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Abstract

Abstract
Optical coherence tomography (OCT) as a promising biomedical imaging technology has been rapidly
developed for many biological and medical fields. It shows many great benefits for the in vivo biological tissue
imaging, such as non-invasiveness, relatively high resolution and deep penetration, etc. Among the various
OCTs, the function extended OCTs, especially the multifunctional OCT (MF-OCT) is a promising imaging
technology for the investigations of biological tissues, because it can provide several contrasts for detailed
structures in tissues, including the two most important: components collagenous and vascular structures.
However, there are very few studies on MF-OCT, and current MF-OCT is mostly limited to eye measurement
but not suitable for the other high scattering tissues, such as skin.
Moreover, current single-functional OCTs for the investigation of birefringent tissues, such as skin, are
not sufficient. For example, most PS-OCTs measure the cumulative phase retardations to detect the polarization
property of skin, but it has been demonstrated to be not accurate for the tissue with non-uniform optic axis
orientation. The other emerging functional OCT for birefringent tissue investigation is compression-based
optical coherence elastography (OCE) technique, which can be used to measure the mechanical property of
the birefringent tissue. But it is still not accurate enough as well because of the absence of lateral displacement
measurement. Therefore, an advanced multifunctional OCT enabling multiple contrasts for the comprehensive
assess of biological tissues with high scattering characteristics, such as skin, is proposed in this thesis. And
with this advanced multifunctional OCT the simultaneous imaging for the optical and mechanical properties
of the tissue can be obtained through once measurement. More importantly, a more accurate local birefringence
imaging technology is applied in this MF-OCT instead of the phase retardation measuring method. And the
lateral displacement and microstructural decorrelation (MSD) of the compressed tissue, which have never been
reported before, are measured for the first time in this study as well.
This study was divided into two phases as follows:
First, a primary multifunctional OCT system is developed for skin tissue, which is capable of providing
relatively accurate and high-quality multi-contrast images including local birefringence for in vivo human skin
and degree of polarization uniformity images. Also, the optical and flow properties of the in vivo human skin
tissue could be investigated by the multi-contrast imaging. In this stage, we investigate and demonstrate the
simultaneous imaging of scattering intensity, angiography, local birefringence and degree of polarization
uniformity for different in vivo human skin tissues, such as finger pad, outer-forearm and inner-forearm skins
by the new multifunctional OCT. Unlike most common dermatological PS-OCTs using phase retardation
imaging to investigate the collagen-related skin alteration (or its polarization property), local birefringence
imaging enables more accurate evaluation of tissue polarization property, which is significantly associated
with collagenous compositions in tissues.
Secondly, an advanced multifunctional OCT with elastography function is further developed. To this
end, a new method of axial and in-plane lateral displacement measurements based on a multifunctional JMi
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OCT system is first proposed. Based on that, the biomechanical properties imaging for biological tissues,
including the lateral displacement and microstructural decorrelation maps, is achieved and it has never been
reported in the previous researches of compression-OCE. Finally, the simultaneous imaging of optical and
mechanical properties of biological tissue is realized by a new birefringence and biomechanics analysis method,
i.e. compression-based PS-OCE, which enables simultaneously to measure two-dimensional birefringence
tomography, scattering intensity OCT, spatial-resolved in-plane axial and lateral displacement, the coupled
effect of out-of-plane displacement and microstructural decorrelation induced by micrometer-scale tissue
compression. Particularly, it is found that the scattering OCT, birefringence, and biomechanical images
revealed different tissue structures. Sole use of OCT, birefringence or biomechanical imaging is not sufficient
to visualize all of the tissue structures. Additionally, the displacement imaging revealed that significant amount
of lateral displacement is induced by axial compression. It implies that not only axial but also lateral
displacement measurement is important for compression based OCE.
The final results suggest that the advanced multifunctional OCT based on the Jones matrix is capable of
providing more comprehensive insight and information of the microstructures in biological tissue than the sole
use of any single functional OCT or the previous multifunctional OCT. It would be expected as a powerful and
helpful technology for the biomedical investigations and clinical care.
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Chapter 1 – Introduction

1.1 Overview of biological imaging technologies
1.1.1 Biomedical imaging technologies
Biomedical imaging is used to detect and describe the features and properties of the structures and functions
of biological tissues. Therefore, it is an important and useful tool, not only for clinical diagnosis and treatment,
but also for biological and medical investigations and studies [1]. Various biomedical imaging technologies
have been developed, some of them have been applied in clinical care and biomedical investigation, and some
remain in the stage of laboratorial demonstration.
Among the imaging and measuring technologies commonly used in clinical care and biomedical
investigation, optical coherence tomography (OCT) as an emerging biomedical imaging technique has been
developed rapidly in the past several decades. OCT is essentially a low-coherence interferometry modality that
provides noninvasive, high-resolution (micrometer scale), cross-sectional and three-dimensional imaging of
biomedical tissues [2]. The principle of OCT is analogous to ultrasound imaging technique, the difference is
that the OCT uses a near-infrared (NIR) light as a probing source to scan the sample but not the sound wave.
Compared with some other biomedical imaging techniques commonly applied in clinical medicine, such as
ultrasound imaging, X-ray computed tomography (CT), and magnetic resonance imaging (MRI), OCT
possesses relatively higher axial resolution with few micrometers to around 10 μm [3]. Meanwhile, compared

Figure 1.1: Comparison of resolution and penetration depth among OCT and other typical
biological imaging technologies.
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with some high-resolution imaging methods such as confocal microscopy, multiphoton microscopy, etc., OCT
is capable to provide deeper tomographic imaging. Therefore, OCT can fill up the gap between these two types
of biological imaging techniques and enables high-resolution and depth-resolved in vivo biological imaging
(as shown in Fig. 1.1) [3]. In addition, because OCT uses a weak NIR light to illuminate the sample, it provides
safer imaging of the human body than CT.
For the above reasons, OCT attracts the attention of many biomedical engineers and researchers and is
regarded as a very promising imaging technology in many fields of biological and medical researches.

1.1.2 Investigation for biological tissue
For the biological tissue investigation, we are usually interested in two components in tissues. One is
collagenous compositions as collagen is the most abundant structural protein in animals’ bodies and the major
component of extracellular matrix. In addition, it is responsible for the tensile strength of tissue and supports
the organic activity [4]. Some studies have demonstrated that many pathological changes and injuries of
biological tissue are associated with the abnormal conditions of collagenous structures in tissue [5–8]. The
other important component in biological tissues is vascular structures, because they pervade every organ in
organism and connect all the organ systems to nourish tissue and sustain life. Furthermore, the morphological
and functional characteristics of the blood flow or blood vessels can reflect the physical condition of the
organisms [9]. Therefore, measuring and assessing the properties of the collagenous compositions and vascular
structures is very important to understand and investigate the characteristics of the normal and/or abnormal
biological tissues.

1.1.3 Investigating approaches for main components of tissue
1.1.3.1 Assessing approaches for collagenous tissue
There are three common approaches for collagenous tissue assessment. One is histology-staining microscopic
imaging [Figure 1.2(a) [10]]. Because of its low-cost and high-resolution merits, it is still the major method
for collagenous tissue investigation in most studies. It can be used to observe the organizations of collagenous
fibers such as arrangement and density. However, this method is only suitable for the in vitro measurement
and usually costs a long measuring time. There are also two burgeoning methods, second harmonic generation
(SHG) microscopy [Figure 1.2(c) [10]] and polarization-sensitive OCT (PS-OCT) [Figure 1.2(b) [10]]. Both
of them enable the imaging for in vivo biological tissues, but it is not yet easily implemented for SHG
microscopy in most cases [11]. With SHG image, the collagen fibrils orientation can be observed clearly.
Although SHG microscope has an excellent resolution, its field of view (FOV) and penetration are limited as
most high-resolution microscopies. While, as a function extended OCT, PS-OCT is quite suitable for in vivo
3
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biological tissue imaging. Despite its resolution is not as high as histology and SHG microscopes, it has a
relatively large FOV and deeper penetration. The PS-OCT can be used to visualize and assess the collagenous
structures by measuring the polarization properties of tissue, such as birefringence and degree of polarization
uniformity.
Figure 1.2 [10] shows the images from a same sample, which is an ex vivo rat back skin, by the three
different imaging techniques mentioned above for comparison. From this figure, we can see that these three
images tested different characteristics of the collagenous structures in tissue by different contrast mechanisms.
The histological microscopic image with Masson’s trichrome staining [Figure 1.2(a)] showed the arrangement
and density of the collagen fibers in different layers of the sample. The SHG image [Figure 1.2(c)] revealed
the detailed information of the collagen fibrils, such as the distribution and orientation of the collagen fibrils,
in a certain small location of the sample. Moreover, the density of the collagen fibrils in a local area of sample
can be visualized as well as the histological image. While, in the PS-OCT image [Figure 1.2(b)], the bulkcollagenous structures in the sample can be assessed with its particular optical property – birefringence (or
phase retardation). The magnitude of the birefringence (or phase retardation) displayed in PS-OCT image
indicates the collagen content of the tissues. Thus, all these three approaches can be utilized to visualize and
measure the collagenous tissues, but they evaluate different characteristics of the collagenous structures for
concrete investigating purpose.

Figure 1.2: The measurements of an ex vivo rat back skin by different imaging approaches. (a) is
Histological image with Masson’s trichrome (MT) staining, (b) is phase retardation image obtained by
PS-OCT, and (c) is second harmonic generation (SHG) image [10].

Additionally, tissue biomechanics is relevant to the collagenous compositions of the biological tissue,
so the mechanical property is one of the important information for collagenous tissue investigation as well.
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And this property also can be measured by an OCT based elastography, which is also regarded as optical
coherence elastography (OCE). And this technology has been demonstrated to be helpful for the anomalous
tissue evaluation such as shown in figure 1.3 [12]. In the figure 1.3 [12], we can see that the scar and tumor
tissues, which are strongly associated with the abnormal collagenous compositions [8,13–16], present a
significantly different stiffness from the normal tissues in the OCE images.

Figure 1.3: The biomechanical imaging of abnormal tissues with collagenous composition changes by
OCE. (a) is OCT and OCE tomographic images of finger-skin tissue with scar. (b) is en face OCE image

of tumor tissue in human breast [11].

1.1.3.2 Measuring methods for vascular structures
For the study of the vascular structures, there are three angiography technologies based on different imaging
methods, computed tomography angiography (CTA), magnetic resonance angiography (MRA) and optical
coherence tomography angiography (OCTA). As it is mentioned in the first subsection (section 1.1.1), the
penetration of OCT is lower than CT and MRI. And currently, the measurable location of OCTA is still limited.
But, OCTA has much higher resolution and faster measurement speed than CTA and MRA. Moreover, it has
the smallest damage and physical discomfort, such as radiation injury and noise stimulation, among these three
methods. According to the individual superiorities of these three technologies, CTA and MRA are suitable for
the large vessels of whole-body measurement, but they are hard to visualize the tiny blood vessels and blood
capillaries at present. While, the OCTA has a better performance for the investigations of tiny vascular
structures and blood capillaries in local tissues. The different characteristics of these three angiography
techniques can be seen clearly in the figure 1.4 [17].

5
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Figure 1.4: The comparison of different imaging technologies for vascular structures. A and B are the
X-ray computed tomography angiography (CTA) and magnetic resonance angiography (MRA) of the
human carotid artery, respectively. C is an optical coherence tomography angiography (OCTA) of a
human eye [12].

1.2 Opportunities and challenges of optical coherence
tomography (OCT)
Through the above brief review of the investigating methods and measuring means for biological tissues, we
can find OCT would be a helpful and powerful tool for biological and medical investigations and further for
the clinical applications as its quite a lot of benefits to the imaging for biological tissues. Compared to the other
investigating methods for both collagen and vascular structures, the advantages and disadvantages of OCT can
be summarized as follows.
• Advantages
1. OCT enables a fast 3D morphological imaging for in vivo biological tissues with submillimeter
resolution.
2. OCT is also capable to provide evaluations of various properties of biological tissue including
optical, blood flow and biomechanical properties by different modalities. (E.g., PS-OCT:
birefringence and degree of polarization uniformity, OCTA: blood flow, OCE: elasticity or
stiffness).
• Disadvantages
1. Scarce OCT provides comprehensive information of biological tissue with once measurement.

6
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2. Most PS-OCTs’ measurement (phase retardation) is not accurate for tissue with non-uniform
optic-axis orientation (e.g. skin).
3. Current compression-OCE is not accurate enough due to the absence of lateral displacement
measurement.
Although OCT has achieved great success in the studies of many fields, as it has the ability of providing
not only for morphological imaging but also evaluations of various properties for in vivo biological tissues.
Currently, the OCT technology still has some limitations. For example, there is no OCT can provide
comprehensive information including all the above motioned properties of biological tissues with once
measurement. In addition, except for few ophthalmologic PS-OCTs, most PS-OCT technologies measure the
cumulative phase retardation of the probing beams in sample to evaluate the polarization property of tissues.
However, this method has been discussed to be not accurate for the biological tissues with non-uniform opticaxis orientations, such as skin [18–20]. At last, as a successful OCE technique, compression-OCE is not
accurate enough as well, because of the absence of lateral displacement measurement. These shortcomings
limit the measuring accuracy and clinical applications of OCT except for ophthalmology. Consequently, to
overcome these disadvantages and improve the reliability and availability of the measurement are still
challenges for OCT technology.

1.3 Objectives of this research
Based on the above background, the objective of this research is to further develop the availability and
universality of OCT by improving its performance and extending its functions. With this purpose, this study
was divided into two phases in detail.
First, I planned to develop a primary multifunctional OCT system for dermatology based on Jones matrix
theory, which is capable of providing relatively accurate and high-quality multi-contrast images including local
birefringence and degree of polarization uniformity measurement, because skin is the largest organ of human
body and suitable for OCTs’ measurement. Then, the optical and flow properties of the in vivo human skin
tissue would be investigated by the multi-contrast imaging.
In the second stage, an advanced multifunctional OCT with elastography function is further proposed.
The goal of this stage is to perform a biomechanical properties imaging for the biological tissues including the
lateral displacement and microstructural decorrelation (MSD) maps, which are never reported in the previous
researches of compression-OCE. Finally, the simultaneous imaging of optical and mechanical properties for
biological tissues by the advanced multifunctional OCT would be demonstrated.
With this kind of advanced multifunctional OCT, the comprehensive and exact observation and
assessment would be expected.
7

Chapter 1 – Introduction

1.4 Organization of this dissertation
In this section, the outline of this dissertation entitled “Development of advanced multifunctional optical
coherence tomography based on Jones matrix theory for biological tissue investigation” is explained.
Chapter 1 first shows the background overview of this research. Then, the opportunities and challenges
of OCT is discussed in the following section. In the last part of this chapter, the objective of the research
developing an advanced multifunctional OCT system including elastography function is proposed, and finally,
the thesis outline is presented.
Chapter 2 first retrospects the development history and various technologies of OCT. In the flowing, the
key parameters affecting OCT performance is introduced. Further, we move to the application of OCT
technology and discuss its potential of imaging some specific biological tissues in the medical field-especially,
in ophthalmology field as well as clinical dermatology follow up.
In chapter 3, the general principle of JM-OCT and the polarization properties of biological tissue, as
well as the implementation of JM-OCT is first introduced. Based on the knowledge in the JM-OCT, the theory
and imaging properties for JM-MF-OCT developed in this study are subsequently discussed. In the end, the
advantages and potential applications for the proposed JM-MF-OCT are further explained.
Chapter 4 mainly focuses on the study of dermatological imaging by JM-MF-OCT system, where the
experimental details of system establishing, parameter test, and the derived imaging of in-vivo skin by JMMF-OCT system is systematically investigated and presented. Particularly, a more accurate and quantitative
evaluation of tissue property is successfully achieved by the birefringence imaging in the proposed
multifunctional JM-OCT system in this study. Additionally, the remaining limitations in the JM-MF-OCT
system and a few reported strategies to these limitations are also briefly discussed.
Chapter 5 investigates the upgrade of the JM-MF-OCT system in order to the limitations of the OCT
system discussed in chapter 3. In particular, the improvement of imaging depth range is mainly studied. By
changing the light source and redesigning the sampling points, the imaging depth range of the dermatological
multi-functional JM-OCT is ultimately enhanced. Relative to the one used in chapter 3, around 1-mm deeper
imaging without causing additional degradation in images is successfully achieved.
In chapter 6, based on multifunctional JM-OCT system discussed in the previous two chapters, a new
Jones-matrix-based PS-OCT system for simultaneous imaging of birefringence and biomechanical properties
of tissue is developed and studied. It is equipped with a tissue compression probe and could provide
birefringence tomography, scattering intensity, depth-resolved in-plane axial and lateral displacements, and
microstructural decorrelation maps of a biological tissue simultaneously. This method makes use of OCT
images of a tissue obtained from JM-OCT under two different compressive conditions. By means of complex
correlation maps computed from these two OCT images, depth-resolved axial and lateral displacement maps
of the tissue are obtained. Moreover, a depth-resolved MSD map is also achievable. The combination of the
8
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birefringence and biomechanical images enables more comprehensive insight and information of the
microstructures in tissue than the sole use of PS-OCT or OCE. It would provide more degree of freedom in
the investigation of in vivo tissues.
Chapter 7 summarizes the research work presented in this dissertation. Also, the outlook of further
research on the dermatological imaging by OCT technology as well as future clinic application of OCT is
discussed.
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2.1 Introduction
Optical coherence tomography (OCT) is essentially a low-coherence interferometry modality that provides
noninvasive, and fast imaging with high-resolution (micrometer scale) of internal microstructures for
biomedical tissues [1]. It uses a near-infrared ray (NIR) as a light source and applies the Michelson interference
principle to measure the backscattered lights from the tissue layers, then reconstructs the cross-sectional image
of the tissue.
When an OCT measures a sample, the depth imaging of the sample is resolved with the coherence gating,
which is accomplished by interfering the lights from a variable reference arm and a sample arm of the
interferometer. During the measurement, when the optical path lengths of the reference and the sample arms
match within one coherence length of the light source, they interfere with each other and generate the
interference fringes. If the reference mirror moves along the optical axis, the interference signals corresponding
to the different positions in the depth of the sample can be produced. It is termed as A-line. The intensities of
the interference signals can be expressed as
∞

𝐼𝑑 (𝜏) = ∫ |𝐸𝑠 (𝑡) + 𝐸𝑟 (𝑡 − 𝜏)|2 𝑑𝑡
−∞
∞

∞

∞

−∞

−∞
∞

−∞

= ∫ |𝐸𝑠 (𝑡)|2 𝑑𝑡 + ∫ |𝐸𝑠 (𝑡)|2 𝑑𝑡 + ∫ 𝐸𝑠 (𝑡)𝐸𝑟 ∗ (𝑡 − 𝜏) 𝑑𝑡 + 𝑐. 𝑐.
= 𝐼𝑠 + 𝐼𝑟 + 2𝑅𝑒 {∫ 𝐸𝑠 (𝑡)𝐸𝑟 ∗ (𝑡 − 𝜏)𝑑𝑡} (1),
−∞

where the 𝐸𝑠 and 𝐸𝑟 respectively represent the electric field intensities of the lights returning from the sample
and the reference arms, the 𝐼𝑠 and 𝐼𝑟 express the intensities of the lights from the sample and the reference
arms, respectively, t is any time points during the measurement, 𝜏 is the time delay from the reference mirror,
and 𝑐. 𝑐. is the complex conjugate of the third term in the second row of the equation [2]. This equation consists
of two DC components, 𝐼𝑠 and 𝐼𝑟 , and one AC component modulated by the mismatched optical pathlengths
of the reference and sample arms. The AC term changed with a time-delay controlled by the reference arm is
the measured signal in OCT.
If we use a galvanometric mirror make the A-line transversely scan the sample along the lateral axis, a
two-dimensional (2D) image, which is called as B-scan, can be obtained. Further, when we move the B-scan
along the y-axis by a pair of galvanometric mirrors, a three-dimensional (3D) image could be achieved as well.

2.2 Development of OCT
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The first OCT emerged in 1991, invented by Fujimoto’s group, which first obtained the image of ex vivo
porcine eye successfully [1]. In the following decades, with the advancements of the light source, fiber optics,
optical detectors, and other optical components, OCT has been developed rapidly. Retrospect to the
development of OCT, in accordance with the different approaches of interference fringes generation for
obtaining the depth information of the sample, there are two main categories of OCT. One is time-domain
OCT (TD-OCT) [2–4], the other is Fourier-domain OCT (FD-OCT) [5]. While, according to the different
configurations of the light source and detector, FD-OCT is further divided into two categories: spectral-domain
OCT (SD-OCT) [6–9] and swept-source OCT (SS-OCT) [5,10,11].

2.2.1 TD-OCT
TD-OCT is the first generation of OCT, which was first demonstrated in 1991 [1]. TD-OCT is built on a lowcoherence broadband light source (e.g., a super luminescent diode (SLD) or white light). Figure 2.1 shows an
example of the typical TD-OCT schematic. The laser from the light source is separated by a beam splitter (or
a 2 × 2 fiber coupler). The two beams go through the reference and sample arms and then illuminate a reference
mirror and the sample, respectively. The reflected lights from the two arms are recombined in the beam splitter
(or the coupler). And the interference signal corresponding to each position of the sample in depth can be
produced when the optical path lengths (OPLs) of the two arms are matched with each other within a coherent

Figure 2.1: Schematic of typical TD-OCT.
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length of the light source. In other words, the TD-OCT uses a scanning mirror to detect the depth information
of sample. A cross-sectional imaging for human eye by TD-OCT is shown in Fig. 2.2 [1] as an example.

Figure 2.2: Optical coherence tomography of human retina and optic disk in vitro (A) and histologic section
of the same specimen (B) [1].

Since the depth information of the sample is acquired by scanning the reference mirror in TD-OCT, the
measurement speed of TD-OCT is very slow [12–14], especially for 2D and 3D imaging. It is too hard to
perform 3D imaging by TD-OCT, because of its low measurement speed that limited by the mechanical
scanning modality. The measurement speed is very important for in vivo biological tissue imaging in medical
applications. In particular, it is difficult to keep in vivo tissues being stable for a long time during the clinical
examinations, and the long-time measurement might make the patients uncomfortable. Furthermore, the SNR
and sensitivity of TD-OCT are relatively low as well because the optical power of the sample arm collected
by the point detector in TD-OCT is only concentrated at the signal position, which corresponds to a narrow
temporary coherence gate [14–16]. These two parameters are quite important for the biological tissue imaging
as well.

2.2.2 FD-OCT
To overcome the limitations of TD-OCT, the second generation of OCT, Fourier domain (or frequency
domain) OCT (FD-OCT), then was developed in 1995 [6]. Different from TD-OCT, it uses different
wavelengths to detect the depth information of sample. Without the mechanical scan of the reference arm, the
speed of FD-OCT was significantly improved, that enables the 3D imaging in OCT. Moreover, the sensitivity
of FD-OCT is much higher than TD-OCT.
The FD-OCT has gradually replaced the TD-OCT in recent years. The important reason is that it does
not need the mechanical optical path scanning in the reference arm to achieve the axial depth scanning.
Therefore, the imaging speed of FD-OCT can be greatly improved, and thus the SNR and sensitivity are
enhanced as well [5,13,15,17]. Different from TD-OCT, in FD-OCT the reference mirror is fixed, and the
time-domain signals in axial direction (corresponding to each depth position of sample) are transformed into
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Fourier-domain (a power spectrum), i.e. each longitudinal (depth) scan corresponds to an interference spectrum
containing all the depth information of the sample. Then, according to the Wiener-Khintchine theorem for the
Fourier relation between the autocorrelation function and the spectral power density of a wide-sense-stationary
random process, the depth-related information of the sample then can be obtained immediately from the power
spectrum by Fourier transform.[18,19] Based on the different implementing methods and system
configurations, FD-OCT is further classified into SD-OCT and SS-OCT.

2.2.2.1 SD-OCT
SD-OCT is one subtype of FD-OCT. A simplified SD-OCT scheme is shown in Fig. 2.3 as an example. In SDOCT, the broadband low-coherence light source is usually a Superluminescent diode (SLD) or a broadband
pulse laser such as Ti: Sapphire laser. A typical center wavelength of SD-OCT light source is around 830 nm
or 1000 nm with a bandwidth that is from about 50 to 100 nm. However, if a 1000-nm (or longer wavelength)
light source is used in SD-OCT, correspondingly, a relatively high-cost line sensor (such as InGaAs sensor)
has to be utilized. Consequently, the light source with a center wavelength over 1000 nm is not extensively
applied for SD-OCT.
Similar to TD-OCT, the laser from the light source is divided into two beams by a coupler. One part is
the reference beam, and the other part is the probing beam. These two beams respectively pass through the
reference and sample arms, and the beams reflected from the reference mirror and the sample are recombined
and form the interference signals at the coupler. As mentioned above, instead of the scanning reference mirror
in TD-OCT, the spectral interference signals corresponding to the backscattered lights of all depths are

Figure 2.3: Schematic of SD-OCT. SLD: Superluminescent diode; C: collimator; CCD: charge
coupled device camera.
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generated at the coupler with only one axial scan. The spectrum of these depth-resolved interference signals is
dispersed by a diffraction grating and simultaneously detected by a high-speed line sensor, such as CCD
[7,18,20]. The depth profile (A-scan) is then obtained by the inverse Fourier transformation of the detected
spectrum-resolved interference signals. By using a transversal scanning mirror or two orthogonal
galvanometric mirrors, 2D (B-scan) or 3D (volumetric) imaging can be performed.
It has been demonstrated that, the imaging speed and sensitivity of SD-OCT imaging have been
significantly improved compared to TD-OCT [5,13,14]. In addition, the imaging depth range and resolution
are also can be improved in SD-OCT [9,21]. A comparison of TD-OCT and SD-OCT for ophthalmology
imaging are shown in Fig. 2.4 [22]. It shows that the image of human eye tissue obtained by SD-OCT (Fig.
2.4(a)) has less noise and higher sensitivity than that obtained by TD-OCT (Fig. 2.4(b)). Thus, SD-OCT shows
a relatively high quality and high contrast imaging for the tissue compared to TD-OCT. The A-scan rate of the
first generation SD-OCT is 40 kHz, and so far it has been improved to 300 - 500 kHz (500 kHz can be achieved
by multiple line sensors as well) [16,23–25]. The A-scan rate of a common SD-OCT is hundreds times faster
than that of TD-OCT [24,26]. It enables the imaging depth range and resolution of OCT to be significantly
improved.

Figure 2.4: Comparison of OCT images from the same healthy eye by (a) TD-OCT and
(b) SD-OCT [22].

2.2.2.2 SS-OCT
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SS-OCT is another subtype of FD-OCT, which detects the interference signals in frequency-domain and
obtains the depth information by Fourier transformation as well. However, the spectrally resolved interference
signals generating and detecting methods of SS-OCT are different from SD-OCT based on their different
configurations. As shown in Fig. 2.5, SS-OCT utilizes a broadband rapid wavelength swept light source
instead of SLD to scan the sample and reference mirror and the returned beams from two arms are mutually
interfered at the coupler. The center wavelength of SS-OCT source is commonly longer than 1000 nm, such
as 1060 nm, 1310 nm with a bandwidth wider than 100 nm. Because the longer wavelength light source has
deeper penetration in tissue, the SS-OCT is usually used for deeper tissues (e. g. posterior eye) or thicker
tissues (e.g. skin). The reference mirror in SS-OCT is also fixed as it is in SD-OCT, but the OCT spectrum is
not dispersed before the detector in SS-OCT. It is because SS-OCT uses a single high-speed point detector to
sequentially acquire the time-encoded frequency components of the OCT spectrum corresponding to the
orderly wavelength scanning for sample. The depth profile (A-scan) is thus obtained from Fourier
transformation of these time-encoded spectrally resolved interference signals acquired by detector. All depths
information of sample along axial scanning (A-scan) are obtained in parallel from the recorded OCT spectrum
[16,18,19].

Figure 2.5: A simplified SS-OCT schematic. C: collimator.

The acquisition speed of line sensor, which consists of array photodetectors, limits the imaging speed
and sensitivity of SD-OCT. Whereas, SS-OCT uses a rapid wavelength sweeping source and a single
photodetector with subsequent A/D conversion. Thus, the imaging speed and sensitivity of SS-OCT is higher
than SD-OCT. Especially for 3D imaging, the volumetric acquisition speed of SS-OCT is much faster than
that of SD-OCT [16,23,24]. Figure 2.6 compares the images of the same in vivo human eye tissue obtained by
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SS-OCT (Fig. 2.6 (a)) and SD-OCT (Fig. 2.6 (b)), respectively [27]. It can be seen that the SS-OCT with 1060nm center wavelength possesses larger imaging depth range than the SD-OCT with 840-nm center wavelength.
And the contrast of the tissue in SS-OCT image is much stronger than that in SD-OCT image, especially for
the deeper tissue. In addition, the boundaries of each tissue layers shown in SS-OCT image is clearer than
those in SD-OCT image.

Figure 2.6: Comparison of imaging for in vivo human eye tissue by (a) SS-OCT and (b)
SD-OCT [27].

To briefly outline the shortcomings of SS-OCT, one is a high cost from the used light source. SS-OCT
typically requires a narrow linewidth, high speed, and wavelength sweeping laser that are very pricey. In
addition, the axial resolution of SS-OCT is not high enough because of its long-center-wavelength source.
However, the long-center-wavelength swept source is capable of providing deeper penetration as well. Hence,
selecting an appropriate light source and FD-OCT configuration should balance the resolution and imaging
depth range according to the measured object. The basic performance parameters of each type of OCT are
listed in Table 2.1 for comparison. The parameters in Table 2.1 will be explained detailly in the Section 2.3.
As shown in Table 2.1, current FD-OCT possesses much higher speed and sensitivity than TD-OCT. In
addition, the resolution of FD-OCT is relatively high as well. Therefore, FD-OCT is regarded as a promising
Table 2.1 Performance of TD-OCT, SD-OCT, and SS-OCT.
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imaging technology for biological tissue investigation. And SS-OCT is more suitable for deeper and thicker
tissue measurement such as skin tissue.

2.2.3 Extension of OCT
In the above two sections (2.2.1, 2.2.2), the primary types of OCT have been introduced. However, the
traditional OCT mainly provides the cross-sectional structure profile of the tissue by mapping out the intensity
of the reflectivity. The information from the traditional OCT is not always enough for biomedical and clinical
applications. Considering the biomedical and clinical requirements to improve the practicability of OCT, based
on these standard OCT modalities, some function extended OCTs were developed in recent years as well. The
functional extended OCTs, such as polarization-sensitive OCT (PS-OCT) [28,29], Doppler OCT (DOCT)
[30,31], OCT angiography (OCTA) [32,33] and so on, provide extra useful and helpful information for
biological and medical investigation.

2.2.3.1 PS-OCT
As early as 1992, the polarization sensitive low-coherence interferometer (PS-LCI) was demonstrated, which
enables the characterization of sample birefringence by phase-retardation measurements [34]. Soon after, PSOCT was developed by de Boer et al [29,35] and was advanced to 2D and 3D imaging of birefringent materials
[36,37]. Because PS-OCT is capable of providing the specific contrast (birefringence) of biological tissues and
the birefringence has been demonstrated as an important property of biological tissues, PS-OCT is regarded as
a promising imaging technique for various fields.
In biological tissues, there are many factors that can affect the polarization state of light, such as
microscopic fibrous structures, molecular properties and concentration, the chemical composition of the
molecules and so on. This property of biological tissues is referred to as birefringence. When a polarized light
goes into a biological tissue that possesses birefringence property, the light is decomposed into two
orthogonally polarization states, and these two polarization states propagate at different speeds in the tissue.
One polarization state of the incident beam occurs a phase-retardation relative to the other one, and this phaseretardation is dependent on the difference of the refractive index for the two polarization states and the
thickness of the tissue. Additionally, sometimes the attenuation of the incident beam in the tissue is different
depending on its polarization state. Thus, the optic-axis, orientation, phase-retardation, and diattenuation were
determined as the polarization properties of biological tissues for PS-OCT imaging. Then, by measuring these
four polarization properties of tissues, the PS-OCT is capable of providing enhanced contrast of tissues’
specific properties and microscopic structure alterations.
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PS-OCT essentially utilizes a polarized light to detect the polarization states changes by tissues, thereby
acquires the information of the polarization properties of the tissue. The polarization state can be represented
by two different forms, Jones vector and Stokes vector (in a Poincare’s Sphere). The Jones vector only can be
used to describe the completely polarized states. However, the Stokes vector can be used to describe not only
completely polarized light, but also partially polarized and depolarized lights. Accordingly, the actions of
matters on light, including optical components and any scattering materials, can be presented by a Jones matrix
or a Mueller matrix. Corresponding to different mathematical formalisms of the expressions for the interaction
between the polarized light and matters, there are mainly two different types of PS-OCT, one is Jones-matrixbased PS-OCT (JM-OCT),

the other is Stokes-vector and Mueller-matrix-based PS-OCT [38–41].

Furthermore, to make it suit for the clinical application in the future, fiber-based PS-OCT, which is built by
applying the single-mode fiber, has been developed [42]. An example of in vivo phase retardation imaging for
optic nerve head (ONH) of myopic human eye by PS-OCT is shown in Fig. 2.7 [11]. The characteristic changes
of phase retardation of the lamina cribrosa in the ONH can be observed by PS-OCT imaging, which is difficult
to be discriminated in the traditional OCT image.

Figure 2.7: In vivo imaging for human eye by PS-OCT. (a) Intensity tomography of ONH. (b) Phase
retardation images corresponding to (a) [11].

2.2.3.2 Doppler OCT
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With the development of low-coherence interferometer (LCI) and OCT, as well as the first demonstration of
using the Doppler technique in LCI to obtain the fluid velocity data [43], and then DOCT emerged immediately.

Figure 2.8: DOCT images of in vivo blood flow in rodent skin. (A) color-coded

tomographic structural image. (B) color-coded velocity image of venous blood flow
(into the page). (C) color-coded velocity image of arterial blood flow.

In 1997, by applying the Doppler frequency shifted approach in OCT [44], the first Doppler OCT (DOCT)
was developed to achieve the tomographic imaging of in vivo blood flow velocity in rodent skin (Fig. 2.8) [45].

Figure 2.9: In vivo color DOCT image of a hamster dorsal skin-flap.
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In the same year, based on the Doppler-shifted principle of DOCT, Izzat et al employed the short-time Fouriertransform (STFT) algorism to map out localized blood flow velocity in the cross-sectional OCT image of in
vivo tissues with micrometer-scale resolution [30]. As shown in Fig. 2.9, the velocity of the blood flow was
colored in the OCT image, thus their technology was reported as “color DOCT” [30]. Since then, many further
improvements of DOCT have been achieved with the efforts of researchers and these technologies made the
DOCT start to be applied for in situ and in vivo human tissue measurement. For example, the advanced DOCT
developed by Zhao et al (Fig. 2.10-left) [31] and by Yazdanfar et al (Fig. 2.10-right) [46] respectively
visualized the blood flow in the in vivo human skin and retina, and quantitatively measured velocity of the
blood flow, successfully.

Figure 2.10: Left: OCT images (A, D) and blood flow velocity images (B, C, E, F) of in vivo human skin;
Right: DOCT image with blood flow velocity data of in vivo human retina tissue.

2.2.3.3 OCT angiography
OCT angiography (OCTA/OCA) was developed based on DOCT theory and built on a high-speed SD-OCT,
which has been developed by Makita et al in 2006 [32]. Same with DOCT, OCTA is applied for blood flow or
vasculature imaging as well. Compared with most TD-OCT system based DOCT, the advantages of OCTA
based on SD-OCT is the relatively high resolution, high speed and high contrast 3D imaging for vascular
structures and blood flow [32,33]. OCTA, first, applies a histogram-based algorithm and phase wrapping
method to eliminate the artifacts due to the bulk motion of the sample. And the phase difference between the
adjacent axial scans (A-lines) is utilized to generate the bi-directional flow and power of Doppler shift images.
By averaging these two images, the blood flow image is created. In addition, a correlation-based method is
employed for motion compensation between two cross-sectional images (B-scans) in 3D imaging. Figure 2.11
[32] shows a group of OCA images of in vivo human optic nerve head (ONH). By applying the SD-OCT based
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OCT-A and an improved segmentation algorithm, the three-dimensional vasculatures in the different tissue
structures can be clearly observed and distinguished.

Figure 2.11: 3D OCTA of in vivo human ONH. A, projected OCTAs of the entire depth. B, cross-sectional
blood flow image. C, projected OCTAs of the tissue region. D, retinal part. E, choroidal part. F, the
combination of D and E [32].

2.2.3.4 Others
In addition to the above widely researched and used functional OCTs, there are sever other extensions to OCT,
which possesses particular functions for biomedical investigations. Such as spectroscopic OCT, differential
absorption OCT, refractometric OCT and so on. Furthermore, by combining the endoscope, elastography and
other technologies, some new functional OCT technologies, such as endoscopic OCT, OCT elastography and
so on, have been developed. They brought more challenges to the investigation of OCT and made it have more
potential for biomedical and clinical applications.

2.3 Relevant parameters of OCT
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2.3.1 Resolution
In contrast to optical confocal microscopy, the axial resolution is independent of lateral resolution in OCT
imaging. It is mainly determined by the size of coherence length, which is related to the center wavelength and
is inversely proportional to the spectral bandwidth of the used light source. For a Gaussian spectrum, the axial
resolution, Δ𝑍, is typically expressed as equation (2) below:

2 ln(2) 𝜆0 2
(2),
Δ𝑍 =
𝜋 Δ𝜆
where 𝜆0 is the center wavelength and Δ𝜆 is the bandwidth of the light source. Hence, a light source with
relatively broad bandwidth and/or short center wavelength is able to improve the axial resolution. The above
equation is only suitable for Gaussian spectrum. To further understand the impact of a spectrum of arbitrary
shape probing beam on the axial resolution and artefacts, Fig. 2.12 plots the axial resolution versus bandwidth
for light sources, exhibiting how axial resolution is affected by bandwidth of the light source for three different
central wavelengths [47].

Figure 2.12: Axial resolution versus band width of light source for different center wavelengths [47].

On the other hand, the lateral resolution, Δ𝑥, in OCT is the same as in conventional microscopy and is
fully dependent on the wavelength and the sample arm optics. Assuming a Gaussian beam, then the lateral
resolution is given by

25

Chapter 2 – Basics of OCT imaging technology

Δ𝑥 =

4λ0 𝑓
(3),
𝜋 𝑑

where f is the focal length of the objective lens, and d is the diameter of the 1/e2 Gaussian beam at beam waist.
It is inversely proportional to the numerical aperture (NA) of objective lens. In addition, the lateral resolution
is also associated with the axial depth of field or the confocal parameter b, which is equal to twice the Rayleigh
range 𝑧𝑅 of the focused beam. It could be expressed by

𝜋Δ𝑥 2
(4).
𝑏 = 2𝑧𝑅 =
𝜆0
Thus, a trade-off between a large axial depth of field and a high lateral resolution is presented and it has to be
considered carefully. These parameters related to the resolution in OCT imaging are depicted in Fig. 2.13.

Figure 2.13: Lateral resolution in OCT [47].

In general, objective lens with a low numerical aperture focusing, i.e., large depth of field, is commonly
utilized in OCT imaging. Also, it is possible to use a large NA in OCT for a sufficient lateral resolution.
Furthermore, both fine lateral resolution and large depth of field can be achieved by means of Bessel-beam
instead of Gaussian beam. Nevertheless, it results in increased complexity of the system setup and causes a
sacrifice of signal-to-noise ratio (SNR) in OCT. In this study, the Gaussian beam is used for the development
of OCT system.
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2.3.2 Imaging depth range
Imaging depth range is another important parameter for OCT applications, especially in the biomedical field.
The imaging depth of OCT is primarily limited by the penetration of the light source in the biological tissues.
And it is also related to the center wavelength of the light and sampling number. Since frequency of the
interference spectrum decodes the depth information. Therefore, the axial imaging depth 𝑧𝑚𝑎𝑥 is defined by
the maximum detectable interference fringe frequency. Then, the maximum imaging depth can be calculated
as:

𝑧𝑚𝑎𝑥

1 𝜆0 2
=
𝑁 (5),
4 Δ𝜆

where Δλ is the total recorded spectral width, and 𝜆0 is the center wavelength of source. For FD-OCT, and N
is the number of the sampling points. Furthermore, the sensitivity is dependent on the depth in FD-OCT. Thus,
the depth dependent signal decay affects the imaging depth range of FD-OCT as well. The Fourier transform
of instantaneous linewidth gives the maximum imaging depth at -6-dB sensitivity as

𝑧−6dB

ln2𝜆0 2
(6),
=
𝑛𝜋Δ𝜆

where n is the refractive index of sample, Δλ is the spectrometer resolution in SD-OCT or the instantaneous
linewidth in SS-OCT.

2.3.3 Sensitivity
The sensitivity of an imaging system is referred to the ratio of the maximum possible signal power to the noise
power, namely, signal-to-noise ratio (SNR). Typically, there are three main noise sources including receiver
noise, excess noise, shot noise in OCT, which limit the sensitivity of OCT imaging [14,48,49]. Receiver noise
could be modeled as electrical and thermal noise within the detector. Excess noise and shot noise both arise
from the detector photocurrent noise for the case of the broadband light source. In general, the reflectance of
the tissue sample is much weaker than that of reference in an OCT system, and hence the optimum sensitivity
can be achieved by adjusting the optical power. Figure 2.14 illustrates the sensitivity of OCT system as a
function of the reference reflectance for different wavelength bandwidths [50]. It can be primarily classified
into three regimes. At large source power, the excess noise would limit the sensitivity, and at small power, the
sensitivity would be governed by receiver noise. Further, an optimized OCT system is typically operated in
the shot-noise controlled regime with a moderate power. The well-known expression for the sensitivity of TDOCT in the shot-noise limit regime is thus given by
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SNR 𝑇𝐷−𝑂𝐶𝑇 =

𝜌𝑆𝑇𝐷−𝑂𝐶𝑇 𝑅𝑠
(7),
2𝑒𝐵𝑇𝐷−𝑂𝐶𝑇

where 𝑆𝑇𝐷−𝑂𝐶𝑇 is the instantaneous source power incident in the sample and reference arms, 𝑅𝑠 is the sample
reflectance, 𝑒 the electronic charge, and 𝐵𝑇𝐷−𝑂𝐶𝑇 is the electronic detection bandwidth. Clearly, SNR of TDOCT in the shot-limit regime is proportional to the optical power retuning from the sample (𝑆𝑇𝐷−𝑂𝐶𝑇 𝑅𝑠 ), to
the detector responsivity (𝜌), and inversely proportional to the electronic bandwidth. Since the axial resolution
can be enhanced by increasing bandwidth, a trade-off in sensitivity and axial resolution exists in TD-OCT.
Similarly, considering the SNR of a FD-OCT system in the same operation regime, it is generally expressed
by

SNR 𝑇𝐷−𝑂𝐶𝑇 =

𝜌[𝑆𝐹𝐷−𝑂𝐶𝑇 (𝑘𝑚 )]𝑅𝑠
𝑀 (8),
4𝑒𝐵𝐹𝐷−𝑂𝐶𝑇

Figure 2.14: Sensitivity curves an OCT system as a function of the logarithm of reference
mirror reflectivity R [50].

where M is the number of spectral bins in detector array or number of spectral lines in the source, 𝑆𝐹𝐷−𝑂𝐶𝑇 (𝑘𝑚 )
is that portion of the instantaneous power incident on the sample, corresponding to spectral channel m of the
detection array, whether time-multiplexed in SSOCT or on separate detectors in SDOCT. Further to compare
TD-OCT and FD-OCT, SNR is further written as:
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SNR 𝐹𝐷−𝑂𝐶𝑇 ≈ SNR 𝑇𝐷−𝑂𝐶𝑇

𝑀
(9).
2

According to the equation above, it can be known that the improvement in SNR of FD-OCT by a factor of M/2
as comparing to TD-OCT system, where M >>2 for a realistic detector array or swept-source laser.

2.4 Applications of OCT
OCT was originally developed for imaging of ophthalmology, and currently is still mainly applied in the
ophthalmology field. The reason is that the eye has very special structure, which is a translucent and nearoptical system. It makes the eye fit quite well for OCT measurement. The first application of OCT in
ophthalmology is in 1993, which was demonstrated by Swanson et al [51]. It indicated the potential ability of
OCT for the clinical diagnosis in ophthalmology. Since then, quite a lot of researches has demonstrated the
usefulness of OCT for the investigations of biomedical and clinical medicines in ophthalmology. Figure 2.15
shows an example of the application of OCT in ophthalmology [12]. The results show the potential of relative
early diagnosis of eye disease by OCT imaging.

Figure 2.15: OCT images of choroidal neovascular membrane (CNV) in age-related macular
degeneration. A, en-face fluorescein angiography image of CNV. B, en-face OCT image (C-scan) of CNV
(B1, B2, B3 are the cross-sectional images (B-scans) of the subretinal tissues, B1, B2 shows the extended
lesions in subretinal tissue. C, fluorescein angiography images of the CNV progress after 3 months [12].

Since the advantages, such as high resolution, high speed, and high sensitivity, have made OCT become
a good tool in ophthalmology. However, its disadvantage that short penetration distance in other tissues limits
the application of OCT in other medical fields. Although there are also many efforts have been worked in
several other medical fields, such as cardiology, gastroenterology, dentistry, dermatology and so on. These
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studies still almost stay in the stage of laboratorial demonstration and might be far away from the practical
clinical applications. Along with the improvement of the OCTs’ performance and the developments of some
functional extensions to OCT, OCT has started to break the limitation of OCT in other biomedical fields. In
2000, for example, the endoscopic technology combined OCT demonstrated a potential real-time biopsy for
intestinal disease diagnosis [52]. A tubular adenoma of the colon tissue was successfully characterized by an
endoscopic OCT imaging (Fig. 2.16) [52].

a

b

Figure 2.16: In vivo OCT imaging for gastroenterology. A, a transverse colon tissue with tubular adenoma.
B, a normal transverse colon tissue [52].

Another promising medical application of OCT is dermatology. Skin is easily accessible sample by OCT.
Although in current clinical dermatology, the main diagnosis method for skin disease is using naked eye based
on the doctor’s experiences. However, it is not accurate. Moreover, for the diagnosis of skin cancers, the biopsy
and pathological examination are invasive and usually take a long time. Thus, the OCT would be expected to
be a new method of dermatological diagnosis, which is non-invasive, rapid and accurate. Figure 2.17 shows

Figure 2.17: OCT imaging for dermatology. A) histological image and B) cross-sectional OCT image of
a skin tissue with malignant melanoma [53].
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an example of malignant melanoma in skin tissue measured by OCT [53]. Because of the limited penetration,
how much depth of the skin was invaded by the cancer was impossible to be measured. However, it still shows
a potential ability of OCT to detect the cancer of skin tissue in real-time.

2.5 Summary
In this chapter, the development of OCT technology is systematically introduced, where two major types of
OCT, i.e. TD-OCT as first-generation OCT and FD-OCT as second-generation OCT, together with a few
emerging extended OCT techniques are explained with their own advantages and disadvantages. Overall, FDOCT has gradually replaced TD-OCT in recent years because it enables improved imaging speed and enhanced
SNR and sensitivity. Moreover, a series of key parameters, such as resolution, imaging depth range, sensitivity,
etc., closely related to the performance of an OCT system and the imaging quality are also described in this
chapter. Further to consider the practical application, OCT technology is now mainly applied in ophthalmology
field. But with continuous technology innovation, OCT becomes one of most promising approach in the
imaging of dermatological tissues and it even present the potential ability to detect the cancer of skin tissue in
real-time.
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3.1 Introduction
In Chapter 1, several functional OCTs have been introduced. And each functional OCT is capable of providing
a specific contrast of the different detailed structures or properties for biological tissue. Sometimes, a single
image is not possible to represent enough characteristics of the tissue, it may lead to some important
information lost. Thus, the multifunctional OCT (MF-OCT) has been developed to simultaneously acquiring
few kinds of contrasts of the tissue, such as scattering intensity (OCT), Doppler (or OCTA), degree of
polarization uniformity (DOPU) and phase retardation (or birefringence) images [1–4]. Because all of these
MF-OCTs were built based on a Jones-matrix-based PS-OCT (JM-OCT). Thus, the principle of JM-OCT, first,
will be illustrated in this chapter. And it is also the theoretical basis of the research presented in this thesis.

3.2 Principle of JM-OCT
JM-OCT is essentially one form of PS-OCT that has been mentioned in section 2.2.3 of Chapter 2. Hence, the
primary purpose of JM-OCT is to measure the polarization properties of biological tissue, such as phaseretardation, diattenuation, and optic-axis orientation. And these polarizations of tissue associate with the
birefringence of the microstructures or some chemical compositions in tissue.

3.2.1 General principle
JM-OCT was established based on the Joes matrix theory that demonstrates to describe the polarization
affected by the optical systems (including the optical elements or birefringent materials) [5]. With the Jones
matrix theory, first, the complete polarized light entered in an optical system can be decomposed into two
orthogonal polarization states and be represented as a pair of Jones vectors:

𝐸𝑥
𝑬𝑖𝑛 = [𝐸 ] (1),
𝑦
where the superscripts x and y express the two orthogonal polarized components of the incident light. Because
the states (amplitude and phase) of the two polarization components will change after going through an optical
system which can be characterized by a complex 2 × 2 Jones matrix. Then, the relationship between the two
polarized beams and an optical system is described as follow,

𝐽
𝑬𝑜𝑢𝑡 = [ 11
𝐽21

𝐽12 𝐸𝑥
] [ ] = 𝑱𝑬𝑖𝑛 (2).
𝐽22 𝐸𝑦
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Here, all of the vectors in the matrixes are considered in a three-dimensional spatial (x, y, z). Just for
simplification, the coordinates are temporally omitted. Thus, from the Eq. (2), the Jones matrix of the optical
system can be expressed by the electric field vectors of the input and output polarized beams as:

𝑱 = 𝑬𝑜𝑢𝑡 𝑬−1
𝑖𝑛 (3).
Considered to apply this relationship in an OCT measurement system, as shown in Fig. 3.1. An incident
45˚ linear polarized light is first aligned by a series of the optical elements and some single-mode-fibers (SMF).
And then, it can be optimized and separated into two orthogonal polarization states by the optical elements,
and these two beams with different polarization states enable to be multiplexed by the special configuration of
the JM-OCT system as well. However, because the birefringence of the optical components, especially the
SMFs, are very sensitive to the environment and fiber conditions (such as mechanical stress and temperature
et al), it is almost impossible to determine the actual incident polarization states to the sample. And it is also
quite difficult to measure the exact Jones vectors of the back-scattered beam from the sample. Thus, to resolve
this problem, referring to the above expression, several symbols are determined. First, the input and output
polarization states, respectively corresponding to which come from JM-OCT system and generated by the
interferometer in it, are represented as 𝑱𝑖𝑛 and 𝑱𝑜𝑢𝑡 . Similarly, the Jones matrices of the round-trip in the
sample are represented as 𝑱𝑠 and 𝑱𝑇𝑠 . These parameters of the optical systems and measured biological tissue
are also spatially resolved, thus they are the functions of positional coordinates (x, y, z) as well, and the z-axis
is the direction of the depth in the sample. Then, the single-trip Jones matrix of a part of the tissue with a
certain thickness in the sample can be further described as 𝑱𝑠 (𝑧). Here, the (x, y) are omitted for simplification
as well. Thereby, the expression of the incident light effected by the OCT system and sample is modified as
follow:

𝑱(𝑧) = 𝑱𝑜𝑢𝑡 𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)𝑱𝑖𝑛 = 𝑬𝑜𝑢𝑡 (𝑧)𝑬−1
𝑖𝑛 (4),

Figure 3.1: The schematic diagram of the JM-OCT measurement.
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where the 𝑱(𝑧) represents the whole Jones matrix in the process of JM-OCT measurement that contains the
OCT system and the measured part of the tissue. 𝑬𝑜𝑢𝑡 and 𝑬−1
𝑖𝑛 are the matrix and the inverse matrix of the
(1) (2)
output and input lights consisting of the two polarized beams with different states, and 𝑬𝑖𝑛 = [𝐸⃗𝑖𝑛 , 𝐸⃗𝑖𝑛 ]，
(1)
(2)
𝐸⃗𝑖𝑛 and 𝐸⃗𝑖𝑛 are two orthogonal polarized beams.

If the back-scattered lights are reflected by the surface of the tissue, i.e. when 𝑧 = 𝑧0 = 0 , the
corresponding Jones matrix of the sample is denoted as 𝑱𝑠 (𝑧0 ), and the whole Jones matrix is 𝑱(𝑧0 ). The Jones
matrix of the output light is 𝑬𝑜𝑢𝑡 (𝑧0 ). Similarly, Eq. (4) can be expressed as:

𝑱(𝑧0 ) = 𝑱𝑜𝑢𝑡 𝑱𝑇𝑠 (𝑧0 )𝑱𝑠 (𝑧0 )𝑱𝑖𝑛 = 𝑬𝑜𝑢𝑡 (𝑧0 )𝑬−1
𝑖𝑛 (5).
To figure out the Jones matrix of the measured tissue or its similar matrix, the inverse matrix of 𝑱(𝑧0 ), which
is the transformation of Eq. (5)

𝑱(𝑧0 )−1 = 𝑱𝑖𝑛 −1 𝑱𝑠 (𝑧0 )−1 𝑱𝑇𝑠 (𝑧0 )−1 𝑱𝑜𝑢𝑡 −1 = 𝑬𝑖𝑛 𝑬𝑜𝑢𝑡 (𝑧0 )−1 (6),
is considered to be employed in the Eq. (4). Then the following equation is obtained:

𝑱(𝑧)𝑱(𝑧0 )−1 = 𝑱𝑜𝑢𝑡 𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)𝑱𝑖𝑛 𝑱𝑖𝑛 −1 𝑱𝑠 (𝑧0 )−1 𝑱𝑇𝑠 (𝑧0 )−1 𝑱𝑜𝑢𝑡 −1
−1
= 𝑬𝑜𝑢𝑡 (𝑧)𝑬−1
𝑖𝑛 𝑬𝑖𝑛 𝑬𝑜𝑢𝑡 (𝑧0 )

(7).

It can be further simplified as:

𝑱(𝑧)𝑱(𝑧0 )−1 = 𝑱𝑜𝑢𝑡 𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)𝑱𝑠 (𝑧0 )−1 𝑱𝑇𝑠 (𝑧0 )−1 𝑱𝑜𝑢𝑡 −1
= 𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1

(8).

In general, the diattenuation of the sample surface is considered to be negligible, thus the round-trip
Jones matrix of the sample’s surface can be treated as an identity matrix. [6,7] Consequently, Eq. (8) is finally
simplified as:

𝑱(𝑧)𝑱(𝑧0 )−1 = 𝑱𝑜𝑢𝑡 𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)𝑱𝑜𝑢𝑡 −1 = 𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1

(9).

This equation indicates that the matrix (or inverse matrix) of the electric field intensities of the output lights is
the similar matrix of the round-trip Jones matrix of the sample. The matrix 𝑬𝑜𝑢𝑡 (𝑧) and the inverse matrix
𝑬𝑜𝑢𝑡 (𝑧0 )−1 respectively corresponds to the output lights from the depth of z and sample’s surface. It should
be noticed that, the 𝑬𝑜𝑢𝑡 (𝑧) and 𝑬𝑜𝑢𝑡 (𝑧0 ) in Eq. (7) – (9) are two independent matrices, namely the matrix
𝑬𝑜𝑢𝑡 (𝑧0 ) (or the matrix of incident lights 𝑬𝑖𝑛 ) should be a non-singular matrix for obtaining the inverse matrix
𝑬𝑜𝑢𝑡 (𝑧0 )−1 (or 𝑬−1
𝑖𝑛 ).
Since the matrix [𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1 ] is the similar matrix of the round-trip Jones matrix [𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)]
of the measured tissue, therefore, [𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)] and [𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1 ] has the same eigenvalues.
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Nevertheless, their eigenvectors are not the same, generally. Furthermore, the amount of [𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1 ]
is possible to be measured by OCT. As a result, the eigenvalues 𝜆1,2 (corresponding to the two orthogonal
incident polarized beams) and eigenvectors of [𝑱𝑇𝑠 (𝑧)𝑱𝑠 (𝑧)] can be calculated by utilizing the measured similar
matrix and a numerical eigenvalue algorism, i. e., off-diagonal elements minimality and matrix-diagonalization
methods [6,8]. It is known that the eigenvalues are also can be acquired by using the following equation:

𝜆1,2

𝑇
𝑇2
√
=
±
−𝐷
2
4

(10),

where the T and D respectively represent the trace and determinant of the round-trip Jones matrix of the sample.
Then, with the obtained eigenvalues, the polarization properties of the tissue can be measured.

3.2.2 Polarization properties of biological tissue
As mentioned in Chapter 2 (Section 2.2.3), the polarization properties of the biological tissue have been
determined as phase retardation, diattenuation, and optical axis orientation. In addition, the previous section
has introduced the similar-matrix relationship between the measurable output signals from OCT and the
objective Jones matrix. Then, the eigenvalues and eigenvectors of the sample’s Jones matrix are obtained
indirectly. In this section, the approaches for the polarization properties measurement are briefly introduced.

3.2.2.1 Phase retardation
The phase retardation δ is determined by the two eigenvalues 𝜆1,2 of the similar Jones matrix, which has been
described in quite a lot of papers of PS-OCT. The determinate formula is presented as:

𝛿 ≡ Arg[𝜆1 ⁄𝜆2 ] = arctan [

𝐼𝑚(𝜆1 ⁄𝜆2 )
] (11).
𝑅𝑒(𝜆1 ⁄𝜆2 )

The parameters in this equation are spatial-resolved functions as well. The phase retardation δ obtained by this
formula is the cumulative phase retardation of the round-trip from the surface to a measuring depth position of
the sample. Another worthy notice of this method is that the phase retardation value obtained here is ambiguous,
it is because the two eigenvalues 𝜆1 and 𝜆2 are selected arbitrarily. Therefore, the phase retardation imaging
for biological tissues is displayed with a 0 to π rad range as

𝛿
∶ 0≤𝛿<𝜋
(12),
𝛿′ ≡ {
2𝜋 − 𝛿 ∶ 𝜋 ≤ 𝛿 < 2𝜋
where the 𝛿′ is the round-trip phase retardation of the sample.
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3.2.2.2 Diattenuation
The diattenuation d is also defined by using the two eigenvalues 𝜆1 , 𝜆2 as the following formula:

||𝜆1 |2 − |𝜆2 |2 |
(13).
𝑑 ≡
|𝜆1 |2 + |𝜆2 |2
Likewise, the diattenuation d is also a function of the 3D spatial coordinate. This value is usually negligible.

3.2.2.3 Optic-axis orientation
The optic-axis orientation is initially defined by the eigenvector of the sample’s Jones matrix, which can be
acquired by the eigenvalues mentioned above. This eigenvector is a Jones matrix of the similar matrix of the
sample, which describes an invariable polarization state with the round-trip Jones matrix of the sample.
Utilizing the Stokes vector converted from this Jones matrix, the optic-axis orientation can be represented in a
Poincaré sphere. [1,7] Although similar matrixes have the same eigenvalues, their eigenvectors may be not the
same. The eigenvector used to provide the optic-axis orientation is not an eigenvector of the round-trip matrix
of the sample but is the eigenvector of a similar matrix of the sample. Hence, the optic-axis orientation obtained
by this approach is not the actual optic-axis orientation, which contrasts the property of the sample. It is a
relative optic-axis orientation. While, in 2012, a new calibration technique developed for a fiber-based JMOCT, which enables the measurement of the absolute optic-axis orientation without ambiguity [9].

3.2.2.4 Degree of polarization uniformity
Besides the above mentioned three polarization properties, the depolarization is an additional polarizationchange factor of the biological tissue, which is due to the multiple scattering effect of the tissue. However, it
is not possible to measure the depolarization directly by OCT because of the intrinsic coherent-detection
scheme of the OCT instrument [10]. The degree of polarization (DOP) can be used to describe the changes of
the polarization state in tissue as a substitute of the depolarization. Nevertheless, it is impossible to be detected
by the PS-OCT, because the DOP of the Jones vector is unity [10]. Some papers have demonstrated a new
parameter, which is called degree of polarization uniformity (DOPU), enables the representation of DOP of
the tissue. And further uses this parameter to study the depolarization effect of tissue.
The DOPU is originally calculated by the Stokes vectors. However, it is known that the Jones matrix is
able to be converted into a Stokes vector by employing a virtual incident beam [11]. For example, if we
introduce a virtual incident polarization state, such as [1 0]𝑇 , to illuminate the sample for simple calculation,
the output Jones vectors becomes
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𝐽
1
𝑬𝑜𝑢𝑡 [ ] = [ 11 ] (14),
𝐽12
0
where 𝐽11 and 𝐽12 are obtained by only two OCT signals from one PD detection (usually, there are two PD
detections in JM-OCT). Therefore, the corresponding Stokes parameters can be written by these two elements
of the similar matrix of the measured round-trip Jones matrix [𝑱(𝑧)𝑱(𝑧0 )−1 = 𝑬𝑜𝑢𝑡 (𝑧)𝑬𝑜𝑢𝑡 (𝑧0 )−1 ] as:

|𝐽11 |2
𝐼
|𝐽11 |2
𝑄
𝑺= [ ] ≡
∗
𝑈
𝐽11 𝐽12
∗
𝑉
[𝑖(𝐽11 𝐽12

+ |𝐽12 |2
− |𝐽12 |2
(15).
∗
+ 𝐽11
𝐽12
∗
− 𝐽11
𝐽12 )]

Then, by using the definition of DOPU:

̅ 2 + ̅𝑉 2
√𝑄̅2 + 𝑈
(16).
DOPU =
𝐼̅
As mentioned above, DOP is not possible to be measured within one pixel in the OCT instrument, because the
incident beam is completed polarization [10]. Consequently, in Eq. (16), the DOPU is calculated within a
spatial averaging kernel or window by using the normalized Stokes parameters. In addition, Makita et al.,
further developed the noise-correction DOPU by the averaging statistical property of PS-OCT signals and
multiple incident polarization states to achieve more accurate DOPU tomography.

3.2.3 Implementation of JM-OCT
Based on the above illuminated principle of JM-OCT, to implement the measurement by JM-OCT, in brief,
two different incident polarization states (usually two orthogonal polarization states) and two measured Jones
vectors of the backscattered beams are required. Hence, a polarization multiplexing mechanism and a
polarization-diversity detection unit are necessary for the implementation of JM-OCT. There are several
deferent approaches to realize the two polarization states illumination, multiplexing and polarization-diversity
detection, such as time-division, polarization modulation, frequency shift, time-delayed incident polarization.
In like manner, the Jones vector detection of JM-OCT also has several types adapt to the different configuration
of the interferometers. For example, the spectrometer-based polarization-diversity is utilized for SD-OCT
based PS-OCT, and the balance-photodetector-based polarization-diversity unit is specially designed for SSOCT based PS-OCT. In this thesis, the multifunctional JM-OCT is an SS-OCT based PS-OCT. Thus, the two
orthogonal incident polarized beams are produced and multiplexed by a time-delay based passive polarization
delay unit (PPDU). The two different polarization states are kept multiplexing in the depth of the tissue with
time delay caused by their different optical path lengths. And the interference signals are generated and
43

Chapter 3 – Theory of multifunctional Jones-matrix optical coherence tomography (JM-OCT)
detected in the balance polarization-diversity detection unit (PDDU) that only one suitable detection for Sweptsource-based JM-OCT. The interference signal is known to be expressed as
2

2

𝑰 = |𝑬𝑝 + 𝑬𝑟 | = |𝑬𝑝 | + |𝑬𝑟 |2 + 𝑬𝑝 𝑬𝑟 ∗ + 𝑬𝑝 ∗ 𝑬𝑟 (17),
where 𝑬𝑝 and 𝑬𝑟 are the backscattered probe beam from sample and reference-beam from the reference arm,
respectively. The third term of the interference signal expansion
(𝐻)

𝑬𝑝 𝑬𝑟

∗

(𝐻)∗

𝐸𝑝 𝐸𝑟
= [ (𝑉) (𝑉)∗ ] (18),
𝐸𝑝 𝐸𝑟

is the Jones vector of the OCT signal acquired by the PDDU. Here, the superscripts (H) and (V) in the equation
represents the horizontal and vertical components of the Jones vectors, which are detected by two detectors in
PDDU. Moreover, the fourth term is the mirror signal of the measured OCT signal. Considering the two
incident polarized beams illuminate the sample, actually, the complete four output OCT signals should be
written as a 2x2 Jones matrix, such as

(1)(𝐻)

∗

𝑬𝑝 𝑬𝑟 = [

(2)(𝐻)

𝑬𝑜𝑐𝑡

𝑬𝑜𝑐𝑡

(1)(𝑉)
𝑬𝑜𝑐𝑡

(2)(𝑉)
𝑬𝑜𝑐𝑡

] (19),

where the additional superscripts (1) and (2) represents the two different incident polarization states.
Furthermore, some previous researches have demonstrated the unbalanced two polarization components of the
reference beam and unevenness OCT signals of two of two incident polarization states do not affect the
measurement result in the JM-OCT well aligned by the polarizers and polarization controllers in the system.
Therefore, with this JM-OCT configuration, relatively high-speed and wide-range (depth) measurements can
be achieved.

3.3 Extended theory of multifunctional JM-OCT
The JM-OCT based multifunctional OCT enables more contrast imaging than original JM-OCT within only
one measurement by combing some additional analysis and processing of the four OCT signals obtained by
JM-OCT.

3.3.1 Sensitivity-enhanced scattering OCT
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The first contrast, scattering OCT is the fundamental function of OCT, which provides the morphology
imaging for the biological tissue. However, in a JM-OCT, the four coherent signals from four channels, which
correspond to the four entries of the measured Jones matrix, separated the power of the incident light into four
parts. And in addition, in the traditional JM-OCT measurement, the scattering OCT was obtained by averaging
the four entries of a Jones matrix. Therefore, the sensitivity of the scattering OCT image is degraded by using
this method. To overcome this disadvantage of JM-OCT, a sensitivity-enhance scattering OCT image was
introduced by MJ. Ju et al in 2013 [11]. In their method, the four interference signal entries are not processed
to average, but are coherently composited by applying a mathematical model of the depth-resolved output
Jones matrix, which is denoted as:
(1)(𝐻)

𝑬𝑝 𝑬𝑟

∗

(1)(𝐻)

(2)(𝐻)

(1)(𝐻)

𝑬𝑜𝑢𝑡 (𝑧) 𝑬𝑜𝑢𝑡 (𝑧)
𝑬𝑜𝑢𝑡 (𝑧)
𝑒 𝑖𝜃1 𝑬𝑜𝑢𝑡 (𝑧)
= [ (1)(𝑉)
] ≅ [
] (20),
(2)(𝑉)
(1)(𝐻)
(1)(𝐻)
𝑬𝑜𝑢𝑡 (𝑧) 𝑬𝑜𝑢𝑡 (𝑧)
𝑒 𝑖𝜃2 𝑬𝑜𝑢𝑡 (𝑧) 𝑒 𝑖𝜃3 𝑬𝑜𝑢𝑡 (𝑧)

where 𝜃𝑖 (𝑖 = 1, 2, 3) represents the depth-independent relative phase offset of each other entries to the first
one in the matrix. And these phase offsets are estimated by a complex argument of summed products of the
other entry vectors and conjugate vector of the first entry. And this summation is for all pixels along the depth
within the imaging range of the tissue. Then, using these three estimated phase offsets, the coherent composited
OCT signal defined as

̅̅̅̅̅̅
𝐸
𝑜𝑢𝑡 (𝑧) =

1
4

(1)(𝐻)

[𝐸𝑜𝑢𝑡

(1)(𝐻)
(𝑧) + 𝑒 −𝑖𝜃1 𝐸𝑜𝑢𝑡
(𝑧) + 𝑒 −𝑖𝜃2 𝑬(1)(𝑉)
𝑜𝑢𝑡 (𝑧) +
(2)(𝑉)

𝑒 −𝑖𝜃3 𝑬𝑜𝑢𝑡 (𝑧)] (21).
can be obtained. For the multi-contrast imaging, each position of the tissue is scanned 4 times in our
measurement protocol. Thus, there are four B-frames of each position of the sample. After a noise correction,
by summing up these four B-frames of OCT image with a global phase offset among them, and then a
sensitivity-enhanced intensity OCT can be obtained as the following formula
2

𝑛0 +𝑛−1
(−𝑖∆𝜑(𝑧)(𝑛0 ,𝑗) )
̅̅̅̅̅̅̅̅̅̅̅̅
𝐼= | ∑ 𝐸
|
𝑜𝑢𝑡 (𝑧, 𝑗)𝑒

(22),

𝑗=𝑛0

where z is the depth position of the measured sample, j is the index of B-scan, 𝑛0 is the starting B-scan, n is
the B-scan number, and ∆𝜑(𝑧)(𝑛0 ,𝑗) is the global phase offset between each two estimated Jones matrices of
the four B-scans.

3.3.2 Local birefringence imaging
45

Chapter 3 – Theory of multifunctional Jones-matrix optical coherence tomography (JM-OCT)
JM-OCT was initially developed for measuring phase retardation or phase changes to assess the polarization
property of the biological tissue. However, it has been demonstrated that the method of phase retardation
measurement is difficult to provide accurate and high-quality contrast of the local tissue polarization property.
Thus, a local birefringence imaging method was proposed by S. Makita et al [8]. To obtain accurate local
birefringence, first, the fiber birefringence effect is ignored by setting the reference point at the surface of the
sample (or a glass coverslip on the sample). Likewise, the birefringence of the tissue above the interested tissue
position can be neglected by shifting the reference-point depth. Then the Jones matrix of the OCT signals from
the local tissue can be written by using the Jones matrix of the one tissue point above. And the cumulative and
round-trip Jones matrix of the sample can be expressed with the single-trip Jones matrix of the local tissue, i.
e.,

𝑱𝑆,𝑇 (𝑧𝑖 ) = [𝑱𝑇𝑆 (𝑧1 , 𝑧2 ) ⋯ 𝑱𝑇𝑆 (𝑧𝑖−1 , 𝑧𝑖 )][𝑱𝑆 (𝑧𝑖−1 , 𝑧𝑖 ) ⋯ 𝑱𝑠 (𝑧1 , 𝑧2 )] (22),
where 𝑱𝑆,𝑇 (𝑧𝑖 ) is the cumulative round-trip Jones matrix of the sample, 𝑱𝑆 (𝑧𝑖 , 𝑧𝑖+1 ) (𝑖 = 1, 2, 3, ⋯ ) is the
single-trip Jones matrix of the local tissue correspond the depth range from 𝑧𝑖 to 𝑧𝑖+1 . According to the
principle of JM-OCT, a similar Jones matrix denoted as 𝑴(𝑧𝑖−𝑛−1 , 𝑧𝑖 ) of the local tissue round-trip Jones
matrix 𝑱𝑆 (𝑧𝑖−𝑛 , 𝑧𝑖 ) corresponding to the tissue depth range from 𝑧𝑖−𝑛 to 𝑧𝑖 can be obtained. Thus, the
eigenvalues and eigenvector matrix of 𝑴(𝑧𝑖−𝑛−1 , 𝑧𝑖 ) is possible to be calculated by the diagonalized matrix of
𝑴(𝑧𝑖−𝑛−1 , 𝑧𝑖 ). As mentioned above, the phase retardation is defined by the eigenvalues 𝜆′1,2 . Similarly, the
local phase retardation is also determined by the eigenvalues of the similar matrix of local tissue, i. e.,

𝛿′(𝑧𝑖−𝑛 , 𝑧𝑖 ) ≡ Arg[𝜆′1 ⁄𝜆′2 ] = |arctan [

𝐼𝑚(𝜆′1 ⁄𝜆′2 )
]| (23).
𝑅𝑒(𝜆′1 ⁄𝜆′2 )

If there is no diattenuation effect of the sample arm and measured tissue, Jones matrix of the local tissue and
output matrix are unitary. Thus, the local phase retardation also can be calculated by the following equation:

𝛿′(𝑧𝑖−𝑛 , 𝑧𝑖 ) = 2cos −1

|𝑡𝑟𝑴|
√2𝑡𝑟(𝑴∗ 𝑴)

(24),

where tr represents the trace of the matrix, 𝑴 is the similar Jones matrix of the local tissue, and 𝑴∗ is the
complex conjugate matrix of 𝑴. Furthermore, the local birefringence b can be obtained by using the local
phase retardation as

𝑏(𝑧𝑖−𝑛 , 𝑧𝑖 ) =

𝛿′(𝑧𝑖−𝑛 , 𝑧𝑖 )
(25),
2𝑘𝑐 ∆𝑧

where 𝑘𝑐 is the wavenumber corresponding to the center wavelength of the light source, and ∆𝑧 = 𝑧𝑖 −
𝑧𝑖−𝑛 is the thickness of the local tissue. The number ‘2’ means the calculation is for the round-trip of the
measured tissue. With this method, high contrast local birefringence can be obtained by a large depth
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separation of the tissue, which corresponds to ∆𝑧, at the expense of axial resolution. Thus, the setting of ∆𝑧
should balance the contrast of the birefringence and the axial resolution for high quality imaging.
In addition, the SNR is an important factor associated with the performance of birefringence imaging.
Hence, the systematic error caused by background noise in phase retardation measurement was estimated by a
local Jones matrix analysis method. And then the measured phase retardation 𝑟𝑚 was expressed by three
parameters as:

𝑟𝑚 = 2cos −1

√cos 2 𝑟 + 𝛾 −1 csc 2 𝜁
2
2
√1 + 4𝛾 −1 csc 2 𝜁
[
2 ]

(26),

where 𝑟 is the true phase retardation, 𝛾 represents the effective SNR (ESNR), and 𝜁 denotes the angle between
the two input polarization states on a Poincaré sphere. Here, the ESNR of the measured phase retardation is
described as:

𝛾(𝑧) = ESNR(𝑧𝑖−𝑛 , 𝑧𝑖 )
1
1
1
1
1
= [ (
+
+
+
)]
4 SNR(1) (𝑧𝑖−𝑛 )
SNR(2) (𝑧𝑖−𝑛 )
SNR(1) (𝑧𝑖 )
SNR(2) (𝑧𝑖 )

−1

(27),

where the ESNR (𝑟) is a function of the variable depth (𝑧), 𝑧𝑖−𝑛 , 𝑧𝑖 represent adjacent two depth positions of
the reference and measurement tissue points, respectively, the superscripts (1), (2) represent the first and
second incident beams, respectively. This ESNR can be utilized to evaluate the accuracy of the measured
phased retardation. And moreover, it showed the limitation of the previous phase retardation (also local
birefringence) measurement, which is difficult to obtain the true phase retardation. Therefore, to achieve the
probability distribution of true local birefringence measurement, in our multifunctional JM-OCT, a maximuma-posteriori (MAP) estimation of the birefringence has been applied as well. [12]
Since the local birefringence measurement is affected by the background noise, the local Jones matrix
of the measured tissue should be modified with an additive noise matrix as

𝑱′𝑎𝑙𝑙 (𝑧, ∆𝑧) = [𝑱𝑎𝑙𝑙 (𝑧2 ) + 𝑵(𝑧2 )][𝑱𝑎𝑙𝑙 (𝑧1 ) + 𝑵(𝑧1 )]−1 (28),
where

𝑵(𝑧) = [

𝑛1 (𝑧) 𝑛2 (𝑧)
] (29)
𝑛3 (𝑧) 𝑛4 (𝑧)
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is a matrix, which consists of four random complex noises corresponding to the four-channel OCT signals.
The four elements of the noise matrix are independent with each other and obey zero-mean Gaussian
distribution. Usually, the local phase retardation (and/or local birefringence) is obtained by this local Jones
matrix. However, the phase retardation derived from the local Jones matrix with additive noise is no longer
linear, and its distribution is neither Gaussian nor systematic. Hence, the distribution of the phase retardation
becomes too complex to be analyzed directly, and the true birefringence is difficult to be estimated. Form the
Eq. (26), the measured birefringence is known to be defined by the parameters of the true birefringence, ESNR,
and the angle between two input polarization states on a Poincaré sphere (𝜁). It should be noted that the
parameter 𝜁 only depends on the system design. It means this parameter is a constant in a phase retardation
measurement with a certain JM-OCT. Therefore, the measured phased retardation only determined by two
independent parameters: true phase retardation and ESNR. Based on this knowledge, Kasaragod et al, proposed
to use the true birefringence probability distribution for providing the estimation of the true local birefringence.
Although the probability distribution is impossible to be obtained directly, by applying the Bayes’ theorem,
the proportional relation between the true birefringence probability distribution and the distribution function
of the measured local birefringence is provided as

𝑝(𝛽; 𝑏, 𝛾) ∝ 𝑓(𝑏; 𝛽, 𝛾)𝜋(𝛽) (30),
where 𝑝(𝛽; 𝑏, 𝛾) is the probability distribution of the true birefringence, 𝑓(𝑏; 𝛽, 𝛾) is a function represents the
probability distribution of the measured local birefringence at a specific value of the true birefringence and a
specific ESNR, 𝑏, 𝛽, 𝛾 respectively represent the measured birefringence, true birefringence, and ESNR. The
𝜋(𝛽) is the prior distribution, which represents a priori knowledge of the true birefringence probability
distribution. Because 𝛽 only can be obtained under the condition of that the 𝑏 and 𝛾 have been measured,
formula (30) should be substituted by using a proper likelihood function, 𝑓(𝛽; 𝑏, 𝛾), of 𝛽 as

𝑝(𝛽; 𝑏, 𝛾) ∝ 𝑓(𝛽; 𝑏, 𝛾)𝜋(𝛽) (31).
Formula (31) suggests that, to find out the true birefringence probability distribution 𝑝(𝛽; 𝑏, 𝛾), the likelihood
function 𝑓(𝛽; 𝑏, 𝛾) has to be predefined first. To predefine the function 𝑓(𝛽; 𝑏, 𝛾), A Monte-Carlo statistic
simulation method is used to provide a set of distribution functions 𝑓(𝑏; 𝛽, 𝛾) with several values of 𝛽 and 𝛾.
One set of Monte-Carlo calculations consists of a mass of trails, each trial in it is implemented by using the
two measured Jones matrixes in Eq. (28) with Gaussian noises. Then the specific true birefringence 𝛽 and
specific ESNR 𝛾 are obtained to simulate the measured birefringence 𝑏. Consequently, a distribution function
of simulated 𝑏 can be provide by one set of Monte-Carlo calculation. The Monte-Carlo calculations set repeats
quite a lot of times by varying the values of 𝛽 and 𝛾 with a proper resolution of them in their ranges correspond
to the range of phase retardation (0 − 𝜋 𝑟𝑎𝑑) under a selected depth separation. Sequentially, a set of
distribution functions 𝑓(𝑏; 𝛽, 𝛾) represented as a 3D numerical array can be generated. Furthermore, by
utilizing a Lanczos interpolation, the likelihood function 𝑓(𝛽; 𝑏, 𝛾) is figured out. With this likelihood
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function, the posterior distribution of the true birefringence for N measurements 𝑝𝑁 (𝛽) can be expressed based
on the formula (31) as
𝑁

𝑝𝑁 (𝛽) ≡ 𝑝 (𝛽; 𝑏, 𝛾)|(𝑏,𝛾)=(𝑏1, 𝛾1),⋯(𝑏𝑁, 𝛾𝑁 ) ∝ ∏ 𝑓(𝛽; 𝑏𝑖 , 𝛾𝑖 ) (32).
𝑖=1

Finally, the Bayesian maximum likelihood estimation (mle) after N measurements is provided by the following
equation:
𝑁

𝛽̂ |(𝑏1, 𝛾1 ),⋯(𝑏𝑁, 𝛾𝑁 ) ≡ arg max ∏ 𝑓(𝛽; 𝑏𝑖 , 𝛾𝑖 ) (33).
𝛽

𝑖=1

In addition, the reliability of the estimation can be measured by the value calculated from the local likelihood
integral around the estimated true birefringence
̂ +∆𝛽/2
𝛽

ℒ (𝛽̂ ; ∆𝛽) = ∫

̂ −∆𝛽/2
𝛽

𝑝𝑁 (𝛽)𝑑𝛽 (34).

This value can be used to produce a pseudo-color image of local birefringence, which is capable of providing
high contrast of the specific characteristic for the biological tissues.
Before the practical biological tissue measurement, the validities of this methods has been proved by
testing a series of optical components with prescient phase-retardation, such as a non-birefringent glass plate,
a quarter waveplate, and a one-eighth waveplate, which had round-trip phase retardations of 0, π/2, and π rad,
respectively. In addition, since the birefringence of the quarter and one-eighth waveplates do not fit the set true
birefringence range of the numerically calculated likelihood function, which was mentioned above, the tailored
likelihood functions were numerically generated for the quarter and one-eighth waveplates and the glass plate
validations. Thereby, the true birefringence values can fit the range of phase-retardation, which is from 0 to π.
The results of the experimental validations with the known birefringent and non-birefringent materials and the
numerical simulations demonstrated the local birefringence method works well [12,13].

3.3.3 Noise-corrected DOPU imaging
As mentioned in section 3.2.2, DOPU is an additional function extended to PS-OCT, which is potential to
study the depolarization effect of the tissue. Especially, DOPU measurement enables the visualization of in
vivo pigmented tissue, such as retinal pigment epithelium (RPE) of the ocular tissue. Since the noise influence
on the accuracy of the local birefringence measurement has been illuminated in the last section. Thereby, the
noise-correction treatment is also necessary for the DOPU measurement. Similarly, to achieve noise-corrected
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DOPU imaging, the Stokes parameters derived from the Jones matrixes of the JM-OCT measured signals
should be modified with an additive noise as
2
̅̅̅̅̅̅̅
̅̅̅̅̅̅̅2
|𝑔𝐻 |2 + |𝑔𝑉 |2 − (|𝑛
𝑠0′
𝐻 | + |𝑛𝑉 | )
2
̅̅̅̅̅̅̅
𝑠1′
|𝑔𝐻 |2 − |𝑔𝑉 |2 − (̅̅̅̅̅̅̅
|𝑛𝐻 |2 − |𝑛
𝑉| )
(34).
′ =
∗
𝑠2
2𝑅𝑒[𝑔𝐻 𝑔𝑉 ]
[𝑠3′ ] [
2𝐼𝑚[𝑔𝐻 𝑔𝑉∗ ]
]

Equation (34) is a bias-free estimation of true Stokes parameters. Thus, the DOPU with noise-correction can
be redefined with the noise-corrected Stokes parameters based on Eq. (16) as

DOPU =

√∑3𝑣=1 𝑠̅𝑣′ 2
𝑠̅0′

(35),

where 𝑠̅ means averaging of 𝑠̅ at a local space. In JM-OCT based PS-OCT, there are two input polarization
states, and hence two multiple pairs of polarization-sensitive OCT signals from four channels are detected by
a PPDU. For this property of JM-OCT, the noise effect can be further reduced by the combined DOPU with
two input polarization states. Finally, the DOPU with multiple incident polarization states obtained by JMOCT can be calculated by the following equation
2
̅̅̅̅̅̅̅
(𝑚)′
(𝑚) 3
𝑀
∑
∑
𝑤
𝑠
𝑚=1
𝑣=1 𝑣
(36).
DOPU ′ =
̅̅̅̅̅̅̅
(𝑚)′
𝑀
(𝑚)
∑𝑚=1 𝑤
𝑠0

3.3.4 Noise-corrected correlation mapping OCT-A
To obtain a high-contrast OCT angiography by JM-OCT, a noise-corrected complex correlation method is
applied. In this method, to achieve high-accuracy OCT-A measurement, first, the OCT signal from each
channel of JM-OCT is corrected with a random additive noise. And then, refer to the Ref [14], the correlation
between measured OCT signals (𝜌𝐺 ) at different spatiotemporal points (𝐫) and (𝐫 + ∆𝐫) can be expressed by
the correlation coefficient of measured OCT signals (𝜌𝑆 ) and a decorrelation factor caused by the random
noise (𝜌SNR )

𝜌𝐺 (∆𝐫; 𝐫) = 𝜌SNR (∆𝐫; 𝐫)𝜌𝑆 (∆𝐫; 𝐫) (37),
where
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𝜌𝑠 (∆𝐫; 𝐫) =

E[𝑆 ∗ (𝐫) + 𝑆(𝐫 + ∆𝐫)]
√E[|𝑆(𝐫)|2 ]√E[|𝑆(𝐫 + ∆𝐫)|2 ]

(38),

𝜌𝑆𝑁𝑅 (∆𝐫; 𝐫) = [√1 + SNR(𝐫)−1 √1 + SNR(𝐫 + ∆𝐫)−1 ]

−1

(39).

In the statistical noise-corrected correlation estimation, the bias and variance indicate that the large variance
leads to the low-accuracy imaging with the noise. Thus, to achieve the low-bias and low noise complex
correlation estimation, a time-averaged noise power technique combined with an additional averaging window
is applied. Here, the noise is measured without OCT signal and is assumed to be identical in space. Then, a
SNR-corrected low-noise signal correlation estimate can be expressed as

𝑟̅(∆𝐫;
𝐫) ≡
𝑠

〈𝑠𝐺12 〉𝑤2
〈𝜀 √|[𝑠𝐺11 − 𝑞̂𝑁 ][𝑠𝐺22 − 𝑞̂𝑁 ]|〉𝑤2

(40),

where 𝑠𝐺𝑖𝑗 , (𝑖 = 1, 2; 𝑗 = 1, 2) represents the entry of the estimated covariance matrix at i-row and j-column,
𝑞̂𝑁 ≡ 〈|𝑔𝑛 (𝑡) − 〈𝑔𝑛 (𝑡)〉𝑡 |2 〉𝑡 is a time-averaged noise power, which is obtained from the OCT signal [𝑔𝑛 (𝑡)]
without sample, ⟨ ⟩𝑤2 denotes the averaging window 𝑤2 . A sign function 𝜀 expressed as

𝜀=

sgn(𝑠𝐺11 − 𝑞̂𝑁 ) + sgn(𝑠𝐺22 − 𝑞̂𝑁 )
(41).
2

is applied in Eq. (40) to reduce the bias of the correlation estimate after averaging when there is no signal in
the region.
To implement the OCT-A measurement in JM-OCT system, the B-scan is repeated several times at the
same location in sample. Since each B-scan contains four OCT signals, which are the four entries of the Jones
matrix of the measured signal, the enhanced scattering intensity OCT first obtained by coherently compositing
the four OCT signals as mentioned in section 3.3.1. Then, the temporal correlation between two time points
(𝑡, 𝑡 + 𝜏) at the same spatial location (𝒙, 𝑧) is denoted as 𝜌𝑠 (∆𝐫; 𝐫)|∆𝒓 =(𝟎,0,𝜏) . During, the temporal correlation
coefficient estimating, the temporal averaging utilized to obtain the spatial distribution of true OCT signal
correlation coefficient, which is expressed as

𝑟̅(𝜏;
𝒙, 𝑧) ≡
𝑠

〈|〈𝑔(𝐫)𝑔∗ (𝐫 + (𝟎, 0, 𝜏)) 〉|〉𝑤2
𝑤1

〈𝜀√|[〈|𝑔(𝐫)|2 〉𝑤1 − 𝑞̂𝑁 ][〈|𝑔(𝐫 + (𝟎, 0, 𝜏)|2 〉𝑤1 − 𝑞̂𝑁 ]|〉𝑤2
Thereby, the high-contrast OCT-A (blood flow image) can be obtained.
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3.4 Advantages and application of multifunctional JMOCT
The multifunctional JM-OCT has been demonstrated to be capable of providing some specific contrasts of
biological samples such as collagen property, melanin concentration, and vasculature. And there are several
papers have presented the usefulness of multifunctional JM-OCT for ophthalmologic imaging. Along with the
development of JM-OCT technique, nowadays, multifunctional JM-OCT has been well applied in
ophthalmology investigation with its special characteristics. For example, it possesses a highly phase stabilized
system, has capabilities of obtaining several polarization parameters of the biological sample and generates
the corresponding multi-contrast images of the sample simultaneously. By utilizing these different specific
contrasts, the disease or damaged tissue locations of eyes can be observed and investigated. In addition, the
measurement time and accuracy were also advanced due to its particular theory. A set of multi-contrast images
of eye obtained from JM-OCT are shown in Fig. 2.4 as an example [3]. By using multifunctional JM-OCT,
the different microstructures of ocular tissue, such as retinal and choroidal vessels, choroid-sclera interface,

Figure 3.2: Multifunctional OCT images of in vivo human optic nerve head. (a), (c) En face projection
and a cross-sectional image of scattering intensity OCT, respectively, (b) an en face pseudo-color image
composite of power Doppler and M-DOPU, (d)–(f) cross-sectional power Doppler, phase retardation,
and M-DOPU images. [3]
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lamina cribrosa, and pigmented tissue (RPE: retinal pigment epithelium), can be visualized and discriminated
clearly.

3.5 Summary
In this chapter, the theoretical basis of JM-OCT and multifunctional JM-OCT are introduced in detail. On the
one hand, JM-OCT is essentially one form of PS-OCT and aims at measuring the polarization of the interest
of tissue, such as phase-retardation, diattenuation, optic-axis orientation, and etc., by which further
birefringence of the microstructures or some chemical compositions in tissue could be achieved. On the other
hand, JM-OCT based multifunctional OCT, as an extension technology of JM-OCT, enables more contrast
imaging than original JM-OCT within only one measurement by combing some additional analysis and
processing of the four OCT signals obtained by JM-OCT. The methods to obtain above-mentioned four images
by one multifunctional JM-OCT scan are theoretically introduced in this chapter. Four OCT signals including
sensitivity-enhanced scattering OCT, local birefringence imaging, noise-corrected DOPU imaging, and noisecorrected correlation mapping OCT-A could be simultaneously created by single scan, which allows one to
get more comprehensive information of tissue in a high-efficient and cost-effective way.
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4.1 Introduction
Optical coherence tomography (OCT) is a noninvasive, high resolution, and fast imaging modality that is
capable of visualizing the internal micro-structures of in vivo tissue [1]. Because of these particular advantages,
OCT has been applied in several medical ﬁelds such as ophthalmology [2,3], cardiology [4], gastroenterology
[5], dentistry [6], and dermatology [7–10]. Among them, dermatology is a suitable ﬁeld for OCT because skin
is easily accessible and consists of several sub-millimeter internal structures.
Skin consists of a significant amount of collagen, which is a birefringent material. In addition, some
skin diseases, such as scleroderma, are believed to be associated with collagen abnormality [11,12]. Hence,
birefringence measurement would be useful for pathological investigation. Furthermore, some research has
found that skin blood flow relates to diabetes and peripheral vascular disease [13,14]. This suggests that noninvasive angiography would be able to provide useful information for diagnosing diabetes and vascular disease.
There are some functional extensions of OCT that have been applied to dermatological investigations
[15–20]. Among them, polarization sensitive OCT (PS-OCT) [16,17,19], OCT angiography (OCT-A) [15],
and its combination [21] are the most promising options. Currently, most dermatological PS-OCT measures
phase retardation to detect the polarization property of the skin. However, it was recently argued that the phase
retardation measurement is not accurate for biological tissues with non-uniform optic axis orientation along its
depth, which includes skin [22]. Therefore, a depth-localized birefringence measurement is required for more
accurate dermatological investigation. The limitation of cumulative phase retardation imaging can be
overcome by the birefringence measurement based on localized Jones matrix measurement [23–25]. Although
the local Jones matrix measurement suffers from a low signal-to-noise ratio (SNR), inaccurate phaseretardation and birefringence, these problems were recently resolved by birefringence and phase retardation
estimation techniques that include the coherent averaging of the Jones matrix and/or Jones vector [26–28],
eigenvalue-based averaging [29], Jones matrix estimation based on the Cloude-Pottier decomposition [30],
Muller analysis [31,32], a specially designed phase-retardation estimation function [33], and maximum a
posteriori birefringence estimators [25,34,35]. These advances enabled the birefringence imaging of in vivo
skin. The uniformity of polarization property of tissue is also useful for dermatological investigation [36]. It
was recently applied to investigate hypertrophic scars [37]. OCT-A has also been applied to dermatological
investigations. This method enables the non-invasive visualization of the internal vascular structure in vivo
[38,39].
In this chapter, we demonstrate our new multifunctional (multi-contrast) Jones matrix optical coherence
tomography (JM-OCT) for dermatological imaging. It enables the simultaneous investigation of the
polarization and flow properties of skin. The JM-OCT simultaneously provides depth-resolved birefringence
(local phase retardation) tomography [25], degree-of-polarization-uniformity (DOPU) [40,41], complexcorrelation based OCT-A [42], and the scattering intensity OCT. The system is based on a design that is similar
to our previous passive-polarization-delay based posterior-eye JM-OCT [22,27], but is specially redesigned
for dermatological investigation. The performance of the system is demonstrated by measuring different skin
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tissues in vivo.

4.2 Method
4.2.1 System
The dermatological JM-OCT system was built from the passive-polarization-delay-based PS-OCT
[22,27,28,43,44]. The schematic of our JM-OCT is shown in Fig. 4.1(a). The light source is a MEMS-based
wavelength sweeping laser source (AXA10823-8, Axsun Technologies, MA) with a center wavelength of 1310
nm, an average output power of 22.6 mW, and a scanning rate of 49,600 Hz. The light is first divided by a
90:10 broadband coupler (FC1310-70-10-APC, Thorlabs Inc., NJ) such that 90% goes to the sample arm, and
the other 10% goes to the reference arm.
In the sample arm, the beam goes to a passive polarization delay (PPD) module. The PPD module used
in this system has a configuration that is similar to the one in [22, 27], but all the optical components are
miniaturized and encased in a small box (91 mm × 50 mm footprint and 30 mm height). This compact PPD
module (DE-G043-13, Optohub Co. Ltd., Saitama, Japan) was collaboratively developed with Optohub Co.
Ltd. and is commercially available. In the PPD module, the beam is split into two orthogonal independent
polarizations states by a broadband polarizing beam-splitter cube (PBS). A linear polarizer is placed just before
the PBS to control the splitting ratio. The split beams are recombined by another PBS and sent to the fiber
output of the PPD module. Different delays are applied to the two polarizations before recombination. This
mutual delay results in the depth-multiplexing of the two incident polarizations in the resulting OCT image
[22,27]. The output power of the PPD is maximized by a fiber polarization controller just before the PPD
module (PC1), i.e., just before the polarizer. The output from the PPD module goes to a bulk probe arm through
a broadband circulator (CIR-1310-50-APC, Thorlabs). The back scattered light from the sample passes a
polarization controller (PC2) and the circulator, and it is sent to a polarization-diversity-detection module (PDdetector, DE-G036-13, Optohub).
In the probe unit, the beam is first collimated by a fiber-tip collimator (beam diameter = 3.49 mm, type
number PAF-X-18-C, Thorlabs), passes a two dimensional galvanometric scanner (model 6220, Cambridge
Technology Inc., MA), and focused by an objective (effective focal length = 36 mm, working distance = 25.1
mm, type number LSM03, Thorlabs). The 1/𝑒 2 beam diameter at the beam waist is 18 μm and the depth of
focus is 389 μm. To reduce the skin surface reflection causing signal saturation, a tilted glass slip was attached
in front of the probe unit as shown in Fig. 4.1(b). The space between the glass slip and the sample (skin) is
filled by the ultrasound gel for refractive index matching. The probe unit is identical to that used in Ref. [45].
In addition, 10% of the power from the light source is sent to the reference arm of the interferometer. In
the reference arm, the light is first sent to a fiber Bragg grating (FBG, FBG-SMF-1266-80-0.2-A-(2)60F/E, L
= 1M, reflectivity 80%, Tatsuta Electric Wire & Cable Co., Ltd, Osaka, Japan). The light is reflected sharply
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Figure 4.1: (a) Conﬁguration of the Jones matrix OCT system. APD: ampliﬁed photodetector; C: coupler;
PC1, PC2 and PC3: polarization controllers; LP: linear polarizer; PBS: polarizing beam splitter; RAP:
right angle prism; S: sample; NPBS: non-polarization beam splitter; BPD: balanced photodetector; LPF:
low pass ﬁlter, and HPF: high pass ﬁlter. (b) Pictures of scanning probe for skin.
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at 1266-nm, and the reflected light is detected by an amplified photodetector (PDA10CF, Thorlabs). The
amplified photodetector output is sent to a digitizer (ATS9350, Alazar Technologies Inc., Quebec, Canada)
and used as a trigger for each A-line acquisition. The light passing the FBG goes to the reference arm and is
sent to the PD-detector through a variable optical delay line (Advanced Fiber Resource Ltd., Hong Kong,
China).
In the PD-detector, the reference and probe beams are combined by a non-polarization beam splitter
(NPBS) and generate an interference signal. The interference signal is split into two polarization components
by two PBSs, and these polarization components are independently detected by two balanced photodetectors.
In the reference path of the PD-detector, a polarizer is located just before the NPBS, which balances the
reference powers between the two detection polarization channels. The total reference power is optimized by
a polarization controller just before the PD-detector (PC3). In contrast to our previous JM-OCTs [22,27,44],
the PD-detector in the present system is an encased detection module with a compact size of 156 mm (width)
× 105 mm (depth) × 34 mm (height), which includes not only miniaturized bulk optics but also two balanced
photodetectors. Because of the encased PD-detector and PPD module, the system is built using only non-bulk
components except for the probe head.
The detected interference signals are sent to the digitizer after passing through a high-pass filter (1 MHz
cutoff frequency, Chebyshev type, HP1CH3, R&K Co., Ltd., Shizuoka, Japan) and a low-pass filter (62 MHz
cutoff frequency, Chebyshev Type, LP62CH3, R&K Co., Ltd., Shizuoka, Japan) of each channel of the two
output . Each spectral interference signal is sampled at 1,152 points and the optical bandwidth to be sampled
is 106 nm. The sampling is performed with a built-in k-clock generated by the light source.
The OCT signals are generated from the Fourier transform of the interference signals. Fixed pattern
noise was removed by complex median subtraction method [46]. Because two incident polarizations are
multiplexed by the PPD and two detection polarizations are independently detected by the PD-detector, this
process provides a set of four complex OCT images. This set of OCT images forms a Jones matrix tomography,
which is mathematically similar to the round-trip Jones matrix of the sample. The Jones matrix tomography
formation is identical to the process described in our previous publications [22,27], but with the following
exceptions. In the present system, we apply intensity correlation based sub-pixel depth-shift correction among
four images, which was not used in the previous JM-OCT. For this sub-pixel shift, each intensity image of four
polarization channels are enlarged along the depth with fast Fourier transform (FFT) based interpolation
algorithm with 7-times of zero-padding. 1-D image correlations along the depth are computed among the four
images. This correlation provides depth-shifts of each A-line. The shift between images is then defined as the
median of the set of depth-shifts. In contrast, the numerical phase stabilization that is used in the previous
system is not applied here because the phase has been stabilized by the k-clock.
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4.2.2 Performance of system
Probe power
As mentioned above, the probe power was well adjusted by the polarization controller and the polarizer. After
optimizing the optical system, the incident power to the sample is around 10.2 mW, which is much lower than
maximal permissible exposure limited by ANSI standard. It means this power value of the probing beam is
safe for skin.

Reference power
For the reference power, in order to find out the most appropriate signal-noise ratio (SNR) and sensitivity, it
is necessary to measure the sensitivity corresponding to the reference power changed by a certain step. The
trend of sensitivity changing with reference power is shown as Fig. 4.2. In addition, the noise increases with
the reference power. Therefore, the reference power was set at around 0.9 mW.

Figure 4.2: Sensitivity changing trend with reference power.

Signal-to-noise ratio (SNR) and sensitivity
After the optimization of reference power, the SNR and sensitivity was measured under the condition that 0.9mW reference power. The intensity and background of the OCT signals of each channel, which corresponds
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to the four entries of the Jones matrix, are shown in Fig. 4.3. With the measured data of signal intensity and
background, the sensitivity of the four polarization channels were calculated to be 105, 105, 104, and 104 dB
(Table 4.1).

Figure 4.3: Intensity of OCT signals and background measured at 0.9-mW reference power.

Table 4.1 Sensitivity of each channel

Depth (z)

Non-delay (144 pixel)

Delay (432 pixel)

Ch. 1

105 dB

104 dB

Ch. 2

105 dB

104 dB

Channel No.

Imaging depth range and resolution
The depth imaging range is around 2.5 mm in air, which corresponds to 1.8 mm in tissue assuming a refractive
index of 1.38. The axial resolution was measured to be 19.4 μm in air (14.1 μm in tissue), and the depth pixel
separation was 8.7 μm in air (6.3 μm in tissue).

62

Chapter 4 – Multifunctional JM-OCT for dermatology

4.3 Multi-contrast imaging
Based on the theory described in Chapter 2, four contrasts, the scattering OCT, birefringence, DOPU, and
OCT-A, were computed from the Jones matrix tomographies as follows.

4.3.1 Scattering OCT
A sensitivity-enhanced scattering OCT was obtained by a coherent composition of the four repeated Jones
matrix tomographies as described in Section 3.8 of [27].

4.3.2 Birefringence tomography
The depth-resolved birefringence (local retardation) tomography was obtained by local Jones matrix analysis
[24] combined with a maximum a posteriori birefringence estimator [25]. For easy observation, a pseudo-color
birefringence tomography is created by combining the scattering intensity, birefringence, and reliability of the
birefringence estimation. In this image, the birefringence is expressed by color hue if it is reliable, otherwise,
the pixel is a shade of gray. The birefringence computation protocol is detailed in Section 4 of [22], and the
pseudo-color image formation is described in Section 3.4 of [25].

4.3.3 DOPU tomography
The DOPU image was obtained using the DOPU computation algorithm with Makita’s noise correction [41].

4.3.4 OCT-A
To compute OCT-A signal, we first corrected detection jitter of spectral signal as described in the next section
(Section 4.3.5). The jitter-corrected signal was then processed by a complex correlation based OCT-A method,
which is detailed in Section 4.2 of [42].

4.3.5 Jitter correction
OCT-A images were obtained using a complex correlation-based OCT-A method, in which the noise-corrected
complex correlation among the four repeated frames is computed. The details of this method are described
elsewhere [42], but we additionally applied a jitter correction as follows.
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The jitter is a random ±1-sampling-point spectral shift generated by a small mutual fluctuation between
the k-clock and the A-trigger. It results in strong artifacts in OCT-A because the jitter generates a large
difference between the two temporal phase changes of the two incident polarization images as schematically
depicted in Fig. 4.4. Here, the two incident polarizations are denoted as non-delayed and delayed channels.
As the first step of the numerical jitter correction, we computed
𝑑,𝑛𝑑
𝑑,𝑛𝑑
∗𝑑,𝑛𝑑
(𝑡, 𝜁; 𝜏) ≡ Γℎ,𝑣
(𝑡 + 𝜏, 𝜁)Γℎ,𝑣
(𝑡, 𝜁) (1),
𝜌ℎ,𝑣
𝑑,𝑛𝑑
(𝑡, 𝜁) is a
where 𝜁 is the depth-pixel index, t is time, and τ is a time-lag between repeated scans. Further, Γℎ,𝑣

complex OCT A-line at time t and at indexed depth 𝜁. Subscripts h and v represent the two polarization
detection channels (horizontal and vertical) and superscripts d and nd represent the two incident polarizations
(delay and non-delay). Superscript ∗ denotes the complex conjugate.

Figure 4.4: Schematic diagram of the phase shift caused by the random shift of the spectral sampling
signal. N is sampling number and ζ is indexed depth position. The 0-th sampling point corresponds to
the zero depth of the non-delayed polarization channel, while N/4-th sampling point corresponds to that
of delayed polarization channel. The upper and lower red lines indicate a phase error caused by jitter of
+1 and -1 clock shifts, respectively. For the +1-clock shift, the delayed signal is phase shifted by +π/2
in respect to the non-delayed channel. For the -1-clock shift, the corresponding phase shift is −π/2.
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For each A-scan, we find five depth-points (𝜁1 , ⋯ , 𝜁5 ) with the highest time correlation using the
𝑑,𝑛𝑑
(𝑡 + 𝜏, 𝜁) and
method described in Section 3.1.1 of Ref. [42]. The temporal phase difference between Γℎ,𝑣
𝑑,𝑛𝑑
𝑑,𝑛𝑑
(𝑡, 𝜁) is then defined from the summation of 𝜌ℎ,𝑣
Γℎ,𝑣
over the five points and the horizontal and vertical

channels as
5

Δ𝜙 𝑑,𝑛𝑑 (𝑡; 𝜏) ≡ Arg [∑ ∑ 𝜌𝑗𝑑,𝑛𝑑 (𝑡, 𝜁𝑖 ; 𝜏)] (2)
𝑖=1 𝑗=ℎ,𝑣

Here, note that the spectral sampling jitter among A-lines is the −1, 0 or +1 sampling point. In addition, the
delay between non-delay and delay channels was configured to be quarter of the sampling points (N). Hence,
the phase difference between the delay and non-delay signals, ∆𝜑(𝑡; 𝜏) ≡ ∆𝜙 𝑑 (𝑡; 𝜏) − ∆𝜙 𝑛𝑑 (𝑡; 𝜏)∆ϕ(t; τ),
takes only three possible values as −𝜋/2 for the −1-sampling-point shift, 0 for the 0-sampling-point shift, and
𝜋/2 for +1-sampling-point shift. Hence, the amount of jitter m (in sampling points) is estimated as

𝑚(𝑡; 𝜏) ≡
{

−1

if Δ𝜑(𝑡; 𝜏) ≃ −

0

if Δ𝜑(𝑡; 𝜏) ≃ 0

+1

𝜋
2
(3).

𝜋
if Δ𝜑(𝑡; 𝜏) ≃ +
2

Finally, the jitter corrected complex OCT signals are defined as
2𝜋

𝑛𝑑
𝑛𝑑
(𝑡 + 𝜏, 𝜁) ≡ Γℎ,𝑣
(𝑡 + 𝜏, 𝜁)𝑒 −𝑖 𝑁 𝑚𝜁 (4)
Γ̂ℎ,𝑣

and
2𝜋

𝜋

𝑑
𝑑
(𝑡 + 𝜏, 𝜁) ≡ Γℎ,𝑣
(𝑡 + 𝜏, 𝜁)𝑒 −𝑖 𝑁 𝑚𝜁−𝑖 2 𝑚 (5),
Γ̂ℎ,𝑣

where the first terms in the exponential in Eqs. (4) and (5) are for phase slope correction, and the second term
in Eq. (5) is to correct a phase offset caused by the jitter. The OCT-A was finally computed by means of a
complex correlation based OCT-A method [42] from these jitter-corrected OCT signals.
Figure 4.5 demonstrates the performance of the jitter correction. Without jitter correction, vertical low
correlation (white) line artifacts are evident in the cross-sectional image [Fig. 4.5(a)] and several low
correlation (white) salt-and-pepper artifacts appeared in the en face image [Fig. 4.5(b)]. These artifacts were
removed by the jitter correction as shown in Figs. 4.5(c) and 4.5(d). The residual horizontal white artifacts in
Fig. 4.5(d) are due to sample motion.
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Figure 4.5: Examples of OCT-A images of nail bed skin without (left) and with (right) motion
correction. (a) and (b) are cross-sections, (c) and (d) are en face images.

4.4 Experiment
To assess the utility of the JM-OCT for dermatological investigation, five healthy volunteers (4 males and 1
female) were measured. All the subjects are East Asian, and their ages ranged from 30 to 40 years old. For
each subject, skin at three locations including finger pad, inner-forearm, and outer-forearm were measured.
Since the JM-OCT findings are consistent among the subjects, a representative case is discussed for each
location in Section 4.5.
The scan is a raster scan with 512 A-lines × 128 B-scans × 4 repeats of the B-scan. The imaging range is 6.0
× 6.0 mm in lateral and 1.8 mm in depth. For this configuration, the voxel size is 11.7 μm × 46.9 μm (lateral)
× 6.3 μm (depth, in tissue). The acquisition time for a volume is 6.7 s. All protocols were approved by the
Institutional Review Board of the University of Tsukuba. Written informed consent was obtained prior to
measurement.
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4.5 Results
4.5.1 Multi-contrast imaging of the outer forearm
Examples of multi-contrast imaging of the skin of the outer forearm are shown in Fig. 4.6. The cross-sectional
images and en face images of each contrast were extracted from volumetric OCT data. The straight sloped
lines above the surface of the skin that can be observed in the cross-sectional images [Figs 4.6(a)-(d)] are from
the glass slip. The space between the glass slip and the skin surface was filled with ultrasound gel for refractive
index matching. Small hyper-scattering spots in the gel [Fig. 4.6(a)] are the cross-sections of hairs.
Figure 4.6(a) is a cross-sectional scattering OCT. The epidermis appears as a relatively low scattering
region just beneath the skin surface. The higher scattering region beneath the epidermis is dermis. Figure 4.6(b)
is a complex-correlation OCT-A. The white (low time correlation) spots with tailed artifacts are blood vessels
in the dermis. Figure 4.6(c) is the cross-sectional DOPU image. The epidermis and superficial part of the
dermis (papillary dermis) appeared with high uniformity (red), while the uniformity decreases (yellow to green)
in the deeper dermis. Figure 4.6(d) shows the birefringence property of the skin. The epidermis regions have
low birefringence (blue), while the dermis regions have relatively high birefringence (green). It should be
noted that regions with very low OCT signal, such as air and deep tissue regions, show not very low but only
moderately low DOPU values. It is because the DOPU we used is not the original DOPU [40] but M-DOPU,
which is DOPU with signal-to-noise ratio correction [41].
The en face slices [Figs. 4.6(e)-(h)] were extracted at the dermal level; 0.58-mm (in tissue) below the
skin surface. The depth position of the slices is indicated by dashed lines in Figs. 4.6(a)-(d). Note that the
texture pattern that appears in the scattering OCT [Fig. 4.6(e)] is not correlated with that in the DOPU [Fig.
4.6(g)]. Future histological correlative study is necessary for understanding these structures. The en face OCTA [Fig. 4.6(f)] shows large plexus dermal vessels.

4.5.2 Multi-contrast imaging of finger pad
Figure 4.7 shows multi-contrast tomographies of the finger pad. In the backscattering OCT intensity image
[Fig. 4.7(a)], the stratum corneum appears as the topmost thick moderately scattering layer. The helical
structures in the stratum corneum are sweat glands. In Fig. 4.7(c), the sweat glands appear with high
polarization uniformity (red). The superficial part of the stratum corneum shows high polarization uniformity
(red), while the lower part exhibits low polarization uniformity (yellow to green). In Fig. 4.7(b), the superficial
stratum corneum exhibits low birefringence (blue to light blue). Since the superficial stratum corneum with
distinctive DOPU and birefringence appearance is significantly thicker than the optical resolution and DOPU
kernel, this superficial layer would not be an artifact. It would highlight inhomogeneity of stratum corneum as
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Figure 4.6: Multi-contrast images of outer-forearm skin. Cross-sections of (a) scattering OCT, (b)
OCT-A, (c) DOPU, and (d) birefringence. En face slices of (e) scattering OCT, (f) OCT-A, (g) DOPU,
and (h) birefringence. The depth position of the en face slices are indicated by dashed lines in (a)-(d).
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Figure 4.7: Multi-contrast images of ﬁnger pad. Cross-sectional (a) intensity, (b) birefringence
tomography, (c) DOPU tomography, and (d) OCT-A. (e)-(g) are en face slices at the depth indicated by
yellow arrowheads in the cross-sectional images. (h)-(j) are en face slices at the depth of blue
arrowheads. (e) and (h): scattering intensity, (f) and (i): birefringence, (g) and (j): DOPU. (k)-(m) are
slab projections of OCT-A. The depth positions of the slabs are indicated in (b) and (d).
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it can be seen in histology (i.e., Chapter 9 of [47]). The tissue beneath the stratum corneum is deeper part of
epidermis and then dermis, although these layers are not clearly distinguishable in a conventional OCT contrast
image [Fig. 4.7(a)]. This region has weak to moderate birefringence (light blue to green) [Fig. 4.7(b)] and low
polarization uniformity [Fig. 4.7(c)]. In the OCT-A cross section [Fig. 4.7(d)], some white spots appear in the
dermal region. Because the spots appeared with tailed artifacts, they are blood vessels. There is a diffuse white
appearance in the deep (reticular) dermal region. It would indicate flows in capillaries.
The high birefringence appearance at the glass surface [Fig. 4.7(b)] would be an artifact caused by the
birefringence computation method. In our method, the birefringence is computed by using two pixels separated
for 6 pixels in depth. On the other hand, the glass surface signal has a depth width of around 2.2 pixels, which
is defined by the depth resolution. Since the signal width is significantly narrower than the pixel separation for
the birefringence computation, the birefringence obtained at the glass surface cannot be accurate.
Bonesi et al. also investigated DOPU distribution of human fingertip (Fig. 6 of [36]. Since Bonesi et al.
uses conventional DOPU [40] and we have used DOPU with Makita’s noise correction [41], the absolute
DOPU values are different. However, the overall tendency of DOPU values are consistent. For example, the
superficial part of stratum corneum has very high DOPU and the middle layer of stratum corneum has low
DOPU. In both images, the lower epidermal and dermal regions show vertical stripe patterns of DOPU as the
ridge regions show higher DOPU than groove regions. Pircher et al. investigated the phase retardation and
optic axis orientation appearances of finger pad [48]. Although this study did not use DOPU, the overall
polarization-uniformity property of the finger pad is consistent with the present study. Namely, the phase
retardation and the axis orientation at the middle part of stratum corneum showed random pattern as in Figs. 2
and 4 of [48], while our result showed low DOPU at this region. Pircher et al. also performed quantitative
analysis of cumulative phase retardation at the stratum corneum. It was recently found that the cumulative
phase retardation is not consistent with local phase retardation (birefringence) if the axis orientation is not
constant (see Section 6.1 of [22]). Hence, it is hard to compare their phase retardation values and our
birefringence values. In order to link the findings obtained by phase-retardation-based and birefringence-based
PS-OCTs, it would be important to investigate the relationship among cumulative phase retardation,
birefringence, and histology.
The en face images in Figs. 4.7(e)-(g) are at the 0.20 mm below the surface (stratum corneum, indicated
by a pair of yellow arrowheads in the cross-sectional images) and Figs. 4.7(h)–(j) are 0.57 mm below the
surface (around the superficial dermis, blue arrow heads). In the scattering OCT at the stratum corneum [Fig.
4.7(e)], the fingerprint appears with relatively bright bands (ridges) and dark bands (grooves). The bright spots
aligned along the ridges are sweat ducts. In the DOPU image [Fig. 4.7(g)], the ridges appear with moderate
uniformity (yellow) and the grooves appear with low uniformity (green). The sweat ducts appear as highuniformity (red) spots in the ridges. In the scattering image of the deeper region [Fig. 4.7(h)], the bright bands
(ridges) in the superficial layer appears as dark bands and the bright bands (grooves) appear as dark. This
structure is known as the internal fingerprint [10]. The internal fingerprint is visible also in the DOPU image
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[Fig. 4.7(j)]. Unlike the superficial layer [Fig. 4.7(g)], the ridges appeared with high uniformity (red) and the
grooves appear with low uniformity (yellow to green).
Figures 4.7(k)-(m) show the slab-average projection of OCT-A at the depths of 31 to 314 µm (stratum
corneum, slab-1), 314 to 565 µm (deep epidermis to papillary dermis, slab-2), and 565 to 816 µm (deep dermis,
slab-3), respectively. The depth locations of the slabs are indicated in Figs. 4.7(b) and 4.7(d). In the slab-2 [Fig.
4.7(l)], the vasculature forms the fingerprint pattern. This vasculature would be papillary capillaries, which are
known to be aligned along the fingerprint ridges [49,50]. Because slab-1 includes the deep epidermis and
papillary dermis to some extent, some papillary capillaries are visible as shown in Fig. 4.7(k). The deepest slab
(slab-3) [Fig. 4.7(m)] shows not only the fingerprint pattern but also the dermal vessel network.

4.5.3 Multi-contrast imaging of inner forearm
The inner forearm was measured as an example of thin skin. Figure 4.8 shows multi-contrast cross-sections of
the forearm. In the scattering image [Fig. 4.8(a)], the stratum corneum is appeared as the topmost thin hyperscattering layer, which is significantly thinner than that of finger pad. The epidermis appears as relatively low
scattering layer beneath the stratum corneum. It appears with high polarization uniformity (red) as shown in
Fig. 4.8(c), while the dermis shows both low and high uniformity regions. The birefringence image [Fig. 4.8(d)]
visualizes low birefringence (blue) in the epidermis, and moderately high birefringence (green) in the dermis.
OCT-A [Fig. 4.8(b)] shows blood flow in the dermis. It should be noted that the very small high birefringence

Figure 4.8: Cross-sectional multi-contrast images of inner-forearm skin. (a) Scattering OCT, (b) OCT-A,
(c) DOPU, and (d) birefringence tomography.
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spots in Fig. 4.8(d) would be artifacts caused by birefringence measurement and/or estimation algorithm. One
possible cause is that the current birefringence estimator [25] does not take the speckle effect into account.
Although it was not evident as in Fig. 4.8(c), the same artifacts can also be seen in the birefringence images in
Figs. 4.6 and 4.7.
We split the JM-OCT volume into three slabs based on its birefringence appearance as shown in Fig.
4.9, and OCT-A average projections were created for each slab [Figs. 4.9(b)–(d)]. The slabs show the low
birefringence region (superficial slab), a mixture of low and high birefringence region (intermediate slab), and
high birefringence region (deepest slab). The depths of each slab were 31 to 75 µm (superficial), 75 to 282 µm
(intermediate), and 282 to 659 µm (deepest), respectively from the skin surface. The first superficial slab (low
birefringence) had a thickness of around 75 µm, which is close to the epidermal thickness of the inner-forearm
[51]. In the en face OCT-A of the first slab [Figs. 4.9(b)], vertical capillaries appear as white spots. The
intermediate slab mainly consists of papillary dermis and its OCT-A shows fine vascular plexus [Figs. 4.9(c)].
The deepest slab also shows vascular plexus [Figs. 4.9(d)], but the vessels are thicker, and the plexus is more
macroscopic.

Figure 4.9: (b)-(d) Slab projections of OCT-A of the inner-forearm skin tissue. The depth positions of the
slabs are indicated in a cross-sectional birefringence tomography (a).

4.6 Discussion and conclusion
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Almost all previous PS-OCT studies used phase retardation imaging to investigate collagen-related skin
alteration and optical properties, such as age-related alteration and photo-aging [19], and some mechanical
skin properties [52]. Because birefringence imaging enables a more accurate and quantitative evaluation of
tissue property than the phase retardation images [22], it will enable further investigation of skin properties,
alteration, and pathologies.
There are still some limitations in the current JM-OCT. First, the imaging range is not always large
enough. The depth measurement range of the current system is 2.5 mm in air (1.8 mm in tissue). This is
sufficient for most tissue types, but it is not enough for tissue with a markedly uneven surface. In the current
measurement protocol, we use a glass slip primarily to avoid skin surface reflection, but it also flattened the
skin. Although this moderates the above limitation, it could potentially occlude the blood circulation, and
hence, disturbs the OCT-A measurement. Hence, a JM-OCT with longer depth range is preferable. The
measurement range is primarily limited by the k-clock frequency, and also by the coherence length of the
wavelength sweeping light source. The former limitation can be resolved by using a high-frequency k-clock
generator [28], and the latter can be resolved by using light sources with a more longer coherence length, such
as akinetic light source [53] or VCSEL light source [54].
Another limitation is the relatively low lateral resolution in the out-of-focus region. This limitation will
become more severe if we extend the depth measurement range as discussed above. Some possible solutions
are numerical refocusing [55–58] or an extended focus technique [59–61].
The interpretation of birefringence values at low DOPU regions is an open issue. In this particular study,
the birefringence is estimated by using a spatial kernel. So, the polarization property of the tissue is not uniform
within the kernel and the estimated birefringence cannot be accurate. In other words, the estimated
birefringence is not reliable if DOPU is low. This imitation should be considered for the interpretation of JMOCT images.

4.7 Summary
In this chapter, a multifunctional JM-OCT was developed and utilized for dermatological imaging. In the
detailed discussion, we investigated and demonstrated to image different dermatological tissues in vivo, such
as outer-forearm, finger pad, inner-forearm with using the established JM-OCT, in which four contrasts,
including depth-resolved birefringence, DOPU, and OCT-A, were simultaneously computed from the Jones
matrix tomography. Unlike most of common PS-OCT, using phase retardation imaging to investigate collagenrelated skin alteration and optical properties, birefringence imaging in the multifunctional JM-OCT system
enables a more accurate and quantitative evaluation of tissue property, which allows one to further
investigation of skin properties, alteration, and pathologies. As shown in this research, particularly, making
use of scattering, polarization, and flow contrasts, internal skin structures that were not visible by standard
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OCT could be successfully visualized. Despite further investigation is still necessary to tackle a few limitations
(e.g. relatively low lateral resolution in the out-of-focus region, not large enough imaging range, etc.), the
developed multifunctional JM-OCT in this study has exhibited its remarkable merits of non-invasiveness and
three-dimensional measurement capability. This study provides a first step toward developing dermatological
imaging based on the multifunctional JM-OCT as well as the feasibility for future clinic utility.
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5.1 Introduction
The custom made dermatological multifunctional JM-OCT has been introduced in Chapter 3. And its ability
for skin imaging and investigation has been demonstrated as well. However, as mentioned in the discussion
part of the previous chapter, the narrow imaging depth range still limits the availability of JM-OCT. Therefore,
it is necessary to enlarge the imaging depth range of JM-OCT to be suitable for skin imaging or other biological
tissues. In this chapter, the details of the system improvement are presented. After the system upgrade, the
performance parameters and image quality were tested to confirm the status and ability of the advanced JMOCT.

5.2 Method
It is known that the imaging depth range of SS-OCT is limited by several factors, such as depth of focus [1],
coherence length (or instantaneous linewidth) of the swept source[2–4], and sampling numbers[5]. There are
few approaches corresponding to these limiting factors to overcome the insufficient depth range of SS-OCT.
Among these approaches, the long-coherence and befitting sampling per wavelength sweep are two optional
means. Furthermore, for JM-OCT, the imaging depth range is also related to the difference of optical path
length between the two multiplexed polarized beams. Thus, the delay between the two polarization states is
also one controllable factor for deeper imaging.

5.2.1 Long-coherence swept source
There are several papers have demonstrated that the long-coherence swept source enables extended axial
imaging range for SS-CT. Therefore, to improve the imaging depth range for the multifunctional JM-OCT, an
OEM type 1310-nm swept source (Fig. 5.1 [6]) with a longer coherence (AXP50124-8; Axsun Technologies,
MA) was employed to substitute the conventional narrow coherence length swept source. This light source is
also a micro-electromechanical system based swept laser, which is suitable for a compact OCT system. The
main performance parameters of the new 1310-nm swept source are listed in Table 5.1. Compare with the
original light source (AXA 10823-8; Axsun Technologies, MA), the new one possesses not only relatively
longer coherence length (39 mm) but also higher output power (39 mw). The coherence length and output
power of the original 1310-nm swept source is around 13 mm and 22.6 mW, respectively. However, the sweep
rate and wavelength tuning range of them are almost the same.
Although the center wavelength and the wavelength tuning range of both light sources are almost the
same, the directions of the wavelength sweep of them are opposite. The old light source sweeps the
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Figure 5.1: Axsun swept laser OEM engine [6].
wavelengths from short ones to long ones; however, the new swept laser sweeps the wavelengths from long
ones to short ones. And we used a fiber Bragg grating (FBG) to generate an external A-line acquisition trigger,
which is almost at the same timing with the internal A-trigger of the light source. Therefore, the fiber Bragg
grating (FBG) was also changed to generate the A-line acquisition trigger at the correct spectral sweeping
point, where the timing of internal A-trigger of the new light source appears.
Table 5.1. Performance parameters of new swept source.

5.2.2 Achieve sufficient sampling points
To ensure the sufficient depth range, the sampling points have to be increased and match the axial resolution
and expected imaging depth range. Hence, to achieve enough sampling points, a frequency multiplier (MK-3,
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0.1 – 300 MHz output; Mini-Circuits, NY, Fig. 5.2) was applied to double the k-clock frequency. The effective
input and output frequency ranges of the frequency multiplier are from 0.05 – 150 MHz and 0.1 – 300 MHz,
and its multiplication factor is 2. To clean up the input k-clock frequency to the frequency multiplier, a lowpass filter (DC-158 MHz; Mini-Circuits, NY) and a high-pass filter (140 – 2000 MHz, Mini-Circuits, NY). As
mentioned before, in the JM-OCT system, the imaging depth range is also associated with the delay

Figure 5.2: Photograph of the frequency multiplier.

between the two multiplexed polarized beams in the sample. Consequently, the delay between the two
polarized probe beams was extended by adjusting the passive polarization delay in PPDU (DE-G036-13,
Optohub Co., Ltd., Saitama, Japan). Then, the total measuring depth range achieved to 7.8 mm in air (5.6 mm
in tissue, the refractive index of tissue is 1.38), which contains 804 sampling points per A-line. However, the
two OCT images obtained from two incident polarized beams are multiplexed at different depths in tissue.
Thereby, the imaging depth range of each OCT image from the four polarization channels is 3.9 mm in air (2.8
mm in tissue). It is 1 mm larger than the previous multifunctional JM-OCT imaging depth range.

5.3 Performance test
After optimizing the system, the performance parameter was measured.

5.3.1 Loss of each part of sample arm
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•

Coupler between light source and PPDU: -0.08dB

•

PPDU: -1.69dB

•

PPDU to Probe (consists of circulator and probe): -1.5dB

•

Probe to Detector (includes mirror calibration): -2.3dB

5.3.2 Probe and reference power
The probing beam power was increased to be around 17 mW after changing the light source and optimizing
the system. The trend of system sensitivity changes along with the reference power was measured to confirm
the appropriate reference power. The result is shown as Fig. 5.3. It suggested that the relatively high sensitivity
is obtained when the reference power is around 3.0 mW. Therefore, the reference was set at 3.0 mW.

Figure 5.3: Sensitivity changing trend with reference power.

5.3.3 Sensitivity and resolution
After optimized the reference power and DAQ range (100 mV), the sensitivity and axial resolutions were
measured. The intensity and background of the OCT signals of each channel, which corresponds to the four
entries of the Jones matrix, are shown in Fig. 5.4. With the measured data of signal intensity and background,
the sensitivity of the four polarization channels were calculated to be 105, 105, 104, and 104 dB (Table 4.3.3).
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Figure 5.4: Intensity of OCT signals and background measured at 3.0-mW reference power.

Table 5.2 Sensitivity of each channel

Depth (z)

Non-delay (220 pixel)

Delay (617 pixel)

Ch. 1

105 dB

104 dB

Ch. 2

103 dB

105 dB

Channel No.

5.3.4 Resolution
The axial resolution (full width at half-maximum) was measured to be 19.4 μm in air (14.1 μm in tissue), and
the lateral resolution (1/𝑒 2 beam diameter at the beam waist) was 19 μm. The depth pixel separation was
measured to be around 9.8 μm in air (7.1 μm in tissue).

5.4 Imaging quality test
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The in vivo human skins at different locations were measured to test the imaging quality of the improved
multifunctional JM-OCT. The in vivo finger pad and inner-forearm skin tissues were measured for easy
comparison with the original version JM-OCT. By evaluating the accuracy of the birefringence images
generated with different calculating depth separations, the calculating depth separation of the birefringence
image process was modified 8 pixels. In the previous birefringence image postprocess, the calculating depth
separation is 6 pixels. After modifying the calculating depth separation, the artifacts were reduced. Two sets
multi-contrast images are displayed as examples.

5.4.1 Multi-contrast imaging of the finger pad skin
Figure 5.5 shows the in vivo multi-contrast imaging of finger pad skin. Fig. 5.5 (a) is a cross-sectional scattering
OCT of the tissue. From this image, the epidermal and dermal layers can be discriminated, and the sweat ducts
in the epidermis also can be observed clearly. Fig. 5.5 (b) is a B-frame of OCT-A image, which contrasts the
blood flow in the tissue. In the Figs. 5.5 (c) and (d), the different degree of the polarization uniformity and
birefringence are observed in epidermal and dermal tissues of the finger pad skin. The en face images in Figs.
5.5 (e) – (h) corresponding to Figs. (a) – (d) are at the-0.53 mm depth below the surface, where locates the
superficial dermis tissue. In Figs. (e), (g) and (h) the fingerprint still appears with relatively bright bands and
dark bands. And partial vasculature in the superficial dermis are visualized.

5.4.2 Multi-contrast imaging of the inner-forearm skin
Another test result example is the multi-contrast imaging for inner-forearm skin tissue, which is shown as Fig.
5.6). Same with the finger pad skin measurement, the cross-sectional scattering intensity OCT [Fig. 5.6(a)],
OCT-A [Fig. 5.6(b)], DOPU tomography [Fig. 5.6(c)], birefringence tomography [Fig. 5.6(d)], and their
corresponding en face images at 0.53-mm depth location under the surface [Figs. 5.6 (e) – (h)] are obtained.
In these multi-contrast images, the micro-structures and blood flow (blood vessels) can be observed. The
optical properties, especially, the polarization property of the epidermal and dermal tissues of inner-forearm
skin can be investigated. Compare with the birefringence image of the inner-forearm skin acquired by the JMOCT before improvement (Chapter 4), the improved multifunctional JM-OCT achieved relatively deeper
tissue imaging. And the birefringence image shows fewer artifacts than the previous results, especially for the
low SNR microstructures.
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Figure 5.5: Multi-contrast images of finger pad skin. Cross-sectional (a) intensity, (b) OCT-A, (c) DOPU,
and (d) birefringence images. (e) – (h) are the corresponding en face images at 0.53-mm depth below the
surface.
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Figure 5.6: Multi-contrast images of inner-forearm skin. Cross-sectional (a) intensity, (b) OCT-A, (c)
DOPU, and (d) birefringence images. (e) – (h) are the corresponding en face images at 0.53-mm depth
below the surface.
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5.5 Discussion and conclusion
After changing the light source and redesigning the sampling points, the imaging depth range of the
dermatological multi-functional JM-OCT was improved to be around 2.8 mm in tissue. Because of the limited
delay between the two multiplexed polarizations generated by the PPDU, the current imaging depth range is
not enhanced to the designed ideal value. The used sampling points per A-line is 804 pixels, in fact, the full
setting sampling points per A-line during the measurement is 1024. Hence, if the delay between the two
incident polarized beams in PPDU is enough, the imaging depth range would be up to around 3.6 mm in tissue.
Although the insufficient delay of PPDU limits the actual imaging depth range, the current imaging depth
range is still 1-mm deeper than the previous result. The performance parameter measurement and imaging
quality test results demonstrated that the working status and performance of the improved JM-OCT system is
not degraded. The birefringence images show fewer artifacts by modifying the birefringence calculating depth
separation.

5.6 Summary
Although multi-functional JM-OCT system has been successfully developed and demonstrated to in-vivo
imaging in chapter 3, the shallow imaging depth range still limits the availability of JM-OCT. In this chapter,
the system is further upgraded and the details of the improvement in the imaging depth are presented. Through
utilizing long-coherence swept source and increased sampling points, the 1-mm deeper imaging was achieved
in success. Particularly, there is no clearly observable degradation is found and the birefringence images in the
test show fewer artifacts-especially for the low SNR microstructure by modifying the birefringence calculating
depth separation. With the refitting JM-OCT system, the depth imaging in skin has been remarked
improvement. Additionally, the enhancement may provide more degree of freedom to integrate new
functionalities into in the current system for further dermatological imaging.
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6.1 Introduction
Jones-matrix optical coherence tomography (JM-OCT) is capable of measuring tissue birefringence[1], while
optical coherence elastography (OCE) reveals the mechanical properties[2] of the tissue. Since both
birefringence and mechanical properties are associated with tissue microstructures such as collagen, it is worth
investigating the relationship between birefringence and biomechanical properties of a tissue.
There already have been several studies on the utilities of tissue birefringence measurement, mechanical
property measurement[3], and their combination[4]. However, these studies are not based on spatial-resolved
methods. On the other hand, PS-OCT and OCE provide spatially resolved birefringence and mechanical
property, respectively. However, simultaneous birefringence and mechanical property imaging is not yet
demonstrated.
In this chapter, we propose a new method for simultaneous imaging of birefringence and biomechanical
properties of tissue. This method is a Jones-matrix based PS-OCT equipped with a tissue compression probe.
It simultaneously provides birefringence tomography, scattering intensity, depth-resolved in-plane axial and
lateral displacements, and microstructural decorrelation maps of a biological tissue. The combination of the
birefringence and biomechanical images provides more comprehensive and detailed understanding of tissue
microstructure than sole PS-OCT or OCE investigation.

6.2 Optical coherence elastography
6.2.1 Overview
Medical researchers have demonstrated that the pathological alteration of biological tissue is always
accompanied by the mechanical property (stiffness or elasticity) change of the tissue. Therefore, the
quantitative measurement of the elasticity information of the tissue provides a useful approach for clinical
diagnosis [5–8]. Currently, mainly applied elastography technologies in clinical medicine are ultrasound
elastography (USE) and magnetic resonance elastography (MRE). However, there are still several issues that
exist in these methods, such as long measuring time, low resolution and high cost.
OCT is a noninvasive, fast and high-resolution biomedical imaging modality, which enables imaging
for microstructures of tissue with a submillimeter scale and few millimeters depth-penetration. With these
characteristics of OCT, the combination of OCT and elastography technology provides a new alternative
approach for mechanical property imaging of biomedical tissue. The OCT based elastography technology
denominated as optical coherence elastography (OCE) was first invented by Schmitt in 1998 [9]. Schmitt
installed a compressive mechanism into the sample arm of OCT, and the active compressive load was applied
on the anisotropic gelatin phantom and biological samples to drive the deformation in the samples during the
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OCT measurement. Then, by utilizing a two-dimensional correlative speckle tracking estimation method, the
local displacement image can be obtained. Furthermore, with this local displacement image, the strain
distribution can be estimated as well. This study demonstrated a new potential of the extended function to OCT,
which provides not only optical scattering property but also biomechanical property of the tissues. Compare
with the optical property images, the elastic image is an intrinsically different contract. Therefore, it could
supplement the important information of biological tissue to optical imaging in medical investigation. Since
then, with the advances of OCT and its related technology, the OCE has been rapidly developed to support
biomedical can clinical investigation [10–14] in past decades. Especially after the FD-OCT was developed,
the quantitative OCE measurement was achieved and the performance of the OCE system was improved as
well [11,15].

6.2.2 Principle and category
So far, there already have been many means to implement the OCE measurement [10,16,17]. All of these
OCEs mainly consists of two parts: an OCT system used for tissue imaging and a mechanical load used for
driving tissue deformation. There are many papers have described the principle of OCE in details, here I will
summarize it briefly. In simple terms, the tissue is first deformed under an active mechanical load when it is
measured by an OCT system. And the micro displacements in the tissue is then calculated with the OCT images.
By utilizing an appropriate and simplified model or a mechanical model of the continuous medium, the
mechanical property of the tissue finally can be estimated and visualized in an elastic mapping.
Similar to ultrasound elastography, there are two major categories in OCE technology, one is Static (or
quasi-static) OCE and the other is dynamic OCE [10]. In addition, on the basis of the spatial excitation
characteristics of the tissue, OCE technology also can be classified into two types: internal and external
excitations. And both of static and dynamic OCEs can be employed for either internal or external tissue
excitations [16,18].
To implement the OCE measurement, there are several different methods of the mechanical loading on
tissue and the estimation of the resulting displacement in tissue. Based on different mechanical loading
methods there are various OCE modalities, such as compression OCE [15,19], surface acoustic wave OCE
(SAW OCE) [20], Shear wave OCE (SW OCE) [21], acoustic radiation force OCE (ARF OCE) [22],
magnetomotive OCE (MM OCE) [23]. For displacement estimation, the commonly used methods are speckle
tracking [24], phase-sensitive detection [11] and Doppler spectrum detection [25]. Among the abovementioned approaches of OCE with different mechanical loadings, the compression OCE is a relatively mature
technique. And it is promising as an optical biopsy method because of its non-invasive, rapid and relatively
high-resolution imaging properties. Furthermore, the compression OCE can be combined anyone of the three
displacement estimating methods. Therefore, the Jones matrix based optical coherence elastography developed
by us, which will be introduced in section 6.3, also uses the compression loading method.
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6.2.3 Compression optical coherence elastography
Compression-based OCE belongs to the quasi-static, external excitation OCE technology. It uses a uniaxial,
active compressive loading on the whole measuring region of the sample (Fig. 5.2.3), and the step-change of
the loading force is synchronized to the OCT acquisition [15,16,19,26]. Then the axially localized
displacement is calculated by the OCT images obtained under different loading (usually are with and without
loading). As shown in Fig. 6.1, with the change of axial displacement ∆𝑢𝑧 over a local small depth range ∆𝑧,
the corresponding local strain 𝜀𝑧 can be estimated as [16]

𝜀𝑧 =

∆𝑢𝑧
(1).
∆𝑧

Finally, the elastography, which characterizes the mechanical property of tissue, is formed by the distribution
of the estimated local displacement.

Figure 6.1: Schematic of the uniaxial compression OCE.

In the early stage of compression OCE development, tissue mechanical properties were qualitatively
observed by local displacement and strain measurements [24,27]. However, to quantitatively analyze the
mechanical properties of tissues, i.e., to measure the elastic modulus, the stress on a tissue should be measured
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in addition to the strain. Therefore, a compliant layer has recently been employed to estimate the local stress
on a tissue, and en face mapping of the tangential modulus was demonstrated [15,28].
Despite its success, compression OCE relies on several assumptions. Among them, the major
assumptions are constant axial stress, isotropic tissue mechanical properties, and the absence of lateral tissue
displacement [2,15,16,28,29]. However, these assumptions are not always valid.
The artifacts (or errors) caused by violation of the first two assumptions can be eliminated using the
approach of iteratively solving the inverse elasticity problem [30]. This method is successful in resolving the
inaccuracy problem of uniform axial stress and assumptions of isotropic mechanical properties. This method
could be more robust if the lateral displacement information was available. However, compression OCE with
a lateral-displacement-measurement capability has not yet been demonstrated. To overcome these limitations
of compression OCE, it is necessary to perform a lateral displacement measurement.
In the next section, we first propose a new method of axial and in-plane lateral displacement
measurements based on a multifunctional JM-OCT system. This method uses OCT images of a tissue obtained
from JM-OCT under two different compressive conditions. Using complex correlation maps computed from
these two OCT images, depth-resolved axial and lateral displacement maps of the tissue are obtained. In
addition, a depth-resolved microstructural decorrelation (MSD) map is obtained. When a tissue is compressed,
microscopic deformation of the tissue ultrastructure, which is smaller than the OCT resolution, occurs in
addition to the relatively macroscopic displacement of in and out of the cross-sectional plane in OCT. The
MSD map qualitatively visualizes the combined effect of the microstructural deformation and out-of-plane
displacement, whereas the current compression OCE only measures tissue displacement and strain. Finally, by
utilizing the multiple contrasts including OCT, birefringence tomograms and displacements, MSD maps, the
optical and mechanical properties are analyzed.

6.3 JM-OCT based optical coherence elastography
6.3.1 System
To achieve simultaneous imaging for tissue optical and mechanical properties estimation, the optical coherence
elastography (OCE) was developed based on an advanced 1.3-μm swept source Jones matrix OCT (SS-JMOCT), which was introduced in Chapter 4. The configuration of the system is detailed in Section 2.1 of Ref.
[31]. To sum up, the system consists of two parts: a JM-OCT system and a tissue deformation driving
equipment for elastic imaging. As shown in Fig. 6.2, the swept laser is from a long coherence light source (40
mm coherence length, AXP50124-8; Axsun Technologies, MA) with a 1310-nm center wavelength, an around
40-mW averaging output power, and a scanning range of 50 kHz. It is divided by a 90/10 broadband coupler
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(FC1310-70-10-APC, Thorlabs Inc., NJ), and then 90% of the light source power is sent to the sample arm,
the other 10% is sent to the reference arm.

Figure 6.2: Configuration of the Jones matrix based OCE system. PC1, PC2 and PC3: polarization
controllers; HPF: high pass filter, and LPF: low pass filter.

In the sample arm, the beam is first optimized by a polarization controller (PC1) and goes into a
commercial passive polarization delay unit (PPDU, DE-G043-13, Optohub Co. Ltd., Saitama, Japan), which
is applied for multiplexing the two orthogonal independent incident polarization states into two different depths
in the OCT image by a mutual delay between the two beams [1]. The output beam from the PPDU goes through
a broadband circulator (CIR-1310-50-APC, Thorlabs) and an OCT probe equipped with an active compressive
unit to scan the sample. The compressive unit consists of a ring piezoelectric transducer (PZT; HPSt 150/2015/12 VS35 SG; Piezomechanik GmbH, Germany), a glass coverslip (0.4 mm in thickness) and a PZT
controller (M-26110S-1, 250 Hz, 12-μm maximum stroke, MESS-TEK Co., Ltd., Saitama, Japan). This
configuration is similar to that in Ref. [2]. The glass coverslip, which is used to compress the measured tissue,
was attached to the front end of the PZT. And the PZT was installed in front of the objective (effective focal
length = 54 mm, working distance = 42.3 mm, LSM04; Thorlabs). The PZT is controlled by the PZT controller
with the actuating signal sent from the computer. Therefore, the tissue deformation can be driven
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synchronously with the OCT measurement. The OCT probing beam passes through the ring PZT and glass
window to scan the sample. The back scattered lights from the tissue layers are optimized with a polarization
controller (PC2) and sent to the commercial polarization diversity detection unit (PDDU, DE-G036-13,
Optohub). The lateral resolution (1/𝑒 2-width) and axial resolution (full width at half-maximum) were 19 and
14 μm in the tissue, respectively. The imaging range was 2.0 × 2.8 mm (width × depth).
In the reference arm, the optimized reference beam is first sent to a fiber Bragg grating (FBG, FBGSMF-1354-80-0.2-A-(2)60F/E, ≥80% reflectivity at 1354 nm; Tatsuta Electric Wire & Cable Co., Ltd, Osaka,
Japan), which is employed to generate the A-line acquisition trigger, and after passing a variable delay line
(Advanced Fiber Resource Ltd., Hong Kong, China) it goes into the PDDU. The beams from the reference and
sample arms are interfered with each other in PDDU, and the interference signal is then detected by the PDdetectors of PDDU.
As mentioned in the previous chapter (Chapter 4), a frequency multiplier (MK-3, 0.1–300 MHz output;
Mini-Circuits) connected with a high pass filter and a low pass filter was applied to double the k-clock
frequency. In addition, the passive polarization delay of the probe beam was enlarged as well for a larger
imaging depth range, which is around 2.8-mm depth range in tissue. The sensitivity was measured to be around
104 dB for each polarization channel.

6.3.2 Measurement protocol
For the measurement, 512 B-scans covering 2.0 mm were sequentially acquired at the same location. One Bscan contained 512 A-lines. During the consecutive B-scan acquisition, the PZT continuously compressed the
tissue by 12 μm. Therefore, two adjacent B-scans were obtained with a 0.023 μm compression difference.
Displacement and MSD images were computed using the two OCT images with an n-B-scan interval
corresponding to the 0.023n µm compression difference. In this research, the interval of two selected B-scans
is 40. Thus, the compression difference of the two B-scans is about 0.9 µm.

6.3.3 Imaging process
6.3.3.1 Scattering OCT imaging
Because the OCT system used in this study employed JM-OCT, it had two incident and two detected
polarizations, which can generate four OCT images. The OCT intensity images shows in this chapter are
polarization-insensitive OCTs, each of which is obtained by averaging the four polarization-diversity OCT
intensity signals.
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6.3.3.2 OCE imaging
OCE was computed by the digital shifting complex correlation method [32]. First, the noise-corrected complex
correlation (NCC) map [33] between two B-scans was computed. The NCC is a correlation in which the
reduction of the correlation induced by noise is canceled based on a theoretical model of the OCT signal
correlation and measured noise power. Then, an additional four correlation maps were computed between the
target B-scan and four differently directionally shifted reference B-scans. The five correlation values at each
point in the B-scan are explained by five simultaneous equations that are parametrized by five unknowns: inplane lateral and axial displacements, lateral and axial resolutions, and an out-of-plane displacement. Here, all
unknowns vary in the B-scan. Therefore, the simultaneous equation system is defined at each point in the Bscan. Finally, by solving the simultaneous equations, in-plane axial and lateral displacement, axial and lateral
OCT resolution, and out-of-plane displacement maps were computed. Intuitively, this algorithm can be
understood as splitting decorrelation into in-plane lateral and axial displacements, and an unexplained
decorrelation. Because the correlation used in this method is the above mentioned NCC, the variations in the
OCT signal intensity or signal-to-noise ratio (SNR) does not affect the result. However, if the SNR is too weak
to provide the available information of the tissue structure, it would be hard to calculate the displacements and
deformation maps of this part of the tissue.
This method was originally developed for in situ monitoring of tissue dynamics during retinal laser
coagulation [32]. In the original method, residual decorrelation was interpreted as out-of-plane displacement.
However, this component also reflects microscopic tissue alterations and deformation [32,34]. Thus, in this
study, it is denoted as MSD.
Since four OCT images can be acquired by JM-OCT, four maps were obtained for each axial and inplane lateral displacement. The final maps were obtained by weighted averaging of four maps corresponding
to the polarization channel where the weight was the OCT intensity of each channel. Because the number of
sequentially acquired B-scans is 512 and the interval of the B-scan pair for OCE computation is 40, 472 inplane lateral and axial displacement image sets are obtained. A part of these images is averaged to reduce noise
and artifacts.

6.3.3.3 Birefringence imaging
The birefringence image processing method is almost identical to that described in Chapter 4. However, the
depth separation is modified to be 8 pixels as mentioned in Chapter 4, and the spatial kernel is set as 2 × 2pixel, which is used in the maximum a posteriori (MAP) estimator to estimate the birefringence value for each
pixel [31]. The same as the previous tissue birefringence visualizing method, the pseudo-color image is also
applied in this part study for easy observation.
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6.4 Experiment
To assess the performance of the JM-OCT based OCE, several different tissues including porcine carotid artery
and esophagus tissues were measured. In the experiment, a moderate amount of silicon oil (AK 35, Wacker
Silicones, Munich, Germany) was applied evenly on the surface of the sample to avoid the influence of the
friction at the sample and glass coverslip interface.

6.5 Results
6.5.1 Porcine carotid artery tissue
We first applied this method to measure a dissected porcine carotid artery tissue close to heart prepared. Figure
6.3(a) shows the photo of the sample. As shown in the photo, the carotid artery was opened along with
longitudinal direction and the inside was placed upwards under the probe. The short yellow line is the position
of the B-scan. In order to drive large lateral displacement, a wire used as a phantom of a hard tissue was fixed

Figure 6.3: Photo (a), intensity OCT (b), local birefringence tomography (c), in-plane lateral
displacement map (d), axial displacement map (e), and MSD map (f) of a piece of dissected porcine
carotid artery on a metal wire. Red arrows in (b – f) indicate the metal wire surface. The yellow round
dotted lines in (b – f) indicate the position of the metal wire.
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beneath the center of the sample. The yellow circular dotted line in Figs. 6.3(b) – (f) indicate the position of
the wire in the images. The red arrows indicate the surface of the metal wire.
In an OCT B-scan (Fig. 6.3(b)), there is almost no clearly visible tissue structure, but some low contrast
lamellar structures are visible. A strong scattering at the bottom of the tissue is the surface of the metal wire
(red arrow). In the corresponding birefringence image (Fig. 6.3(c)), most part of the tissue represents low
birefringence, but lower part of the tissue exhibits a layer with moderate birefringence (green part, yellow
arrow heads).
In the OCE maps (Figs. 6.3(d) – (f)) reveal the tissue comes about a significant microstructural alteration
under the compression. As shown in lateral displacement maps (Fig. 6.3(d)), relatively larger lateral
displacement come about in two outer parts of the tissue, where the outer left part moves to the left (yellow)
and the outer right part moves to the right (blue). While, the middle and bottom parts around the metal wire of
the tissue shows a complicated and inhomogeneous pattern, such as the left bottom part moves to the right and
the right bottom part moves to the left. To interpret this complicated alteration of the tissue, more detailed
numerical analysis of tissue mechanics is necessary. On the other hand, the upper middle part of the tissue
shows much less displacement than both end parts of the tissue, but the pattern of this part is similar to the
lamellar structures of the tunica media.
In the corresponding axial displacement image (Fig. 6.3(e)), the major part of the tissue moves
downward (blue), except the mid-bottom part of the tissue that contacts with the metal wire surface. This part
has almost no axial displacement (black).
The MSD image (Fig. 6.3(f)) shows that the lower part of the tissue has a larger decorrelation in general,
i.e., its microstructural deformation is larger than the upper tissue. It can be interpreted as that the tunica externa
has larger microstructural deformation than the elastic lamina tissue, i.e., the tunica externa is softer than the
tunica media. An exception can be found just above the metal wire surface (red ellipse), where the deformation
is low (black) and it indicates the tissue is stiff. This region shows a hyper-scattering lamellar structure in the
OCT (Fig. 6.3(b)) and moderately high birefringence (green, Fig. 6.3(c)).

6.5.2 Porcine esophagus tissue
The second measurement is of a dissected porcine esophagus tissue. As shown in the photo (Fig. 6.4(a)), the
esophagus tissue was opened along the longitudinal direction, and the inside was set towards to the OCT’s
probe. The short yellow line at the center of the tissue indicates the position of OCT B-scans. And the B-scan
is along the circumferential direction. The total thickness of the tissue with compressive preload before
measurement is around 2 mm. However, the deep region, such as the tissue located under 0.8 mm from the
surface, is not observed because of the limited penetration of OCT.
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In the birefringence tomography of the tissue (Fig. 6.4(c)), the superficial part of the tissue shows low
birefringence (blue) as indicated by a red arrow. And the layer beneath this low birefringent layer shows
intermediate birefringence (green) as indicated by a yellow arrow. However, in the corresponding OCT (Fig.
6.4(b)), these two layers are difficult to be distinguished because of their similar scattering intensity. We only
can observe low intensity at the interface between these two layers, but not clearly. The MSD map (Fig. 6.4(f))
does not show clear contrast between these two layers. It indicates the stiffness of these two layers are similar.
A low scattering structure with a lamellar appearance can be seen in the scattering OCT (Fig. 6.4(b),
pink arrow). The MSD map (Fig. 6.4(f)) shows relatively high deformation (light gray) at this region, it
indicates this part of the tissue is softer than others.
The in-plane axial displacement map (Fig. 6.4(e)) shows overall downward displacement. On the other
hand, the in-plane lateral displacement map (Fig. 6.4(d)) shows that the left part tissue moves to left (yellow),
and the right part tissue moves to right (blue). Namely, the tissue is laterally expanded. It is noteworthy that
this lateral expansion occurred without localized hard material, such as the metal wire used in the previous
case. In general, when the tissue is compressed axially, it should expand laterally in order to preserve its volume.
So, the lateral displacement found in Fig. 6.4(d) is rational.

Figure 6.4: Photo (a), intensity OCT (b), local birefringence tomography (c), in-plane lateral
displacement map (d), axial displacement map (e), and MSD map (f) of a piece of dissected porcine
esophagus. Different color arrows in (b), (c) and (f) indicate the different layers in tissue. The short
yellow line in (a) indicates the position of B-scan.
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In this measurement, although there was no wire, the lateral displacement was still observed because,
when a material is compressed (or stretched), it tends to expand (or contract) in directions perpendicular to the
direction of the external force. This phenomenon is called the Poisson effect. Moreover, Poisson’s ratio
represents the compressibility of a material. Biological material can be considered as an incompressible, i.e.
volume-preserving, material. Therefore, its maximal Poisson’s ratio would be close to 0.5 [35]. In this case, to
preserve its volume, the tissue expands laterally to accommodate the axial displacement.
From the results of the above two cases, we conclude as follows. The scattering OCT, birefringence,
and biomechanical images revealed different tissue structures. Namely, some tissue structures can be found
only in some types of images. It suggests that sole use of OCT, birefringence or biomechanical imaging is not
sufficient to visualize all of the tissue structures. The displacement imaging revealed that significant amount
of lateral displacement is induced by axial compression. It implies that not only axial but also lateral
displacement measurement is important for compression based OCE.

6.6 Discussion and conclusion
According to the image appearances, the MSD map is more similar to in-plane axial displacement than inplane lateral displacement. However, it does not suggest a real connection between axial displacement and
MSD. The MSD map can visualize only the absolute value of displacement. Therefore, it has no directionality
information, whereas the in-plane lateral displacement map visualizes bidirectional displacement. However,
the axial displacement induced by the compression is monodirectional in practice, although the method itself
can measure bidirectional axial displacement. These directionality properties of the map would be the reason
for the resemblance.
The spatial resolutions of the displacement and deformation measurements were defined by three
independent factors including OCT imaging resolution, the kernel size of the correlation computation, and
digital shifts of the reference B-scan. The OCT imaging resolution was defined by both the optical resolution
and pixel separation. In this case, the optical resolutions were 19 µm (lateral) and 14 µm (axial in tissue), while
the pixel separations were 3.9 µm and 7.0 µm, respectively. Thus, the lateral and axial OCT image resolutions
were dominated by the optical resolution, which were ∆x_oct = 19 µm (lateral) and ∆z_oct = 14 µm (axial).
The second factor, the correlation kernel size, was 7 × 7 pixels. By multiplying the pixel separations, the kernel
occupied ∆x_ck = 27.3 µm (lateral) and ∆z_ck = 49 µm (axial in tissue). The third factor, the digital image
shift, was ± 1 pixel. It corresponded to ∆x_ds = 7.8 µm (lateral) and ∆z_ds = 14 µm (axial in tissue). The
overall resolution of the displacement and deformation measurements was defined by the convolution of these
factors. Therefore, it was roughly estimated as ∆x = ∆x_oct + ∆x_ck + ∆x_ds = 54 µm (lateral) and ∆z =
∆z_oct + ∆z_ck + ∆z_ds = 77 µm (axial in tissue). This relatively low resolution may account for the
broadening of the wire surface signal in the displacement and deformation images [Fig. 5.5.1 (d)–(f)].
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In conclusion, we demonstrated a new birefringence and biomechanics analysis method; compressionbased PS-OCE. It simultaneously measured two-dimensional birefringence tomography, scattering intensity
OCT, spatial-resolved in-plane axial and lateral displacement, the coupled effect of out-of-plane displacement
and microstructural decorrelation induced by micrometer-scale tissue compression. Although it is still
qualitative, it can be used for detailed analysis of both optical and biomechanical properties of tissues. The
results suggest that the PS-OCE is capable of providing more comprehensive insight and information of the
microstructures in tissue than the sole use of PS-OCT or OCE. Therefore, it would be helpful to the
investigation of collagenous tissues.

6.7 Summary
In this chapter, a new method for simultaneous imaging of birefringence and biomechanical properties of tissue
is proposed for the first time. It is based on Jones-matrix based PS-OCT system but equipped with a tissue
compression probe, where birefringence tomography, scattering intensity, depth-resolved in-plane axial and
lateral displacements, and microstructural decorrelation maps of a biological tissue become available
simultaneously. Specifically, this method makes use of OCT images of a tissue obtained from JM-OCT under
two different compressive conditions. Using complex correlation maps computed from these two OCT images,
depth-resolved axial and lateral displacement maps of the tissue are obtained. In addition, a depth-resolved
MSD map is obtained. When a tissue is compressed, microscopic deformation of the tissue ultrastructure,
which is smaller than the OCT resolution, occurs in addition to the relatively macroscopic displacement of in
and out of the cross-sectional plane in OCT. The MSD map qualitatively visualizes the combined effect of the
microstructural deformation and out-of-plane displacement, whereas the current compression OCE only
measures tissue displacement and strain. Finally, by utilizing the multiple contrasts including OCT,
birefringence tomograms and displacements, MSD maps, the optical and mechanical properties of tissue are
analyzed. Although it is still qualitative, it is useful for detailed analysis of both optical and biomechanical
properties of tissues. The combination of the birefringence and biomechanical images enables more
comprehensive insight and information of the microstructures in tissue than the sole use of PS-OCT or OCE.
It would be helpful to the investigation of collagenous tissues.
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7.1 Conclusions
Optical coherence tomography (OCT) has many great benefits for biological samples imaging such as noninvasiveness, high resolution, and large depth imaging range. The multifunctional JM-OCT extended more
advantages to conventional OCT as high-speed measurement, specific imaging of biological tissue, and
quantitative evaluation of optical properties of tissue. These advantages are very useful for the investigation
of clinical medicine and biology.
In this dissertation, the principle and implementing the method of multifunctional JM-OCT has been
described in detail at first. Based on this theory, two steps of the development for Jones matrix optical
coherence tomography (JM-OCT) have been presented. First, a three-dimensional multifunctional JM-OCT
was developed for low transparency biological tissues such as skin. With this multifunctional JM-OCT,
multiple contrasts including scattering intensity OCT, OCT angiography (OCT-A), degree of polarization
uniformity (DOPU) and birefringence images of the in vivo skin tissue have been successfully obtained. The
second step, an additional function, which enables the displacement and microstructure decorrelation imaging
of biological tissues, have been extended to the JM-OCT. By using this JM-OCT based OCE, simultaneous
optical and mechanical properties measurements have been achieved.

7.1.1 Multifunctional JM-OCT for dermatology
A custom made multifunctional dermatological JM-OCT has been demonstrated in Chapter 3. It uses a passivepolarization-delay component based swept-source JM-OCT configuration, but is specially designed for in vivo
human skin measurement. The center wavelength of its probe is 1310 nm and the A-line rate is 49.6 kHz. The
JM-OCT is capable of simultaneously providing birefringence (local phase retardation) tomography, DOPU
tomography, complex-correlation-based OCT-A, and conventional scattering OCT. Using these four different
OCT contrasts, the morphological characteristics and optical properties of skin tissues were visualized and
analyzed.

7.1.2 JM-OCT based OCE
A new method for simultaneous imaging of optical and biomechanical properties of tissue has been developed
based on an improved 1.3-μm multifunctional JM-OCT (Chapter 5 and Chapter 6). This method combined the
compression OCE technology with the swept-source JM-OCT to implement the OCE imaging for the tissue.
By applying the multifunctional imaging method and a digital shifting complex-correlation method, the depthresolved birefringence tomography, scattering intensity, in-plane axial and lateral displacements, and
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microstructural decorrelation maps of a biological tissue can be obtained. With these different specific images,
the optical and mechanical properties of biological tissue were observed and interpreted.

7.2 Contributions
❖ This research successfully demonstrated a multifunctional JM-OCT for in vivo human skin imaging.
It is the first time to apply the JM-OCT based multi-contrast imaging modality for the skin, which is
a low transparency biological tissue.
❖ For the first time, JM-OCT based OCE is developed and demonstrated to obtain the in-plane axial and
lateral displacements and microstructural decorrelation maps. Especially the lateral displacement is
successfully measured by a compression OCE, to the best of our knowledge, which has not been
reported yet.
❖ By using the JM-OCT based OCT, simultaneous optical and mechanical properties imaging for
biological tissues has been implemented preliminarily.

7.3 Outlook
7.3.1 Limited passive-polarization delay
As mentioned in Chapter 5, the imaging depth range of the multifunctional JM-OCT has been improved by
using a long coherence swept source, a longer passive-polarization delay, doubled k-clock frequency and
increased sampling points. However, the limited passive-polarization delay is not sufficient to use full of the
sampling points, such that the corresponding imaging depth in tissue is impossible to achieve the ideal value
(designed imaging depth range). And if the passive-polarization delay is further extended, the noise will be
increased as well. Currently, the origin of the increased noise along with the extension of passive-polarization
delay is unclear. To obtain a sufficient imaging depth range, it is necessary to fix the noise problem of the
PPDU with a long delay between two polarizations.

7.3.2 Low resolution of OCE imaging
The resolution of the displacement and MSD images has been illuminated in Chapter 6. It shows that the
resolution of OCE imaging is much lower than OCT imaging. Since the mechanical property measurement
presented in this study is still qualitative, the low resolution of the OCE images does not significantly affect
the results. While, for the accurate quantitative measurement in the future, the resolution of OCE imaging
should be improved.
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7.3.3 Quantitative OCE imaging
To achieve quantitative analysis of the tissue mechanical properties, i.e. to measure the elastic modulus, the
local stress on the tissue should be measured, in addition to the strain. Therefore, a compliant layer is necessary
to be employed as a stress sensor [1–4]. With this well-characterized stress sensor, the local stress on the tissue
can be estimated. By dividing the local stress by the corresponding local strain in the tissue, the local Young’s
modulus of the tissue can be calculated, which is mapped into a quantitative micro-elastogram.

7.3.4 Three-dimensional OCE imaging
The digital shifting complex correlation method used in this study was originally designed for quasi-threedimensional displacement (quasi-3-D) measurement. However, the out-of-plane displacement component is
coupled with microstructural deformation, especially in the compression OCE measurement. Here, the
microstructural deformation denotes alteration of the physical structure of the sample smaller than the OCT
resolution or correlation-computation kernel. This coupling prevents the 3-D displacement measurement and
pure microstructural deformation measurement. In a future study, we can modify the digital shifting complex
correlation method to be compatible with the 3-D displacement measurement and pure microstructural
deformation measurement by using two 3-D OCT volumes with two different compression states. In this case,
the out-of-plane displacement and microstructural deformation are decoupled. Therefore, it is safe to interpret
the residual decorrelation as microstructural deformation.
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