced in the optical fiber have been presented. In optical fibers, the
chromatic dispersion distorts the temporal pulse shape and the nonlinear effects cause the spectral variation.
The interplay between the GVD and nonlinear effects forms the optical soliton pulse. Furthermore, the
contribution of the stimulated Raman scattering leads to the soliton self-frequency shift. We presented the
wavelength-tunable Raman soliton pulse generation. The ideal sech?-shaped soliton pulse was generated only
by passing the femtosecond pulse into the optical fiber. We have demonstrated an electronically controllable,
high-speed, wavelength-tuning of the Raman soliton pulse.
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Chapter 4 Development of tunable quasi-supercontinuum laser source
4.1 Introduction

As mentioned in Chapter 2, the performance of optical coherence tomography (OCT) is determined by the
specifications of the light source. The axial resolution is inversely proportional to the bandwidth of the light
source, given by equation (2.7). Figure 4.1 shows the axial resolution in biological imaging varied with the
bandwidth of the light source. Biological tissues have a refractive index of 1.38 for light. The light source
spectrum is assumed to be Gaussian-shape with central wavelengths of 0.8, 1.1, 1.3, and 1.7 um respectively.
The ultra-broadband spectral light source with a bandwidth of hundreds of nanometers enables ultrahigh axial
resolution of less than 10 um [1-5]. The ultrahigh resolution OCT is a helpful tool for detailed imaging of
human retinal layer structure and cells or organelles in biological tissues [1,6]. Thus, the development of
broadband light sources for OCT imaging is necessary.
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Fig. 4.1 Axial resolution in terms of light bandwidth.

In addition, the operation wavelength has a crucial impact on the penetration depth for biological tissue
imaging. Compared to visible spectral band (0.4-0.8 pm), near-infrared wavelength range (wavelength >0.8
um), which has fewer light-absorbing substances and is less affected by scattering, is often chosen for deep
tissue imaging [7-10]. However, the imaging depth is still limited for highly scattering tissues such as the
brain and skin, typically in the range of several hundred micrometers to around 1 mm [11-16]. The primary
limiting factors include light scattering and water absorption. Figure 4.2 shows the schematic of light
attenuation due to water absorption and scattering in biological tissues [17-19]. Figure 4.3 shows the
wavelength dependence of light attenuation caused by water absorption and light scattering at different optical
windows for biological tissue imaging. The third window from 1600 nm to 1900 nm, also called as 1.7 uym
spectral band, which has a local minimum water absorption and decreased scattering, absorbs lots of interest
in the field of bio-imaging [20].

53



Light

Absorption I l I Scattering
Tissue

0o '/

Fig. 4.2 Schematic of quasi-SC generation

—

o
=%
-

Rayleigh scattering [10 dB/div]

S

=%
(%]

—
[¥8]

window

| |
First

Second
window

absorption

1000

-
o
o

= 3
[wo/ap o1] uondiosqe Jejeps

10 Scattering {01

0.0

oMLl o111 looot
700 900 1100 1300 1500 1700 1900 2100

Wavelength [nm]

Fig. 4.3 Light attenuation at different optical windows for biological tissue imaging.

As described in Chapter 1, the SLDs, solid-state lasers, and SC sources have been developed for OCT
imaging. The bandwidth and the operation wavelength of SLD and ultra-short pulse solid-state lasers are

determined by the gain medium, making it difficult to control. In contrast, the central wavelength of SC can
be adjusted arbitrarily by controlling the central wavelength of the ultra-short pulse light serving as a seed
source, and a flexible tuning range (0.8-2.0 um) in the near-infrared region is able to be obtained. Additionally,
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since the spectral width of SC light can be extended by nonlinear effects, ultra-broadband spectra in excess
of 300 nm can be generated without being limited by the bandwidth of the gain medium, enabling OCT
imaging with high transmission depth. The 1.7 um SC with ultra-broadband spectrum facilitates OCT imaging
with both high-depth penetration and high resolution [1,2,4,6,21-24]. It is reported that a maximum imaging
depth of 1.7 mm with an axial resolution of 3.6 um in mouse brain imaging has been achieved by 1.7 um SC
source [24]. Especially, the high-power coherent SC generation improves imaging capabilities with the
benefits of high-sensitivity and larger penetration depth because of low spectral intensity noise [24.26].

However, the spectral shape and wavelength range are also limited by the fiber devices used and the
characteristics of the seed pulse source, and generally, it is difficult to control the spectral shape of the
generated SC [27-29]. In 2008, Sumimura et al. developed a new broadband light source—a quasi-
supercontinuum (SC) source, whose spectrum looks like a SC and is controllable [30]. They continued their
work and demonstrated 1.3 pum quasi-SC generation for time domain (TD) OCT imaging in 2010. A high axial

resolution of 3.7 um in tissue was obtained. A maximum sensitivity of 100 dB was achieved, and ultrahigh-
resolution images of a hamster cheek pouch were observed [31]. It is expected that a 1.7 pm broadband quasi-
SC can be developed for high resolution deep tissue imaging.

In this chapter, we demonstrated the development of a tunable quasi-supercontinuum generation at 1.7 um
spectral band based on wavelength-tunable soliton pulse generation and fast intensity modulation. In Section
4.2, we explained the principle of quasi-SC generation using the nonlinear dispersive fiber. In Section 4.3,
we presented the details about experimental development of tunable Gaussian-shaped quasi-SC generation,
including seed pulse generation, wavelength-tunable soliton pulse generation, and fast intensity modulation.
In Section 4.4, the noise properties for quasi-SC was examined. And we compared the output properties
between quasi-SC and a conventional SC. Finally, a summary was given about the development of 1.7 um
broadband quasi-SC.

4.2 Principle of quasi-supercontinuum generation

Figure 4.4 illustrates the schematic of quasi-SC generation. The underlying principle of quasi-SC involves a
combination of wavelength-tunable Raman soliton pulse generation and fast intensity control [32,33]. As
described in Chapter 3, when an ultrashort pulse with high peak power propagates through the nonlinear
dispersive fiber (NLDF), a Raman soliton pulse gradually forms during fiber transmission through the
following process: As the ultrashort pulse is coupled into an anomalous-dispersion fiber, the pulse spectrum
undergoes initial broadening because of the higher-order soliton compression effect. Subsequently, intra-pulse
stimulated Raman scattering (SRS) enhances the longer-wavelength components in the broadened spectrum.
This leads to pulse breakup, generating an ultrashort pulse on the longer wavelength side. The generated pulse
experiences the soliton effect, gradually forming a sech?-shaped soliton pulse. Intra-pulse SRS further causes
the energy of the shorter-wavelength components in the Raman soliton pulse to transfer to the longer-
wavelength components within the same pulse. This results in the central wavelength of the Raman soliton
shifting toward the longer-wavelength side. With an increase in fiber length and input power, the central
wavelength of the Raman soliton shifts more toward the longer wavelength side. By modulating the input
soliton intensity using a fast modulator, the shifted Raman solitons appear to be generated simultaneously,
producing a detected spectrum that appears super-continuous—termed quasi-supercontinuum (quasi-SC).
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In this quasi-SC generation, the central wavelength, bandwidth, and spectral shape are tunable. This
characteristic not only enables the realization of high resolution and large penetration depth through the use
of a broadband quasi-SC, but also facilitates the acquisition of uncorrelated speckle patterns by employing
multiple quasi-SC outputs within a tunable wavelength region.

4.3 Experimental setup for quasi-supercontinuum laser source

The experimental setup for quasi-SC generation is shown in Fig 4.5. The quasi-SC source consists of four
parts: (1) the seed pulse source, (2) the seed pulse intensity amplifier, (3) the nonlinear fiber, and (4) the fast
intensity modulator. We utilized an Er-doped ultrashort-pulse fiber laser using a single-wall carbon nanotube
(SWNT) polyimide film as the saturable absorber, and the ultrashort pulse was amplified by an Er-doped fiber
amplifier (EDFA) to obtain a wider wavelength-tunable spectral band. After a polarization-maintaining (PM)
fiber, a new Raman soliton pulse is formed. The wavelength of the Raman soliton shifted more toward the
longer wavelength side with the increase of PM fiber input power. Then, we inserted an electro-optical (EO)
intensity modulator (Thorlabs LN81S-FC) between the seed pulse and EDFA to change the power of the
amplified pulse. A long pass filter was used after the PM fiber to remove the seed pulse. The cut-off
wavelength was 1.6 pum. Two combinations composed of a half-wave plate and a quarter-wave plate were also
introduced to match the polarization direction of the pulse beam with the birefringent axis of the fiber. The
first combination after the seed pulse source helped to obtain the highest amplified power, whereas the second
one before the PM fiber caused the Raman soliton to be shifted to the longest wavelength. In the following
subsections, we will give the detailed information about the above four components.

Ultrashort pulse fiber laser

Function
generator Er-doped fiber PM fiber

w2 IV, a2 - |
) sS— il @) VEES
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controller SWNT

Er-doped fiber
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Isolator

Fig. 4.5 Experimental setup for quasi-SC generation
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4.3.1 Ultrashort pulse fiber laser using a single-wall carbon nanotube (SWNT) polyimide film

Passively mode-locked ultrashort pulse fiber lasers offer advantages in nonlinear optical processes due to
their ultrashort pulse duration, stability, reliability, and so on [34-37]. In passively mode-locked pulse lasers,
the single-wall carbon nano-tube (SWNT), which has saturable absorption properties in the near-infrared
region with ultrafast saturation recovery times of ~1 ps has been widely used for mode locking that generate
repetitive ultrashort pulse trains [38-44]. In particular, film-type SWNT is easier to be installed between the
fiber connector due to its flexibility. Furthermore, in the case of polarization-maintaining (PM) fibers, the
incorporation of film-type SWNT aids in the automatic alignment of the birefringent axes of PM fibers at the
fiber connector. This facilitates passive mode-locking within a straightforward all-fiber ring cavity
configuration, eliminating the need for additional polarization devices. [39,40].

In this work, we utilized a passively mode-locked Er-doped ultrashort-pulse fiber laser using a single-wall
carbon nanotube (SWNT) polyimide film as the seed pulse source [45]. Figure 4.6 shows the configuration
of the ultrashort-pulse fiber laser. A high-power laser diode (LD) operating at a wavelength of 980 nm served
as the pump laser for the experiment. The pump beam was directed into a 1.2 m long polarization-maintaining
(PM) erbium-doped fiber (EDF) via a polarization-maintaining wavelength division multiplexed (PM-WDM)
coupler. The PM-EDF exhibited a peak absorption of 55 dB at a wavelength of 1550 nm. To construct an all-
polarization-maintaining fiber ring laser, the PM-EDF was fusion-spliced with a PM isolator and a 1:1 PM
coupler. The connection between the PM isolator and the fiber coupler involved mechanical coupling using
an angled polished FC/APC fiber connector. The total length of the cavity was approximately 5 m. As a mode-
locker, a freestanding SWNT-polyimide nanocomposite film was employed. The film had a thickness of 17
um and exhibited a broad absorption spectrum, with an absorbance of about 0.3 at a wavelength of 1.55 um.
The refractive index of the polyimide film was approximately 1.58. A small section of the film measuring 2
mm x 2 mm was utilized as the saturable absorber in the setup.

Isolator

Fig. 4.6 Configuration of ultrashort-pulse, Er-doped fiber laser using SWNT.
OC: output coupler; PC: polarization controller.

Figure 4.7 shows the spectrum from 1.55 um ultrashort pulse Er-doped fiber laser using SWNT. The
ultrashort pulse had an ideal sech?-shape with a spectral width of 5.3 nm full-width at half-maximum (FWHM)
and a central wavelength of 1556 nm. The average output power was about 23 mW. Figure 4.8 (a)shows the
pulse train observed by a fast pin photodiode (EOT ET-5000) and a digital oscilloscope (Yokogawa DL9040L).
A consistently clean pulse train was observed, with a temporal separation of 10.4 ns between each pulse.
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Figure 4.8 (b) shows the RF spectra captured using a fast pin photodiode and an RF spectrum analyzer
(Anritsu MS2830A). The RF spectra exhibited equal-frequency-spanning characteristics with nearly constant
amplitude, extending up to a few GHz range, confirming the stability of passive mode-locking. An enlarged
view of the RF spectra, specifically focusing on the fundamental frequency, is also presented in Figure 4.8
(¢). The repetition frequency measured 95.5 MHz, and the SNR reached approximately 78 dB. This indicates
that the noise level of the output pulse train was sufficiently low for subsequent applications. The
characteristics of the generated ultrashort pulse are summarized in Table 4.1.
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Fig. 4.7 Spectra of ultrashort-pulse, Er-doped fiber laser using SWNT.
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Table 4.1 Main characteristics for ultrashort seed pulse for quasi-SC generation.

Averaged power

23 mW

Spectral width

5.3nm

Center wavelength

1556nm

Repetition frequency

95.5 MHz

4.3.2 Wavelength-tunable ultrashort pulse generation using polarization-maintaining (PM) fiber

In order to obtain widely wavelength-tunable range at 1600 -1900 nm spectral band, the averaged power of
ultrashort seed pulse has to be increased by a pulse-energy amplifier. We used an Er-doped fiber amplifier
(EDFA) for high-power soliton pulse generation. Generally, optical fibers have anomalous-dispersion
characteristics in the wavelength region around 1.55 pum. This anomalous dispersion causes excessive
nonlinear effects such as induced Raman scattering and high-order soliton compression in dealing with the
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high-power ultrashort pulse. In this work, we used the normally-dispersive Er-doped fiber (EDF) to avoid the
uncontrollable nonlinear effects and to amplify the pulse energy effectively.

For wavelength-tunable pulse generation, we used polarization-maintaining (PM) fiber as a soliton pulse
wavelength-shifting device. When an ultrashort pulse is coupled into a PM fiber, the pulse spectrum is initially
broadened by the higher-order soliton compression effect, as described in Chapter 3. Then the longer-
wavelength components in the broadened spectrum are enhanced through intra-pulse stimulated Raman
scattering (SRS). As a result, pulse breakup occurs, and an ultrashort pulse is generated at the longer
wavelength side. The generated pulse experiences the soliton effect, and a sech?-shaped soliton pulse is
gradually generated. Intra-pulse SRS also causes the energy of the shorter-wavelength components in the
Raman soliton pulse to be transferred to the longer-wavelength components in the same pulse, resulting in
the central wavelength of the Raman soliton shifting toward the longer-wavelength side. It is found that by
varying merely the PM fiber-input power, the wavelength of the soliton pulse is shifted almost linearly in the
wide region of 1.6-2.0 um, and the wavelength shift is also positively correlated with fiber length. In addition,
the use of PM fiber makes the generated wavelength-shifted solitons stable in both central wavelength and
output power, and insensitive to environmental fluctuations.

The experiment setup for wavelength-tunable soliton pulse generation using EDFA and PM fiber is shown
in Fig.4.9. The Er-doped ultrashort-pulse fiber laser using a single-wall carbon nanotube (SWNT) polyimide
film worked as the seed pulse source, mentioned in sub-Section 4.3.1. The central wavelength and the
averaged power were 1556 nm and 23 mW, respectively. First, the seed pulse was transmitted and chirped in
a 1 m single-mode fiber (SMF). After power adjustment using a half-wave plate and a polarization beam
splitter (PBS), the pulse was amplified in the normally-dispersive EDF. Four LDs operating at 980 nm were
used for excitation, and the total maximum pump power was 1.2 W. The maximum power of the amplified
soliton pulse was about 360 mW. Figure 4.10 shows the observed spectrum of the EDFA output. The spectrum
of the ultrashort pulse was widened after amplification. Then, a PM fiber was used for soliton wavelength
shift and ideal sech>-shaped pulse generation. In PM fiber, a new Raman soliton pulse is formed gradually.
Figure 4.11 shows the spectra of the PM fiber output, when the PM fiber input power was at the maximum
amplified power. The seed pulse and the newly generated Raman soliton were both clearly observed at 1564
nm and 1635 nm, respectively. The spectrum of the generated soliton pulse is the ideal sech? shape. A long
pass filter was used after the PM fiber to remove the seed pulse.

Er-doped fiber PM fiber
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10 soliton pulse
. —

980 nm
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pulse fiber
laser

Fig. 4.9 Experiment setup for wavelength-tunable soliton pulse generation.
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We varied the injection current of the Er-doped fiber amplifier (EDFA) to change the PM fiber input power
to simulate intensity modulation. The wavelength-tunable soliton pulse generation was demonstrated. Figures
4.12(a) and 4.12(b) show the wavelength shift and output power of the Raman soliton as a function of the
fiber-input power for fiber lengths of 100 and 300 m. As the fiber-input power was increased, the wavelength
shift and output power increased almost linearly. These experimental results were close to the theoretical
results and previously reported experimental results [32,33,45]. The 300 m fiber produced a longer
wavelength shift than the 100 m fiber, but a reduced output power compared to the 100 m fiber. When the
fiber length was 100 m, the maximum wavelength shift was 1835 nm with an output power of 97.5 mW.
When the fiber length was 300 m, the maximum wavelength shift was increased up to 1930 nm, but it was
accompanied by a second soliton pulse generation. For the subsequent quasi-SC generation, we had to adjust
the polarization direction of the fiber input pulse to maintain single soliton generation. In this situation, the

maximum wavelength shift was 1895 nm with an output power of 76.5 mW when the fiber length was 300
m.
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1900 ) 100

= 100 m PM fiber
Fitting curve 1

= 300 m PM fiber
Fitting curve 2

gob| ¢ 100 m PM fiber

—— Fitting curve 1
¢ 300 m PM fiber

—— Fitting curve 2

1850

80 f

1800

70
1750 f
60 f
1700 f
50

1650 | ol

Central wavelength of Raman soliton [nm]
Qutput power of Raman soliton [mW]

4

1600 N . . - . . 30 +— ! n . . -
50 100 150 200 250 300 350 400 50 100 150 200 250 300 350 400

PM fiber—input power [mW] PM fiber—input power [mW]
Fig. 4.12. (a) Wavelength shift and (b) output power of Raman soliton in terms of the fiber-
input power for 100 m and 300 m fibers.

From the above examined results, the 300 m PM fiber is more suitable for subsequent quasi-SC generation
because it allows a wider wavelength tuning range from 1600 nm to 1900 nm, although its averaged output
power is lower than that of the 100 m fiber. In this study, we chose a 300 m PM fiber (SM15-PR-U24A-H)
as the wavelength shift device.

4.3.3 Tunable Gaussian-like quasi-supercontinuum (SC) generation by fast intensity modulation

For the quasi-SC generation, we installed a fast intensity modulator between the seed pulse source and EDFA,
replacing the manual adjustment of injection current described in Subsection 4.3.2 to achieve wavelength-
tunable soliton generation. Figure 4.13 shows the experiment setup for Gaussian-shape quasi-SC generation.
An electro-optical (EO) intensity modulator (Thorlabs LN81S-FC) and a programmable multifunction
generator (NF WF1968) were used.
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Fig. 4.13 Experiment setup for Gaussian-shape quasi-SC generation.

Figures 4.14 show the observed spectra with a simple linear intensity modulation at different modulation
speeds. In the case of low-frequency modulation, shifted Raman solitons are generated one by one and the
wavelength shift is linearly related to the modulation intensity in the wavelength range from 1600 nm to 1900
nm, as shown in Fig.4.14 (a). The pulse spectra kept the sech? shapes. The modulation frequency was 1 Hz.
When the modulation frequency was higher than the sampling frequency of the detection system, the
wavelength of the Raman soliton shifted continuously within one detection period, and the detected spectra
was the superposition of these solitons and looked like a supercontinuum. For instance, when we increased
the modulation frequency to 300 kHz beyond the 20 kHz detection rate of the spectrum analyzer (Yokogawa
AQG6375), the shifted Raman solitons seemed to be generated at the same time, resulting in a detected
spectrum that appeared to be super-continuous, as shown in Fig.4.14 (b), that is to say, a quasi-SC.
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As mentioned in Chapter 2, the resolution of OCT is influenced by the spectral shape of the light source,
and the desired spectrum for OCT would ideally manifest as a Gaussian spectral shape, resulting in a Gaussian
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coherence function devoid of side lobes. In order to obtain a Gaussian-shaped spectrum, the design of the
modulation function is important. The modulation function determines the shape of the quasi-SC by changing
the wavelength tuning speed of the shifted Raman soliton pulse. By the model calculations, we designed the
modulation function as shown in Fig.4.15 (a). The slope of the modulation function was set as gentle around
the center wavelength, the larger number of Raman solitons were generated, and the integrated power of
solitons was greater. On the other hand, at the shorter and longer wavelength ranges, the slope of the
modulation function was set as steep, and the integrated power of solitons was smaller. We used the
programable function in a multifunction generator (NF WF1968). The modulation amplitude and offset
affected the central wavelength and bandwidth. By adjusting the amplitude and offset of the modulation
function manually, a Gaussian-shaped quasi-SC spectrum with a bandwidth of 138 nm was generated at 1600-
1900 nm spectral range, as shown in Fig. 4.15 (b).
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Fig. 4.15 (a) Intensity modulation function for Gaussian-shaped quasi-SC generation. (b) Spectra
of broadband Gaussian-shaped quasi-SC output (Ac = 1743 nm, AA = 138 nm, output power =51.2
mW, modulation frequency was about 300 kHz.).

4.4 Results

We investigated the characteristics of the quasi-SC from the developed laser. Figure 4.16 (a) shows the
intensity-modulated Raman soliton pulse train forming quasi-SC observed by a fast pin photodiode (EOT ET-
5000) and a digital oscilloscope (Yokogawa DL9040L). The soliton intensity modulation frequency was about
300 kHz, corresponding to 3.3 s in the time domain. Figure 4.16 (b) shows the RF spectrum observed using
the fast pin photodiode and an RF spectrum analyzer (Anritsu MS2830A). Equal-frequency-spanning RF
spectra were observed, extending up to the 1 GHz range. The repetition rate measured approximately 95.5
MHz, corresponding to that of the seed fiber laser source. Figures 4.16(c) and 4.16(d) show the enlarged RF
spectra of the fundamental frequency with 10 MHz and 500 kHz spectral range, respectively. We compared
the RF spectra between the one of quasi-SC with modulation and the one of 1750 nm Raman soliton without
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modulation. In quasi-SC generation, the fundamental soliton pulse was modulated with 300 kHz of frequency,
as shown in Fig. 4.16(c). The noise level does not increase compared to Raman soliton generation, but there
were some small modulation noise peaks, as shown in Fig. 4.16(d). It was considered that these spectral peaks
were generated by intensity and phase modulation in the modulator.
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Fig. 4.16 (a) Intensity modulated Raman soliton pulse train forming quasi-SC, (b) RF spectra with
1GHz range, (c) enlarged RF spectra of the fundamental frequency with 10 MHz, (d) enlarged RF
spectra of the fundamental frequency with 500 kHz.

We compared the results of quasi-SC with a 1700 nm conventional SC [46]. Figure 4.17 (a) shows the
experiment setup for the 1700 nm conventional SC generation. The seed pulse was generated by a similar 1.5
um ultrashort pulse fiber laser using SWNT, and amplified by EDFA. The use of PM fiber is to produce the
sech?-shaped soliton pulses with a central wavelength of 1700 nm. In this configuration, the soliton pulse was
coupled into a highly nonlinear fiber (HNLF) for spectral broadening to obtain a SC. Figure 4.17 (b) shows
the 1700 nm SC spectrum. The bandwidth and central wavelength were 1682 nm and 142 nm, respectively.
The output power of conventional SC was 52.5 mW. Table 4.2 summarized the specifications for both quasi-
SC source and SC source.
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Fig. 4.17 (a) Experimental setup for 1700 nm conventional SC generation, (b) Spectra of SC output
(Ac = 1682 nm, AL = 142 nm, output power = 52.5 mW.).

Table 4.2 Comparison of specifications for quasi-SC and SC.
AC AL Output power

[nm]  [nm] [mW]
Quasi-SC 1743 138 51.2
SC 1682 142 52.5

Figure 4.18 shows the RF spectra of the generated quasi-SC, Raman soliton, and the 1700 nm conventional
SC developed by our group. We compared the spectra of the quasi-SC (with modulation), the 1750 nm Raman
soliton (without modulation), and the 1700 nm conventional SC. In the quasi-SC generation, the fundamental
soliton pulse was modulated with a frequency of 1.1 MHz. The noise level did not increase compared to
Raman soliton generation and SC source below 100 kHz, but there were some small modulation noise peaks
above that caused by intensity modulation.
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Fig. 4.18 RF noise spectra of quasi-SC, Raman soliton, and conventional SC.

4.5 Summary

In this chapter, the principle and development of a tunable quasi-supercontinuum generation at 1.7 um spectral
band have been demonstrated based on wavelength-tunable soliton pulse generation and fast intensity
modulation. First, a 1.55 um Er-doped ultrashort-pulse fiber laser using a SWNT polyimide film was used for
seed pulse generation. The ultrashort pulse intensity was amplified to 360 mW of the maximum power by an
EDFA to obtain a wider wavelength-tunable range from 1600 to 1900 nm. A fast intensity modulator has been
inserted between the seed pulse source and EDFA to change PM fiber-input power continuously and rapidly.
After a 300 m PM fiber, many newly shifted Raman solitons have been generated at almost the same time.
The observed spectra seemed to be super-continuous. A quasi-SC with the bandwidths of 138 nm and the
central wavelength of 1743 nm was obtained. We evaluated and compared the noise properties of quasi-SC,
1750 nm Raman soliton and 1700 nm conventional SC. The generated quasi-SC exhibited similar noise
characteristics compared to 1750 nm Raman soliton and 1700 nm SC below 100 kHz.
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Chapter 5 High resolution and larger penetration depth imaging using 1.7 pm broadband quasi-
supercontinuum (SC)

5.1 Introduction

In Chapter 4, the tunable quasi-supercontinuum laser source at 1.7 pm spectral band has been developed based
on wavelength-tunable soliton pulse generation and fast intensity modulation. As described in sub-Section
4.3, the generated quasi-SC has the tunability in terms of spectral shape, wavelength range and bandwidth.
This property makes it possible for high-resolution OCT imaging with large penetration depth, and its
adjustable wavelength and bandwidth provide the potential for the optimization of OCT imaging performance.
Therefore, it is worth to investigate the OCT imaging using the developed tunable quasi-supercontinuum laser
source.

As mentioned in Chapter 2, there are three common OCT systems: SS-OCT, TD-OCT, and SD-OCT. They
are widely used for biomedical imaging. SS-OCT requires a spectrally tunable laser light source, which is
capable of rapid scanning across the spectral range. The developed quasi-supercontinuum laser source, whose
output spectra look like SC, is not suitable for SS-OCT.

Studies on SD-OCT have demonstrated the achievement of a maximum imaging depth of 1.7 mm with an
impressive axial resolution of 3.6 um in mouse brain imaging using the 1.7 pum SC source [1]. The report on
the generation of high-power coherent SC contributes TD-OCT imaging with improved imaging capabilities,
offering an enhanced imaging depth of 1.9 mm in the biological sample of pig thyroid gland with an axial
resolution of 3.2 um [2].

Theoretically, SC sources are often better suited for SD-OCT over TD-OCT, because of their simultaneous
provision of a broad spectrum, high repetition rate, and capacity for wavelength tuning. In SD-OCT, which
relies on a single interferogram for depth information, SC sources offer advantages in terms of imaging speed,
improved depth resolution, and enhanced signal-to-noise ratio [3,4]. Quasi-SC has similar spectral properties
to SC, so it is desirable to investigate whether SD-OCT using quasi-SC can achieve the same imaging
performance.

In addition, Sumimura et al. have reported 1.3 pm quasi-SC generation for TD-OCT imaging [5]. They
have investigated the performance of TD-OCT imaging with the tunability of quasi-SC. To our knowledge,
there have been no reports on SD-OCT imaging using quasi-SC source. It is necessary to investigate the
performance of SD-OCT imaging with the tunability of quasi-SC.

In this Chapter, we demonstrated highly sensitive, high-resolution SD-OCT imaging with large penetration
depth using the developed quasi-SC source. In Section 5.2, a 1.7 um Gaussain-shaped broadband quasi-SC
was generated, and the experimental setup of SD-OCT was described. In Section 5.3, the characteristics of
imaging using quasi-SC were evaluated, including the sensitivity, spatial resolution, and imaging depth. In
Section 5.4, we successfully obtained high-resolution deep tissue cross-sectional images of tape stack, pig
thyroid, human fingertip, and human teeth samples. We also compared the imaging results obtained by the
developed quasi-SC and the conventional SC source. In Section 5.5, we briefly discussed the reasons for the
slight difference in imaging characteristic parameters between quasi-SC and conventional SC. Finally, a
summary was given about the SD-OCT imaging using a 1.7 um broadband quasi-SC.
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5.2 Broadband quasi-supercontinuum (SC) generation and experimental setup for SD-OCT

In Chapter 4.2, the experimental setup for Gaussian-shaped quasi-SC generation at 1.7 pm spectral band has
been developed. The generated quasi-SC has the tunability because of adjustable intensity modulation. The
modulation amplitude and offset affect the central wavelength and bandwidth. For high-resolution deep tissue
imaging, a 1.7 um Gaussian-shaped quasi-SC spectrum with a broad bandwidth of 138 nm was generated by
adjusting the amplitude and offset of the modulation function manually, as shown in Fig.5.1. It was centered

at 1743 nm with an output power of 51.2 mW.
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Fig. 5.1 Spectra of broadened Gaussian-shaped quasi-SC output (Ac = 1743 nm, AL = 138 nm,
output power = 51.2 mW, modulation frequency was about 300 kHz.).
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Fig. 5.2 Experimental setup for SD-OCT using 1.7 pm quasi-SC laser source.

73



We applied the above 1.7 um broadband quasi-SC to SD-OCT. Figure 5.2 shows the experiment setup of
SD-OCT. The whole system included the light source, reference arm, sample arm, and detection part, was
connected by a 50/50 fiber coupler [1]. The sample arm consisted of X Y-axis galvanometer scanners to obtain
a cross-sectional or volumetric image, and a focusing lens with a focal length of 30 mm. In the reference arm,
dispersion-compensating glass plates were incorporated to align the dispersions of the two arms. Additionally,
a variable neutral density (ND) filter was introduced to control the reference beam power to avoid the
saturation of line camera and optimize the measurement sensitivity. Polarization controllers were also
introduced to remove polarization mismatches. In the 50/50 fiber coupler, the output light from the quasi-SC
source was divided into the reference arm and sample arm, and the reflected light from the sample and
reference mirror interfered with each other. To detect the interference signal, we used a custom-built
spectrometer composed of a 150 lines/mm blazed diffraction grating (Shimadzu 015-200), two focusing
achromatic lenses and a 47k lines/s InGaAs line scan camera (Goodrich SU1024LDH-2.2RT-0250/LC). The
camera has an extended detection wavelength range from 1400 nm to 2000 nm. The pixel number and digital
output resolution were 1024 pixels and 14 bits, respectively.

5.3 Characteristics of SD-OCT imaging

To evaluate the performance and quality of SD-OCT imaging using 1.7 um broadband quasi-SC, we have
examined the characteristics in terms of the imaging sensitivity, axial resolution, lateral resolution, and
imaging depth. For reference and comparison, we also examined the characteristics of OCT imaging using
1.7 um conventional SC light source, which has similar output spectra to the quasi-SC. The experiment setup
and specifications for 1.7 um SC generation have been described in Subsection 4.4. The bandwidth and central
wavelength of SC were 1682 nm and 142 nm, respectively. The output power was 52.5 mW.

5.3.1 Imaging sensitivity and axial resolution

We examined the system sensitivity and axial resolution using a reflective mirror as a sample. The incident
power of the OCT system from quasi-SC was 45.8 mW, and the incident power on the sample was 7.6 mW.
Figure 5.3 (a) shows the cross-sectional image for the sample of a reflective mirror, and the interference signal
is shown in Fig.5.3 (b). The total system sensitivity was 98 dB, including 59 dB signal power and a 39 dB
round-trip attenuation. The maximum axial resolution was the path length difference width at 6 dB attenuation
of signal power. The examined value was 14.8 um in air, corresponding to 10.7 pum in biological tissues. The
calculation of theoretical values has been given by Eq. (2.7) as described in Chapter 2. The theoretical values
were 13.4 pm in air and 9.7 pum in tissue, respectively. They were close to the theoretical values of 13.4 um
in air and 9.7 pm in tissue, respectively. The experimental values are close to theoretical values.

We also examined the imaging sensitivity and axial resolution by 1.7 um SC source in the same way. The
incident power from SC source was 42.1 mW. The total system sensitivity was 97 dB. The examined values
of axial resolution were 12.3 um in air and 8.9 um in tissues. Table 5.1 summarizes the imaging sensitivity
and axial resolution for both quasi-SC and SC. The quasi-SC and SC source have similar imaging sensitivity
and axial resolution.
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Fig. 5.3 (a) Cross-sectional OCT image of a reflective mirror and (b) interference signal of OCT
using 1.7 um broadband quasi-SC.

Table 5.1 Comparison of imaging sensitivity and axial resolution for quasi-SC and SC

Specifications
of light source

Characteristics of OCT imaging

Axial resolution

AC AL Incident power | Sensitivity (in air / in tissue)
[nm] | [nm] [mW] [dB] [um]
Quasi-SC || 1743 138 45.8 98 14.8/10.7
SC 1682 142 42.1 97 12.3/8.9

Next, we investigated the imaging sensitivity and axial resolution with the tunable quasi-SC. Figure 5.4
shows the imaging sensitivity and axial resolution in terms of tunable modulation frequency. To achieve
effective OCT imaging, we have to set the modulation frequency to more than 100 kHz because the scanning
speed of the detection camera was 47k lines/s. We varied the modulation frequency from 100 kHz to 10 MHz.
The imaging sensitivity and axial resolution remained stable with tunable modulation frequency. This result,
indicating that the SD-OCT was not sensitive to the modulation frequency, was similar to TD-OCT for
modulation frequencies beyond several hundred kHz [3]. When the modulation frequency was sufficiently
higher than the scanning rate of the line camera, the OCT imaging characteristics were stable.
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Fig. 5.4 Imaging sensitivity and axial resolution in terms of modulation frequency

Figure 5.5(a) shows generated quasi-SC spectra with tunable bandwidth. The bandwidths were tunable
from 46 nm to 138 nm by adjusting the amplitude and offset of the modulation function. The spectra were all
centered at around 1750 nm. Figure 5.5(b) shows the imaging sensitivity and axial resolution in terms of
tunable quasi-SC bandwidth. The imaging sensitivity was almost constant, but the axial resolution was
improved as the bandwidth was increased, and this result was in good agreement with the theoretical value.
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Fig. 5.5 (a) Generated Gaussian-shaped quasi-SC spectra with tunable bandwidth. (b) Imaging sensitivity
and axial resolution in terms of tunable bandwidth of quasi-SC at a modulation frequency of 300 kHz.

From the above results, the broadband quasi-SC and SC have similar characteristics in terms of imaging
sensitivity and axial resolution. The tunability of the quasi-SC source did not damage the sensitivity and axial
resolution. The OCT imaging characteristics kept stable when the modulation frequency was tunable from
100 kHz to 10 MHz. The imaging sensitivity was almost unchanged with the tunable bandwidth of quasi-SC,
and the effect of variable bandwidth on resolution was also consistent with theoretical analysis.

5.3.2 Lateral resolution

We used a resolution target card for the examination of lateral resolution for OCT imaging by the 1.7 um
broadband quasi-SC. This examination consists of three steps: performing the imaging in the region of interest
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with the resolution target card, measuring the lateral pixel size, and calculating the lateral resolution by edge
profile method.

Figure 5.6 (a) shows the resolution target card (USAF 1951 1X, Thorlabs) as a sample for imaging. We
chose the area of Group 0- Element 1 as the region of interest, which corresponds to the resolution of 1 mm/
line pairs. Figure 5.6(b) shows the cross-sectional image of line pairs as the region of interest. A pair of lines
is able to be observed clearly. The horizontal coordinates of the image are the pixel numbers in the lateral
direction.
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Fig. 5.6 (a) Photograph of resolution target card. (b) Cross-sectional image of line pairs in resolution card.
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The lateral pixel size X can be calculated by the distance of line pairs D and the pixel number difference
of line pairs in OCT image AX , given by D/AX . In this case, the distance of line pairs D is 1 mm, and the

pixel number difference of line pairs AX is 144, which can be examined in the OCT image. The value of
lateral pixel size X is 5.94 um /pixel.

For the measurement of lateral resolution, we employed the edge profile method. We chose the line profile
area as the region of interest in the cross-sectional image of line pairs, as shown in the red rectangular area in
Fig.5.7(a). The averaged intensity of the edge profile was obtained by means of intensity along the axial axis
of the red rectangular area, as shown in Fig.5.7(b). Then, we performed a differential operation on the average
profile intensity. Figure 5.8 shows the point spread function (PSF) of averaged edge profile intensity. The
examined value of lateral resolution is 33.5 um, given by edge profile length at //e of PSF.
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Fig. 5.7 (a) Cross-sectional image of line pairs in resolution card, the red rectangular area is the region of
interest. (b) Averaged intensity of edge profile of rectangular area.
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Fig. 5.8 PSF of edge profile intensity

About the calculation of theoretical lateral resolution AX , it is given by

Ax=0.61- A, (5.1
NA
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where A, is the central wavelength of light source, and NA is the numerical aperture of object lens in the

sample arm. In this experimental setup, the value of N4 is 0.033. The theoretical value of lateral resolution

for 1.7 um SC was 31.4 pm.

We also examined the lateral resolution by 1.7 um SC source in the same way. The examined value was
30.4 um, and the theoretical value was 31.9 pm. Table 5.2 lists the lateral resolution for both quasi-SC and
SC. The quasi-SC and SC source have close values in terms of lateral resolution.

Table 5.2 Comparison of lateral resolution for quasi-SC and SC

Specifications
of light source

Characteristics of OCT imaging

Lateral resolution

AC AL Incident power .
[nm] [nm] [mW] (theoretical /measured value)
[m]
Quasi-SC || 1743 138 45.8 31.4/335
SC 1682 142 42.1 30.4/31.9
5.3.3 Imaging depth

In SD-OCT, the sensitivity depends on the path length difference, which limits the penetration depth. First,
we examined the sensitivity roll-off of SD-OCT using 1.7 pm quasi-SC, as shown in Fig.5.9. The measured
value was -10dB / 0.7 mm, which is close to the value of -10dB / 0.5 mm in SD-OCT using 1.7 pm SC.

Signal intensity [dB]

60

40

20

-20 ff

-40

-
~~a

-
~~a
~
~.
~
-~
~
~~
-~

-
~~a
~
~

-1000

Path length difference [um]
Fig. 5.9 Sensitivity roll-off of SD-OCT using 1.7 um quasi-SC

-500 0

80

500 1000



Then, considering the observed roll-off property, we evaluated the penetration depth of human tooth
imaging. Here we demonstrated OCT imaging twice by changing the focus position. Figure 5.10(a) shows a
photograph of the measured human tooth. Figures 5.10(b) and 5.10(c) show cross-sectional images of the
human tooth obtained at shallow and deep regions. The enamel—dentine junction can be seen in both images.
We set the middle position of a B-scan as the surface line and defined the penetration depth as the maximum
depth at which we can distinguish a signal and background noise. The above two cross-sectional images were
reconstructed by simple connection, as shown in Fig.5.10(d). It is clear that the reconstructed image enables
us to observe deeper tooth structure. The superior penetration depths of 1.6 mm were obtained for quasi-SC.
Figure 5.10(e) shows a similar image by SC source obtained in the same way. The penetration depth is 1.4
mm, and the ghost image appeared.

Surface line

Connection depth

Enamel-dentine

fimetion Enamel-dentine Enamel-dentine

junetion 4 -jur\.ction

Ghost image |

Fig. 5.10 (a) Photograph of human tooth sample. Cross-sectional images at (b) shallow and (c)deep
regions by quasi-SC. Connected OCT image by (d) quasi-SC and (e) conventional coherent SC.

Table 5.3 Comparison of penetration depth for quasi-SC and SC

Specifications

of light source Characteristics of OCT imaging

AC A\ Incident power e i Imaging depth
[nm] [nm] [mW] Sensitivity roll-off [mm]
Quasi-SC || 1743 | 138 45.8 -10dB /0.7 mm 1.6
SC 1682 | 142 42.1 -10dB /0.5 mm 14

Table 5.3 compares the sensitivity roll-off and imaging depth for both quasi-SC and SC. The quasi-SC and
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SC source have close values in terms of lateral resolution. The superior penetration depths of 1.6 mm for quasi-
SC was slightly larger than that of 1.4 mm for conventional SC. Quasi-SC had a better imaging result in the deeper
parts of the human tooth sample.

In the previous work from our group, we compared the penetration depths of TD-OCT imaging using 1.3
pm and 1.7 pm conventional SC sources with almost the same power of 30 mW [2]. In that work, the observed
penetration depths were 0.8 mm for 1.3 pum and 1.2 mm for 1.7 um wavelengths. The penetration depth is 1.4
mm. The result demonstrates the superiority in penetration depth compared to the reported 0.8 mm depth for
1.3 um and 1.2 mm for 1.7 um wavelengths in TD-OCT [2].

5.4 Imaging results

We performed cross-sectional OCT imaging of samples using the 1.7 pum broadband quasi-SC. The OCT
images consisted of 512 A-scans with 1024 pixels per scan. The imaging time for one cross-sectional frame
required about 0.05 s. The corresponding frame rate was 20 frames/s.

Figure 5.11 (a) shows the photograph of transparent tape stacks. Similar cross-sectional images by 1.7 um
broadband quasi-SC and SC are shown in Fig.5.11(b) and 5.11(c), respectively. About 20 or more layers can
be observed in the tape stacks.
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(a)

Fig. 5.11 (a) Photograph of transparent tape stacks. Cross-sectional images by (b) quasi-SC and (¢)
conventional coherent SC.

Figure 5.12 (a) shows the photograph of human fingertip. Figure 5.12 (b) shows the schematic diagram of
human skin structure. Figures 5.12 (¢) and 5.12 (d) show the real-time cross-sectional images by quasi-SC
and conventional coherent SC. From the images, the biological tissues in the fingertip, such as fingerprints,
the epidermis, sweat duct, and junction of dermis and epidermis are clearly visible.

83



(b)

Epidermis

Dermis

Fig. 5.12 (a) Photograph of human fingertip. (b) Schematic diagram of human skin structure.
Cross-sectional images by (¢) quasi-SC and (d) conventional coherent SC.

Figure 5.13 (a) shows the photograph of human finger nail. The final cross-sectional images were obtained
by averaging three images, where the imaging time for one cross-sectional frame required about 0.05 s. In
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this case, we fixed the finger on the sample stage. The tissue structures of the epidermis, dermis, nail plate
and nail bed, can be clearly observed by quasi-SC and SC, as shown in Figs.5.13 (b) and 5.13(c) respectively.

(a)

Epidermis

Nail plate

Fig.5.13 (a) Photograph of human fingernail. Cross-sectional images by (b) quasi-SC and (c)
conventional coherent SC.
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5.5 Discussion
Table 5.4 summarizes the specifications and imaging characteristics for SD-OCT obtained by the light sources

of 1.7 um broadband quasi-SC and SC. The two sources exhibited similar imaging characteristics in terms of
sensitivity, axial resolution, lateral resolution, and imaging depth.

Table 5.4 Comparison of light source specifications and characteristics for OCT.

Spe_uflcatlons Characteristics of OCT imaging
of light source
Incident - Axial resolution Lateral resglution Imaging
AC AL Sensitivity R (theoretical
power (in air / in tissue) depth
[nm] | [nm] [dB] /measured value)
[mw] [um] ] [mm]
Quasi-SC || 1743 138 45.8 98 14.8/10.7 31.4/335 1.6
SC 1682 142 42.1 97 12.3/8.9 30.4/31.9 1.4

As described in Chapter 4, we demonstrated the noise properties for both quasi-SC and SC. The noise level
for quasi-SC did not increase compared to 1750 nm Raman soliton generation and SC source below 100 kHz,
but there were some small modulation noise peaks above that. It was considered that these spectral peaks
were generated by intensity and phase modulation in the modulator. As shown in Table 5.4, these small noise
peaks did not affect the sensitivity of the SD-OCT measurement, Even slightly better because of the higher
incident power of quasi-SC. Additionally, the imaging spatial resolution of quasi-SC is slightly weaker than
SC, but the tunability of quasi-SC can help improve it, such as increasing the bandwidth of quasi-SC to
enhance axial resolution and adjusting the central wavelength of quasi-SC to improve lateral resolution.
However, the imaging indexes show the feasibility of the 1.7 um quasi-SC source for highly-sensitive, high-
resolution deep tissue imaging for SD-OCT.

The compared images for the samples of tape stacks, human fingertips, and the human fingernail, indicate
that the quasi-SC source is as capable of high-resolution deep tissue imaging for biological samples as the SC
source.

5.6 Summary

In this chapter, we have investigated the SD-OCT performance and demonstrated the highly sensitive, high-
resolution OCT imaging using broadband quasi-SC in the 1.7 um spectral band. First, a Gaussian-shaped
quasi-SC with a central wavelength of 1743 nm and a bandwidth of 138 nm was obtained. We connected the
quasi-SC to the SD-OCT system. Then, the characteristics of OCT imaging were investigated, focusing on
sensitivity, axial resolution, lateral resolution, and imaging depth successively. We used a reflective mirror to
examine the sensitivity and axial resolution. A total imaging sensitivity of 98 dB and an axial resolution of
10.7 um in tissue sample were obtained. The sensitivity and axial resolution were also examined while tuning
the bandwidth and modulation frequency of the quasi-SC source, and the tunability of quasi-SC did not affect
the OCT performance. We used a resolution target card to examine the lateral resolution by edge profile
method, and the measured value was 33.5 pum. We evaluated the penetration depth in the reconstructed
imaging of human tooth, and the superior penetration depths of 1.6 mm were obtained for quasi-SC. Finally,
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we successfully observed the cross-sectional image for the samples of tape stacks, human fingertips, and the
human fingernail. We also repeated the above experimental operations using the 1.7 um conventional SC,
which has spectral specifications to quasi-SC. The similar index and the compared images indicated that the
quasi-SC source is as capable of highly-sensitive high-resolution deep tissue imaging for biological samples
as the SC source, and confirmed the availability of quasi-SC in realizing high-resolution deep tissue imaging.
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Chapter 6 Speckle reduction imaging using tunable quasi-supercontinuum generation
6.1 Introduction

In Chapter 5, we have successfully demonstrated OCT imaging for quasi-SC source with highly-sensitive
high-resolution deep tissue imaging, which suggests the usefulness of 1.7 pum quasi-SC for sample tissue
imaging. Unfortunately, OCT suffers from the issue of speckle noise, which arises from the superposition of
multiple backscattered light with random phases, degrading the image contrast and resulting in a failure to
obtain detailed structure information [1-3]. In Chapter 5, we have shown the cross-sectional images of tape
stacks. About 20 or more layers can be observed in the tape stacks, but the junctions of the layer structures
are not very clear, especially in the deep imaging parts. In the medical imaging for human optical nerve head,
the retinal layers structure is blurred because of the appearance of speckle patterns, resulting in inaccurate
extraction of important structural metrics such as thickness of the retinal nerve fiber layer (RNFL), which is
important in glaucoma monitoring [4,5]. For image contrast enhancement, better structural observation, and
more precise medical diagnosis, it is necessary to realize speckle-reduced OCT imaging.

. 4_ Light returned
1= fromsample

Sample Volume

Fig. 6.1 Schematic of reflected light fluctuation caused by multiple backward scattering.

The detailed analytics regarding the speckle origin in OCT imaging have been described in Chapter 2.
Figure 6.1 is a schematic of reflected light fluctuation caused by multiple backward scattering in OCT. The
principle of OCT is based on low-coherence measurements that visualize the tomographic structure from
scattered and reflected light-intensity information from a sample, which contains a large number of scatterers
[6]. When the light illuminates the sample, multiple backward-scattering with random direction occurs due
to the presence of scatterers in the sample volume. The light returning from one sample volume point is the
sum of multiple scattering components, given by [7-9]:

I =§“Ahexp[—2ik(r +Ary)] (6.1)
n=1
—exp(—ik-2r)>" A exp(—ik-2Ar,)
n=1
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where | is the summation of multiple scattered light intensity, N is the number of scatterers in a sample volume
. . . . 2 .
point, n is the randomly scattered light caused by each scatterer, k is the wave number (k =7ﬂ, A is the

wavelength), An and r are the amplitude and average optical pathlength for each scattering component,
respectively, Ar, is the pathlength difference, and (r + Ar,) is the one-way optical pathlength. The
superposition of multiple scattering components with random phases results in a reflected intensity fluctuation
and granular texture presentation, degrading the image contrast in OCT.

Speckle, an inherent and specific characteristic in OCT, is random but definitive noise because the
scatterers’ distribution does not change in time [10]. For speckle reduction, the most common way is to
perform a compounding average of B-scans based on speckle decorrelation on the same sample structure.
Currently, the speckle reduction techniques fall into two main groups depending on the speckle decorrelation
method. Hardware-based methods involve changing the speckle patterns on the same sample structure by
introducing experimental variables, such as changing the angle, the wavelength, or the intensity distribution
of the incident light [11-16]. In the amplitude compounding approach [15], Li et al. inserted a rotatable optical
chopper in the sample arm path to change the distribution of sample light intensity, the variable A, in equation
6.1. They achieved a maximum average number of 100 and an SNR improvement of 6.4 dB in tissue imaging.
In the angular compounding approach [11], A. E. Desjardins et al. used two galvanometer mirrors to collect
the backscattered light with multiple angles from the sample, which changes the variable (r + Ary) in equation
6.1. They realized the rapid imaging with the SNR increase of 3.4 dB. In the frequency compounding
approach [13], M. Pircher et al. employed two laser sources with different wavelength ranges for imaging of
the same sample, which introduced two different variables k in equation 6.1. The dual-light imaging, which
has similar OCT imaging characteristics including sensitivity and spatial resolution, decorrelates speckle
patterns of the identical sample. The speckle can be reduced by compound averaging uncorrelated patterns.
Correspondingly, software-based methods implement post-processing algorithms to enhance image quality.
Examples include classical image-denoising algorithms such as wavelet or curvelet transforms [16.19], non-
local means algorithms [20,21], and sparse representation based on machine learning and dictionaries [22,23].
For instance, the core idea of non-local means algorithms is to determine small patches in the tomogram that
represent different speckle realizations of the same underlying object, then perform a similarity analysis for
each patch to assign weights, and perform a weighted nonlocal averaging of these patches [21]. The software-
based methods utilizing the postprocessing algorithm after the acquisition of OCT images always take tens
of minutes to several hours. The purpose of all the above methods is to capture uncorrelated speckle patterns,
and speckle reduction can be achieved by compound averaging the decorrelated patterns on the same imaged
object. However, these approaches require postprocessing or additional devices, increasing the complexity of
OCT imaging.

As described in Chapter 4, the developed quasi-SC with high-tunability has been demonstrated. The central
wavelength, bandwidth, and spectral shape can be changed arbitrarily by intensity modulation at 1600-1900
nm spectral band. The wavelength-tunable characteristics of quasi-SC source allow it to replace the dual-
source of frequency compounding. Speckle decorrelation could be achieved through spectral diversity. It is
expected that the quasi-SC with multiple spectral outputs simplify the experimental setup and enhance the
speckle reduction for OCT imaging compared to frequency compounding approach based on the dual-light
source. Therefore, it is worth to investigate the speckle-reduced OCT imaging using tunable quasi-SC
generation.
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In this chapter, we demonstrated low-speckle SD-OCT imaging using a wavelength-tunable quasi-SC
source by the spectral compounding method. In Section 6.2, seven quasi-SC outputs were generated by the
adjustment of intensity modulation, and the characteristics of OCT imaging for each quasi-SC were examined.
In Section 6.3, We obtained speckle-reduced images of two samples, tape stacks, and pig thyroid gland. In
tape stacks imaging, correlation-coefficients were measured to assess the decorrelation effect using tunable
quasi-SC outputs. In the imaging of pig thyroid gland, the penetration depth in the speckle-reduced image
was examined. The quantitative parameters SNR, C, and CNR, which measure the quality speckle-reduced
imaging, were examined. In Section 6.3, we simply discussed the advantages and weaknesses of speckle
reduced imaging using quasi-SC source. Finally, a summary was given about the speckle-reduced SD-OCT
imaging using wavelength-tunable quasi-SCs.

6.2 Tunable quasi-supercontinuum (SC) generation and characteristics in tissue imaging
6.2.1 Wavelength-tunable quasi-SC generation

In Chapter 4, the experiment setup for Gaussian-shaped quasi-SC generation at 1.7 pm spectral band has been
developed. The generated quasi-SC has tunability because of adjustable intensity modulation. The modulation
amplitude and offset affect the central wavelength and bandwidth. The tunability in terms of spectral range
for quasi-SC can be used for speckle decorrelation. Actually, the achievable properties depend on the quasi-
SC. The more spectral outputs there are, and the less overlap between the different spectra there is, the better
the quality of the compound averaged image is. On the other hand, to get more spectral outputs with less
overlap between spectra, we need to reduce the bandwidth of each spectrum, resulting in a decrease in axial
resolution. In order to obtain the better speckle-reduced image, we choose seven quasi-SC spectra while
ensuring axial resolution. Also, we adjusted the bandwidth to ensure that the spectral output on different
spectral domains has similar theoretical imaging resolution.

Figure 6.2 shows the generated seven Gaussian-shaped quasi-SC spectra in the spectral band from 1600
nm to 1900 nm by adjusting the modulation amplitude and offset. They were labeled sequentially as quasi-
SC1 to quasi-SC7. They were centered at different wavelengths with different spectral bandwidths and output
powers. The many deep dips around 1850 nm range in quasi-SC 6 and quasi-SC7 are due to the water
absorption in air, making the observed spectra not smooth. The details of specifications for each quasi-SC are
listed in Table 6.1.

91



Quasi-SC1 Quasi-SC2 Quasi-SC3 Quasi-SC4 Quasi-SC6 Quasi-SC7

o
o

e
o
i

<
~

Intensity [a.u.]

o
N0
i

0 ? ;
1600 1650 1700 1750 1800 1850 1900

Wavelength [nm]
Fig. 6.2 Spectra of quasi-SC1 to quasi-SC7

Table 6.1 Specifications for quasi-SCI to qausi-SC7

Initial images using quasi-SCs

Quasi- Quasi- Quasi- Quasi- Quasi- | Quasi- | Quasi-

SC1 SC2 SC3 SC4 SC5 SC6 SC7
Central

wavelength 1652 1685 16.13 16.47 176.6 1812 1848
[nm]

Bandwidth 50 52 51 57 53 53 50
[nm]

Incident power | . ¢ 28.4 325 36.4 394 | 417 | 439
[mW]

6.2.2 Imaging characteristics using multiple spectral quasi-SCs

We applied the above tunable quasi-SC output to the SD-OCT system sequentially. The experimental setup
for SD-OCT has been described in Chapter 5. We examined the total system sensitivity and lateral resolution
using a reflective mirror as a sample. Figure 6.3(a) shows the cross-sectional image for the sample of the
reflective mirror using quasi-SC1, and the interference signal is shown in Fig.6.3 (b). The total system
sensitivities were 97 dB, including a 39-dB round-trip filter attenuation. The axial resolution was 24.1 pum,
corresponding to 16.4 um in biological tissue.
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Fig. 6.3 (a) Cross-sectional OCT image of a reflective mirror and (b) interference signal of OCT
using quasi-SC1.

We also examined the lateral resolution by the edge profile method using a resolution target card. The
detailed measurement way has been described in Chapter 5.3. Figure 6.4 shows the measured point spread
function (PSF) of averaged edge profile intensity obtained by quasi-SC1. The examined value of lateral
resolution is 31.9 um, given by edge profile length at 1/e of PSF.
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Fig. 6.4 PSF of edge profile intensity obtained by quasi-SC1

Table 6.2 summarizes the sensitivity, axial resolution, and lateral resolution for each quasi-SC. The light
source of quasi-SC1 to quasi-SC6 had similar high sensitivity (>95 dB), close axial resolutions (around 17
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um), and lateral resolution (around 33pum). Quasi-SC7 at the longer wavelength side had worse sensitivity
(<90 dB), the larger axial resolution (>22 pum in tissue), and lateral resolution (>40 um) compared with quasi-
SC1 to quasi-SC6 because of the design of the detection spectrometer. The characteristics in terms of
penetration depth will be evaluated in the imaging of biological tissue sample of pig thyroid gland in
Subsection 6.3.2.

Table 6.2. Characteristics of OCT imaging using quasi-SC1 to quasi-SC7.
Quasi- Quasi- Quasi- Quasi- Quasi-| Quasi-| Quasi-
SC1 SC2 SC3 SC4 SC5 SC6 SC7
Sensitivity[dB] 97 97 99 96 98 95 88
Axial
resolution [um] 24.1/ 22.3/ 22.4 1 23.1/ 22.1/ 23.1/ 33.1/
(in air) 16.4 16.1 16.2 16.7 16.0 16.7 23.9
/ (in tissue)
Lateral
resolution
30.2 30.8 314 32.0 325 33.2 33.8
[pm]
(theoretical / / / / / / /
value) 31.9 32.3 32.6 33.1 34.2 36.2 41.7
/ (measured
value)

6.3 Speckle-reduced imaging by spectral compounding

In this section, we performed speckle-reduced OCT imaging for the tape stacks and the biological tissue of
pig thyroid gland using wavelength-tunable quasi-SC by spectral compounding average method. The OCT
images consisted of 512 A-scans with 1024 pixels per scan. The imaging time for one cross-sectional frame
required about 0.05 s. The corresponding frame rate was 20 frames/s.

6.3.1 Imaging of tape stacks

Figures 6.5 (a-g) show a series of cross-sectional images obtained using quasi-SC1 to quasi-SC7. They have
similar structures, and 20 or more layers were observed in the tape stacks, but the junctions between layers
were not very clear due to the appearance of speckle patterns, especially in the image obtained using quasi-
SC7 shown in Fig. 6.5(g) because of the low imaging sensitivity in the longer wavelength region.
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Fig. 6.5 (a)-(g) Series of initial OCT images of tape stacks obtained using quasi-SC1 to quasi-SC7.

We evaluated the index of correlation coefficient to test multiple quasi-SCs for speckle decorrelation. The
correlation coefficient is a statistical measure that quantifies the degree to which two variables are linearly
related [24]. If the correlation coefficient of two images is 1, it means that the two images are exactly identical.
If the correlation coefficient of two images is 0, it indicates there is no relation between two images. In this
experiment, we obtained the OCT images on the same structure area of tape stacks. The smaller the value of
the coefficient is, the more uncorrelated speckle patterns there are. The calculation of correlation coefficient
(CC) between two image matrices X and Y is given by:

95



CC — COV(X,Y)
JVar[x]-var[Y] (6.2)

where Cov(X,Y) is the covariance of two image matrices, Var[-] is the variance of single image matrix. We

performed calculations between the initial cross-section images, as shown in Fig.6.4. The values of correlation
coefficients between each pair of images are listed in Table 6.3. The correlation coefficient between the same
images is 1. The greater the spectral difference between two quasi-SCs was, the better the de-correlation effect
was. This indicates the effectiveness of spectral diversity on speckle decorrelation using tunable spectral range
of quasi-SC.

Table 6.3 Correlation coefficients between initial cross-section images by quasi-SC 1-7

Quasi- Quasi- Quasi- Quasi- Quasi- Quasi- Quasi-
SC1 SC2 SC3 SC4 SC5 SC6 SC7

Quasi- 1

sc1

et ogs 1

QA g 0823 1

ggjm' 0695 0686  0.836 1

Sggﬂ' 0662 0660 0801 0834 1

QUat 0667 0660 0686 0800  0.840 1
Quast 0663 0664 0697 0706 0705 0651 1
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Fig. 6.6 Compound averaged image of tape stacks.

For speckle reduction, we utilized the compound average of the cross-sectional images shown in Fig. 6.6.
As shown in Fig.6.6, the contrast of speckle-reduced image became much better, and the junctions in the layer
structure were observed more clearly. This result suggests successful improvement of the image quality using
a tunable quasi-SC source with the spectral compounding method.

6.3.2 Imaging of pig thyroid gland

We also obtained initial and speckle-reduced OCT images of biological tissue, specifically pig thyroid gland.
We used fresh pig thyroid glands for each tissue imaging experiment. The gland tissue sample was prepared
by fascia-exfoliated and cut into small pieces of approximately 1 cm in diameter and 0.5 cm in thickness. We
also applied a medical coupling agent (SONO JELLY) to the surface of the sample tissue for the high-quality
transmission of optical waves. Figure 6.7 (a) shows a cross-sectional image obtained with quasi-SC2. Figures
6.7 (b)-(d) show speckle-reduced images with averaging numbers n = 3, 5, 7, respectively. For the averaging
number n = 3, we compounded the images obtained with quasi-SC1, quasi-SC4, and qusai-SC7. For the
averaging number n =5, we compounded the images obtained with quasi-SC2, quasi-SC3, quasi-SC4, quasi-
SC5, and quasi-SC6. Figures 6.7 (e)-(h) show enlarged images of the red rectangular regions in Figs. 6.7 (a)-
(d). From the images, we found that the whole structures of the pig thyroid gland were more clearly observed
in speckle-reduced OCT images, and the image contrast looked much better as the averaging number
increased.
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Fig. 6.7 (a) OCT image of pig thyroid gland using quasi-SC2. Compounded images with (b) averaging number
n = 3, (c) averaging number n = 5, (d) averaging number n =7. (e)-(h) Enlarged images of red rectangular
positions in Figs. 6.7 (a)-(d). The blue rectangular region is the background area we choose for each image,
and the red and yellow regions are the two signal areas.

Actually, there are many compounding combinations for each averaging number besides the averaging
number n=7. Figure 6.8 shows detailed structures of pig thyroid gland with different combinations at different
averaging numbers. For example, Fig. 6.8(a) shows the compounded image averaged using quasi-SC1 and
quasi-SC5, and Fig 6.8(b) shows the compounded image averaged using quasi-SC5 and quasi-SC6. The less
the spectral overlapping between light sources is, the better the speckle suppression is. In addition, the quality
of the compounded image is also related to the initial image contrast. As the averaging number increased, the
speckle-reduced image quality significantly improved.
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Fig. 6.8 Enlarged images of pig thyroid gland with (a) averaging number of n = 2 using quasi-SC1,5, (b)
averaging number of n = 2 using quasi-SC5,6, (c) averaging number of n = 3 using quasi-SC1,2,4, (d)
averaging number of n = 3 using quasi-SC1,3,5, (e) averaging number of n = 4 using quasi-SC1,2,3,4, (f)
averaging number of n = 4 using quasi-SC1,3,4,6, (g) averaging number of n = 5 using quasi-SC1,2,3,4,5, (h)
averaging number of n = 5 using quasi-SC1,2,4,5,6, (i) averaging number of n = 6 using quasi-SC1,2,3,4,5,6,
(j) averaging number of n = 6 using quasi-SC1,2,3,4,5,7.

We also compared the penetration depth in both initial images and speckle-reduced images. The
examination way is the same as high-resolution human tooth imaging, which has been described in Chapter
6.3. Figure 6.9(a) shows the connected image reconstructed by simple connection of two images obtained at
shallow and deep regions using quasi-SC4. We set the middle point of top structure as the surface line and
defined the penetration depth as the maximum depth at which we can distinguish a signal and background
noise. The examined penetration depth of 1.54 mm was obtained by quasi-SC4. The similar connected images
were obtained in the same way by other quasi-SCs. The maximum imaging depths for quasi-SC 1-3 were 1.31
mm, 1.44 mm, and 1.45 mm respectively, because of a strong middle noise. The penetration depth for quasi-
SC 5-7 were 1.46 mm, 1.40 mm, and 1.14 mm respectively, due to a larger water absorption for biological
tissue and a worse sensitivity at this wavelength range. Figure 6.9(b) shows the compound connected image
with an averaging number of n = 3 by averaging the connected images with quasi-SC1, quasi-SC4, and qusai-
SC7. Figure 6.9(c) shows the compound connected image with an averaging number of n =5 by averaging
the connected images with quasi-SC2, quasi-SC3, quasi-SC4, quasi-SC5, and quasi-SC6. Figure 6.9(d) shows
the compound-connected image with an averaging number of n =7. The penetration depths were improved by
the compound averaging method, and the new tissue structures appeared slightly at deeper parts in compound
images with the averaging numbers of n = 5 and n =7. The maximum imaging depths for the compound
images with the averaging numbers of n = 3, n =5, and n =7 were 1.70 mm, 1.82 mm, and 1.82 mm,
respectively.
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Fig. 6.9 (a) Connected cross-sectional images by quasi-SC4. Compounded images of connected works
with averaging number of (b) n=3, (c) n =35, and (d) n =7.

We finally examined image quality by using the image metrics signal-to-noise ratio (SNR), contrast (C),
and contrast-to-noise ratio (CNR). Here, we chose the blue rectangular region as the background area, and
the red and yellow regions as two signal areas, as shown in Figs. 6.7(a-d). SNR, C, and CNR can be calculated

using the following equations:
SNR=Tsignal /{02 (6.3)
C= Tsignal /Tbackground (6'4)
— (7. 1 2 2
CNR= ( I signal — I background )/\/Gsignal + Olhackground (6.5)

where I and o? represent the average intensity and standard deviation of the selected regions. We obtained
the values of the image metrics by means of two signal areas, shown in Table 6.4. By comparing parameters,
we confirmed that the image quality was improved by the spectral compound averaging method, and the
image quality was much improved as the averaging number increased.
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Table 6.4 Image metrics of initial images and speckle-reduced images

Initial images using quasi-SCs Speckle-reduced images

Quasi- | Quasi- | Quasi- | Quasi- | Quasi- | Quasi- | Quasi-

sc1 | sc2 | sc3 | sca | scs | sce | sc7 | M7 | n=S | n=T

SNR [dB] 3.25 2.93 2.83 2.61 2.45 1.25 1.06 4.01 4.99 5.24

C 18.53 | 20.64 | 21.50 | 20.43 | 1948 | 551 4.67 | 21.11 | 30.6.4 | 41.90

CNR [dB] 3.11 2.89 2.80 2.59 2.30 0.80 0.62 3.96 4.99 5.24
Imaging depth

131 1.44 1.45 1.54 1.46 1.40 1.14 1.70 1.82 1.82

[mm]

6.4 Discussion

In this study, we have demonstrated that a tunable quasi-SC source configured for OCT allowed us to obtain
uncorrelated speckle patterns for speckle reduction. The presented scheme combines the advantages of the
hardware and software methods mentioned before, and does not require post-algorithmic processing to reduce
the image acquisition time, nor does it require additional experimental equipment, which enhances the
stability of the system. Because the wavelength and bandwidth of the quasi-SC source are variable, it is
possible to realize both high-resolution single imaging using ultra-wideband light and low-speckle compound
imaging using multiple spectra at different wavelengths.

However, there was a tradeoff between the axial resolution and the degree of speckle reduction because of
the limited spectral band used, 1600 nm to 1900 nm. A better speckle reduction result requires higher
averaging numbers n and smaller overlaps between spectra, but a higher axial resolution needs a wider
bandwidth spectrum. In addition, the axial resolution increases or decreases, because the axial resolution is
determined by the central wavelength and bandwidth and differs for each individual quasi-SC. In the
experiment, we set the modulation amplitude and offset as parameters to adjust the central wavelength and
bandwidth manually. Nevertheless, implementing a quasi-SC provides an approach to improve the
performance of OCT without the need for additional devices, instruments, and postprocessing.

6.5 Summary

In this Chapter, we demonstrated that a tunable quasi-SC source configured for OCT allowed us to obtain
uncorrelated speckle patterns for speckle reduction via spectral compounding method. First, we generated
seven different quasi-SCs, and examined the characteristics of SD-OCT using quasi-SCs in terms of
sensitivity and spatial resolution. Similar sensitivity at around 98 dB, close axial resolution at around 17 um
in tissue imaging and lateral resolution at around 33pum were obtained by varied quasi-SCs. Then, we
successfully demonstrated the speckle-reduced imaging for the samples of tape stacks and pig thyroid gland.
The compounded images had a more clear structure as the speckle noise was suppressed. As the averaging
number increased and the difference with the wavelength range became greater, the image quality improved.
In tape stacks imaging, correlation-coefficients were measured by pairs of initial images obtained by quasi-
SC, and the result indicated effectiveness of speckle decorrelation with the spectral tunability. In the imaging
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of pig thyroid gland, the 1.82 mm penetration depth was observed in low speckle image. We confirmed the
improvement of penetration depth for the developed speckle-reduced OCT. The quantitative parameters SNR,
C, and CNR were increased by at least 2 dB, 20, and 2 dB, respectively, which corroborated the improved
speckle-reduced imaging results.
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Chapter 7 Conclusions
7.1 Summary of this thesis

In this thesis, the realization of multi-functional OCT with equipment of 1.7 um quasi-SC source for both
high-resolution deep tissue imaging and speckle reduced imaging has been investigated.

The detailed conclusions are summarized in the sequence of the chapters in the following:

In Chapter 1, the background of this thesis has been introduced. At first, the background of OCT has been
presented. Next, the development of OCT has been introduced with respect to the imaging speed, sensitivity,
spatial resolution, penetration depth, and imaging contrast. The development in these aspects relies on
innovations in SD-OCT detection methods, and the choice of light sources. Finally, the purpose and overview
of this thesis were presented.

In Chapter 2, the theory of optical coherence tomography, which is based on the Michelson interferometer
used in this study has been presented. The fundamental theory of interferometer with low-coherence light was
explained at first. Then, the basic characteristics of the interferometer for imaging such as imaging range,
lateral resolution, confocal gating, and lateral resolution were described. The fundamental law governing the
axial resolution, which depends on the full width at half maximum (FWHM) of the interference signal and its
shape, was shown to be inversely proportional to spectral bandwidth of the used light source. The principles
of time-domain (TD) OCT and Fourier-domain (FD) OCT were explained. The principle, axial resolution
limitations, and detected sensitivity for spectral-domain (SD) OCT were explained in section 2.4. The speckle,
an inherent property in OCT, which degrades the image contrast, was explained in section 2.5.

In Chapter 3, SC and quasi-SC generation for OCT has been presented. The developments of SC and quasi-
SC were described. In addition, the optical nonlinear effects in fiber were introduced to understand spectrum
broadening in supercontinuum. The theories of the ultrashort pulse propagation were described with various
phenomena in optical fibers such as linear effect (absorption and dispersion) and nonlinear effect (self-phase
modulation and stimulated Raman scattering and so on). The interplay of self-phase modulation (SPM) and
group-velocity dispersion (GVD) which leads to the soliton pulse formation was described. The principle of
wavelength tunable Raman soliton pulse was also described.

In Chapter 4, the development of a tunable quasi-supercontinuum generation at 1.7 pm spectral band has
been demonstrated based on wavelength-tunable soliton pulse generation and fast intensity modulation. First,
a 1.5 pm Er-doped ultrashort-pulse fiber laser usinga SWNT polyimide film was used for seed pulse
generation. The ultrashort pulse intensity was amplified to 360 mW of the maximum power by an EDFA to
obtain a wider wavelength-tunable range from 1600 to 1900 nm. A fast intensity modulator has been inserted
between the seed pulse source and EDFA to change PM fiber-input power continuously and rapidly. After a
300 m PM fiber, many newly shifted Raman solitons have been generated at almost the same time. The
observed spectra seemed to be super-continuous. A quasi-SC with the bandwidths of 138 nm and the central
wavelength of 1743 nm was obtained. We evaluated and compared the noise properties of quasi-SC, 1750 nm
Raman soliton, and 1700 nm conventional SC. The generated quasi-SC exhibited similar noise characteristics
compared to 1750 nm Raman soliton and 1700 nm SC below 100 kHz.

In Chapter 5, we investigated the SD-OCT performance and demonstrated the highly sensitive, high-
resolution OCT imaging using broadband quasi-SC in the 1.7 um spectral band. First, a Gaussian-shaped
quasi-SC with a central wavelength of 1743 nm and a bandwidth of 138 nm was obtained. We connected the
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quasi-SC to the SD-OCT system. Then, the characteristics of OCT imaging were examined in terms of
sensitivity, axial resolution, lateral resolution, and imaging depth successively. We used a reflective mirror to
examine the sensitivity and axial resolution. A total imaging sensitivity of 98 dB and an axial resolution of
10.7 um in tissue sample were obtained. The sensitivity and axial resolution were also examined while tuning
the bandwidth and modulation frequency of the quasi-SC source, and it was confirmed that the tunability of
quasi-SC did not affect the OCT performance. We used a resolution target card to examine the lateral
resolution by edge profile method, and the measured value was 33.5 um. We evaluated the penetration depth
in the reconstructed imaging of human teeth, and the superior penetration depths of 1.6 mm were obtained
for quasi-SC. Finally, we successfully observed the cross-sectional image for samples of tape stacks, human
fingertips, and the human fingernails. We also repeated the above experimental operations using the 1.7 um
conventional SC, which has spectral specifications to quasi-SC. The similar index and the compared images
indicated that the quasi-SC source is as capable of highly sensitive high-resolution deep tissue imaging for
biological samples as the SC source, and confirmed the availability of quasi-SC in realizing high-resolution
deep tissue imaging.

In Chapter 6, we have demonstrated that a tunable quasi-SC source configured for OCT allowed us to
obtain uncorrelated speckle patterns for speckle reduction via the spectral compounding method. First, we
generated seven different quasi-SCs, and examined the characteristics of SD-OCT using quasi-SCs in terms
of sensitivity and spatial resolution. Similar sensitivity at around 98 dB, close axial resolution at around 17
um in tissue imaging and lateral resolution at around 33 pum were obtained by varied quasi-SCs. Then, we
successfully demonstrated the speckle-reduced imaging for the samples of tape stacks and pig thyroid gland.
The compounded images had a clearer structure as the speckle noise was suppressed. As the averaging number
increased and the difference with the wavelength range became greater, the image quality improved. In tape
stack imaging, correlation-coefficients were measured by pairs of initial images obtained by quasi-SC, and
the result indicated effectiveness of speckle decorrelation with the spectral tunability. In the imaging of pig
thyroid gland, the 1.82 mm penetration depth was observed in the lowest speckle image. We confirmed the
improvement of penetration depth for the developed speckle-reduced OCT. The quantitative parameters SNR,
C, and CNR were increased by at least 2 dB, 20, and 2 dB, respectively, which corroborated the improved
speckle-reduced imaging results.

7.2 Outlook for the future

As mentioned above, we demonstrated that a tunable quasi-SC source configured for OCT enables us to
realize both high-resolution deep tissue imaging and speckle-reduced imaging with the adjustable quasi-SC
spectra.

However, there was a tradeoff between the high resolution and the degree of speckle reduction because of
the limited spectral band used, 1600 nm to 1900 nm. A better speckle reduction result requires higher
averaging numbers n and smaller overlaps between spectra, but a higher axial resolution needs a wider
bandwidth spectrum. For future optimizations, the enlargement of wavelength-tunable range, may not only
allow us to obtain a single wider bandwidth quasi-SC for ultrahigh resolution (~5 um), but also enable more
and wider quasi-SC spectra for speckle-reduced imaging.

In addition, the implementation of a high NA confocal lens in the sample arm, may help us to enhance both
axial resolution and lateral resolution [1,2]. The high resolution and speckle-reduced 3D measurement will
be applied to more biological imaging.
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Finally, in the experimental scheme, we set the modulation amplitude and offset as parameters to adjust
the central wavelength and bandwidth manually. It always takes several minutes. To reduce adjustment time
for real-time speckle reduced imaging for living samples, we hope to realize the whole computer-controlled
system for fast modulation adjustment of quasi-SC source and corresponding quick acquisition of OCT
images.
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