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Abstract of dissertation

Optical coherence tomography (OCT) has been developed to measure depth-resolved images of
various biological tissues. Polarization-sensitive optical coherence tomography (PS-OCT) is an
functional extension of OCT to measure the depth-resolved birefringence of biological fibrous
tissues. PS-OCT with fiber-optic components is convenient to build it with probing scanners,
e.g., fundus cameras and endoscopic scanners, but it requires additional complexities for the
measurement and the data processing due to the unpredictable birefringence of the fiber-optic
components. We have to measure depth-resolved Jones matrices of the sample to compensate
the birefringence of the fiber-optic components, and it requires multiple depth scans for a single
position on the sample in order to use multiple incident states of the polarization. Spectral-
domain and swept-source OCT have been developed in recent years to improve the sensitivity
and the resultant imaging speed over conventional time-domain OCT. The purpose of this study
is to develop spectral domain and swept-source PS-OCT.

Fiber-based polarization-sensitive spectral-domain OCT (PS-SD-OCT) is developed at 840
nm wavelengh. A polarization-sensitive spectrometer with two line-CCD cameras was developed
for the PS-SD-OCT. The algorithm for the measurement is explained using the Jones matrix
formalism. Three-dimensional intensity, phase retardation, and relative orientation images of the
sample are measured for the demonstration.

As the application of the PS-SD-OCT, three-dimensionalin vivo retinal nerve fiber layer
(RNFL) is measured. For the first time, we compare the phase retardation of RNFL measured by
PS-OCT and scanning laser polarimetry. Theen facephase retardation maps are analyzed. We
show that similar results are obtained using these systems for healthy and glaucomatous eyes.

The PS-SD-OCT had a restriction of transversal scanning density. We show the polarization-
sensitive swept-source OCT (PS-SS-OCT) system at 1.3µm which can measure birefringence of
the sample with a single wavelength scan. The incident polarization is modulated at one-third of
the frequency of the data acquisition. It generates frequency-shifted OCT signals with respect to
the modulation frequency. Since this method can provide the Jones matrix of the sample with a
single wavelength-scan, a highly dense scan is not required. We show the phase retardation image
of anterior eye segment, which would give an additional information to discriminate fibrous
tissue from other tissues.
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Chapter 1

Introduction

Optical coherence tomography (OCT) is an interferometric imaging technique for the non-invasive
measurement of biological samples [1]. Recent developments in Fourier-domain (FD) OCT,
which involves spectral-domain (SD) and swept-source (SS) OCT, have dramatically improved
the sensitivity [2–4]. Subsequently, high-speed OCT systems have been demonstrated [5–9].
Nowadays SD-OCT and SS-OCT are mainly used as the OCT engines instead of conventional
time-domain (TD) OCT.

As a functional extension of OCT, polarization-sensitive OCT (PS-OCT) has been developed
to measure the depth-resolved birefringence of biological tissues [10,11]. PS-OCT has a unique
and powerful characteristic to detect and analyze fibrous tissues, e.g., retinal nerve fiber layer
[12–17], collagen fiber in skin [18–24] and cartilage [25], dentistry [26–30] and skeletal muscle
[31].

Several methods and algorithms have been developed for PS-OCT. Free-space PS-OCT with
a circularly polarized incident beam and polarization-sensitive detection is the simplest way to
detect the phase retardation and orientation of the sample [32]. The Mueller matrix or Jones ma-
trix represents complete polarimetric information of the sample, and they can be measured using
several different states of the incident polarization [33,34]. Yasuno et al. first implemented free-
space PS-OCT with SD-OCT to measure the Mueller or Jones matrices of the sample [35, 36].
High-speed free-space PS-SD-OCT with a circularly polarized incident beam has been demon-
strated by G̈otzinger et al. for retinal imaging [16]. To maintain the stable state of polarization in
PS-OCT systems, the optical components have to be fixed mechanically. Therefore, free-space
optical systems are more appropriate than optical-fiber-based systems. Although the calculation
of birefringence becomes simple, the flexibility of the measurement, which is highly desired for
medical examinations, is sacrificed.

In order to use fiber-optic components for PS-OCT, several algorithms have been developed,
for example, the Stokes vector method [37], algebraic manipulation method with polarization-
sensitive bulk optics in the sample arm [38], and Jones matrix method with sequential polar-
ization modulation [39]. These methods require multiple depth scans with different incident
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polarizations at the same position. This is because the first method needs to determine the ro-
tating plane of the Stokes vectors on the Poincaré sphere, the second method needs to measure
sufficient depth scans for algebraic manipulation, and the third method needs to measure all the
complete four elements of a Jones matrix. Thus, a highly dense scan is necessary to maintain the
correlation between adjacent axial scans. In the first and third methods, the motion of the sample
poses a problem because it affects the signal phase.

In Chapter 2, we show our PS-SD-OCT system with B-scan-oriented polarization modula-
tion. Fiber-optic components and a polarization-sensitive spectrometer are used for the optical
setup. The incident polarized light is modulated along a lateral B-scan instead of an axial A-
scan. The Jones matrix of the sample is obtained from the spatial frequencies of the B-scan.
Fiber-induced birefringence is compensated by using the algorithm developed by Park et al. [39]
Although this system requires highly dense transversal scan, we can measure various biological
samples with high speed and high sensitivity. Chapter 3 is focused on the application of the PS-
SD-OCT for the measurement of retinal nerve fiber layer (RNFL). For the first time, we compare
the phase retardation of RNFL measured by PS-OCT and scanning laser polarimetry. Theen
facephase retardation maps are analyzed. We show that similar results are obtained using these
systems for healthy and glaucomatous eyes.

To overcome the restriction of fiber-based PS-OCT, certain methods were developed and
published by some groups. Jiao et al. developed fiber-based PS-OCT with two superposed light
sources [40] and continuous polarization modulation [41] based on the time-domain OCT tech-
nique. Although fiber-based spectral-domain or swept-source PS-OCT was recently developed
to achieve high sensitivity and resultant high imaging speed [42–46], only a system develeped by
Oh et al. [46] can measure birefringence of a sample with a single wavelength scan. The other
fiber-based spectral-domain or swept-source PS-OCT systems alter the incident polarization for
each depth scan and, therefore, require a highly dense scan.

In Chapter 4, we show our PS-SS-OCT system which can measure birefringence of the sam-
ple with a single wavelength scan. The incident polarization is modulated at one-third of the
frequency of the data acquisition. It generates frequency-shifted OCT signals with respect to
the modulation frequency. Since this method can provide the Jones matrix of the sample with a
single wavelength-scan, a highly dense scan is not required. We show the phase retardation im-
age of anterior eye segment, which would give an additional information to discriminate fibrous
tissue from other tissues.

Table 1 summarizes typical approaches of PS-OCT including our systems described in Chap-
ter 2 and 4.

Chapter 5 concludes this dissertation.
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Time domain Fourier domain
Free space Fiber-based Free space Fiber-based

A
Hee et al. [10]

Götzinger et al. [16]de Boer et al. [11]
Hitzenberger et al. [32]

B de Boer et al. [47] Saxer et al. [37]
Zhang et al. [42]
Cense et al. [44]

Oh et al. [46]

C Roth et al. [38] Zhao et al. [48]

D Yao et al. [33] Yasuno et al. [35]

E Jiao et al. [34]
Jiao et al. [40]

Yasuno et al. [36] Park et al. [43]
Park et al. [39]

F Jiao et al. [41]
Yamanari et al. [45]

Chapter 4

Table 1.1: Typical approaches of PS-OCT. A: circularly polarized incident light, B: Stokes vec-
tor, C: Algebraic manipulation, D: Mueller matrix, E: Jones matrix with two incident polariza-
tions, F: Jones matrix with polarization modulation method.
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Chapter 2

Fiber-based polarization-sensitive
spectral-domain optical coherence
tomography

Abstract

Fiber-based high-speed polarization-sensitive Fourier domain optical coherence tomography (PS-
FD-OCT) with a probe wavelength of 840 nm is developed. This system uses a newly developed
polarization modulation method. The incident state of polarization is modulated along transver-
sal scanning (B-scan). The spectrometer has a polarizing beamsplitter and two line-CCD cameras
operated at a line rate of 27.7 kHz. From the 0th and 1st orders of the spatial frequencies along
the B-scanning, a depth-resolved Jones matrix can be derived. The first version of this system
had been based on a continuous polarization modulation. However, this continuous polarization
modulation along B-scan causes fringe washout. Equivalent discrete polarization modulation
method which has been developed to avoid the problem of fringe-wash-out is applied to biolog-
ical measurements. As a system demonstration, anin vitro chicken breast muscle, anin vivo
finger pad, and anin vivocaries lesion of a human tooth are measured. Three dimensional phase
retardation images show the potentials for applying the system to biological and medical studies.
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2.1 The optical system and the synchronization system

2.1.1 Overview

The diagram of our system is shown in Fig. 2.1. The light source is a superluminescent diode
(SLD-37-HP, Superlum, Russia) with a central wavelength of 840 nm, bandwidth of 50 nm, and
axial resolution of 8.3µm in air. After the polarization is vertically aligned by a linear polarizer
(LP), an EO modulator (4104, New Focus, CA, USA) with a fast axis of45◦ modulates the inci-
dent polarization. The modulated light is coupled into a 30/70 fiber coupler. 30% of the incident
light is delivered into the sample arm, and 70% is delivered into the reference arm. This split-
ting ratio was selected for the future application of retinal measurement to conform to a safety
standard of the illumination power. An LP is inserted in the reference arm to obtain constant
amplitude and constant relative phase between the two orthogonal polarizations at the spectrom-
eter independent of the incident state of the polarization. This configuration was achieved by
an iterative alignment of the polarization controller and LP in the reference arm. In the sample
arm, the 1.5 mm diameter beam focused by a 50 mm focal length lens is scanned by the two-axis
galvanoscanner mirror. The probing power is 700µW. The theoretical transversal resolution
and focal depth are 36µm and 2.4 mm, respectively. The backscattered light from the sample
goes through the fiber coupler again, and is detected by the spectrometer. In the spectrometer,
the interfered beam is collimated with a 120 mm focal length lens, dispersed by a polarization-
insensitive volume phase holographic grating of 1200 lines/mm (Wasatch Photonics, UT, USA),
spatially Fourier transformed by a 250 mm focal length lens, divided into horizontally and verti-
cally polarized components by a polarizing beamsplitter, and detected by two line-CCD cameras
of 2048 pixels and 14µm pixel size (AVIIVA M2 CL 2014, Atmel, CA, USA). A line trigger for
both cameras (27.7 kHz) is generated by a DAQ board and synchronized with the galvanoscan-
ner mirror in the sample arm and the EO modulator. The waveform driving the galvanoscanner
mirror is a sawtooth wave, and that driving the EO modulator is a sinusoidal wave or a three-step
function. The further details are described in Sec. 2.2. The data from both cameras are acquired
by a framegrabber (PCIe-1430, National Instruments, TX, USA). The sensitivity of the system
is 100.7 dB, which is obtained by adding the horizontal and vertical channels. The phase sta-
bility is 3.24 degrees at the signal-to-noise ratio of 27.6 dB, which is reasonably stable for this
signal-to-noise ratio [43].

2.1.2 Calibration of the polarization-sensitive spectrometer

Since two line-CCD cameras are used to detect both phase-resolved horizontally and vertically
polarized signals, these two cameras must construct two identical spectrometers. Park et al.
explained the method of the calibration briefly [43]. Götzinger et al. derived the equations
of the effect of the misalignment of the spectrometer [16]. Since the pixel size of our line-
CCD cameras is smaller than that of previously reported 1.3µm system [43], finer calibration
is required. In this section, we describe our detailed method of the calibration. In order to
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Figure 2.1: Diagram of the PS-SD-OCT system. The notations imply the following: SLD:
superluminescent diode, PC: polarization controller, ND: neutral density filter, LP: linear po-
larizer, EO: electro-optic modulator, M: mirror, G: grating, PBS: polarizing beamsplitter, CCD:
line-CCD camera.

calibrate these two spectrometers, the EO modulation is stopped. The reference light is blocked,
and a slide glass and mirror are placed in the sample arm. This configuration ensures that the
positions of the peak are the same for the horizontal and vertical channels. If both the reference
and sample arms are used for the calibration in the fiber-based system, random birefringence of
the reference and the sample arms causes a random phase difference between the horizontally
and vertically polarized components of the OCT signals detected by these two spectrometers.
Since the position of the fiber can easily change during the calibration, it is efficient to use
only one arm of the interferometer. The OCT signals from the back surface of the glass and
mirror are obtained for these two spectrometers. The phase difference at the peak of the OCT
signals is monitored. This phase difference should be zero for all axial depths. In addition, the
signals are windowed and inverse Fourier transformed to obtain the complex spectrum for the
two spectrometers. This spectral phase difference is also monitored because it should be zero for
all frequencies. By monitoring these values, the physical positions of the two cameras are aligned
to minimize the phase difference. Since fine calibration is needed, both the cameras are mounted
on the translation stages including theXY Zθα axes, whereXY Z are the axes of Cartesian
coordinates (X andY are parallel and perpendicular to the line-CCD, respectively, andZ is the
height);θ, a tilt of the line-CCD on theXY plane; andα, a tilt on theXZ plane. The optical
table on which the spectrometer is built should be rigid, and air fluctuation should be avoided.
After the physical calibration, the remaining difference is numerically compensated by adjusting
the 0th and 1st order coefficients of the wavelength-frequency rescaling parameters. To verify
the calibration, we measured OCT signals between the slide glass and mirror at different axial
depth. Figure 2.2 represents the phase difference between the OCT signals from two channels
with respect to the axial depth. The phase difference is within±4 deg for all axial depths.
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Figure 2.2: Depth-dependent phase difference of the OCT signals between horizontal and vertical
channels. The interference signal is generated by the back surface of the slide glass and the
mirror.

2.2 Theory

In this section, we describe our algorithm and the calibration method used to obtain a Jones
matrix OCT image.

2.2.1 The Jones matrix imaging method using polarization modulation method
along lateral B-scan

We denote the horizontally polarized component of the intensity of the interfered light at the
spectrometer asIh. It can be expressed as

Ih(x, ω) = |Href (x, ω)|2 + |Hsam(x, ω)|2 + Href (x, ω)H∗
sam(x, ω) + c.c., (2.1)

whereHref (x, ω) andHsam(x, ω) are the horizontally polarized temporal spectral components
of the reference beam and sample beam, respectively, and c.c. denotes the complex conjugate
of the third term on the right-hand-side of Eq. (2.1). The superscript∗ denotes the complex
conjugate, andω is the optical frequency. The third term in Eq. (2.1) is extracted and inverse
Fourier transformed to obtain the complex OCT signal,

Ĩh(x, z) = F−1
zω [Href (x, ω)H∗

sam(x, ω)], (2.2)

where the axial depthz is the Fourier conjugate ofω, andF−1
zω [·] is the inverse Fourier trans-

form aboutz. Before calculating Eq. (2.2), the measured power spectrum is rescaled with zero
padding and linear interpolation, and the dispersion between the reference arm and sample arm
is compensated numerically [49]. In the same manner, the vertical interference termĨv(x, z) is
extracted from the vertically polarized component of the interfered lightIv(x, ω).
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When the fast axis of the EO modulator is oriented atπ/4, the Jones matrix of the EO
modulator can be expressed as (

cos φ
2 i sin φ

2

i sin φ
2 cos φ

2

)
, (2.3)

whereφ is the phase retardation and modulated asφ(x) = A0 sin(ωmx). ωm is the driving
frequency of the EO modulator, andx is the lateral position. As described in Sec. 2.2.3, discrete
polarization modulation can also be used for the phase modulation of the EO modulator.

The Jones vector of the sample beam at the detector can be written as(
Hsam

Vsam

)
= Jall

(
Hi

Vi

)
, (2.4)

whereJall is the overall round-trip Jones matrix including the birefringence of both the fiber and
sample,

Jall =

(
J(1, 1) J(1, 2)
J(2, 1) J(2, 2)

)
, (2.5)

and(Hi, Vi)T is the Jones vector just after the EO modulator before the fiber coupler. When the
incident beam to the EO modulator is vertically polarized,(

Hi

Vi

)
=

(
i sin φ

2

cos φ
2

)
. (2.6)

The Jones vector(Hsam, Vsam)T can be expressed as(
Hsam

Vsam

)
=

(
J(1, 2) cos φ

2 + iJ(1, 1) sin φ
2

J(2, 2) cos φ
2 + iJ(2, 1) sin φ

2

)
. (2.7)

The Jones vector of the reference beam at the spectrometer is calibrated to be

Eref =

(
Href

Vref

)
=

(
Hr

Vr

)
e−i φ

2 , (2.8)

whereHr andVr are constants independent of the state of the EO modulator. The reference
beam intensity at the CCD cameras should be flat and independent of the phase retardation of
the EO modulator.

In our algorithm, Eq. (2.2) is Fourier transformed alongx as

Fxu[Ĩh(x)] = Fxu[F−1
zω [Href (x, ω)H∗

sam(x, ω)]] (2.9)

whereFxu[·] is Fourier transform operator alongx, andu is the Fourier conjugate ofx. Equation
(2.9) can be rearranged as

Fxu[Ĩh(x)] =HrFxu[J∗(1, 2) cos
φ

2
e−i φ

2 − iJ∗(1, 1) sin
φ

2
e−i φ

2 ]

=
Hr

2
{Fxu[J∗(1, 2) − J∗(1, 1)] + Fxu[J∗(1, 2) + J∗(1, 1)] ∗ Fxu[e−iφ]}, (2.10)
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where∗ denotes a convolution operator. Here, we omitted the argumentz of these functions for
simplicity. eiφ can be decomposed using the following relations:

sin[φ(x)] =
∞∑
l=0

2J2l+1(A0) sin[(2l + 1)ωmx], (2.11)

cos[φ(x)] = J0(A0) +
∞∑
l=1

2J2l(A0) cos[(2l)ωmx], (2.12)

where the italic letters ofJ0, J2l, andJ2l+1 are the Bessel functions of the first kind of the order
of 0, 2l, and2l + 1, respectively. We set the amplitude of the modulation to beA0 = 2.405
radians to makeJ0(2.405) = 0. Consequently,Fxu[e−iφ] in Eq. (2.10) is rearranged to

Fxu[e−iφ] =
∞∑
l=0

[
J2l(2.405)

{
δ(u − 2lωm) + δ(u + 2lωm)

}
+ J2l+1(2.405)

{
δ(u − (2l + 1)ωm) − δ(u + (2l + 1)ωm)

}]
.

(2.13)

The 1st and the 2nd terms of Eq. (2.10) are extracted by numerically clipping the 0th and 1st
harmonic components ofFx[Ih(x)], respectively,

Ĩh(0) =
Hr

2
(J∗(1, 2) − J∗(1, 1)), (2.14)

Ĩh(ωm) =
J1(2.405)Hr

2
(J∗(1, 2) + J∗(1, 1)), (2.15)

because these terms are distinct from each other in frequency.J(1, 1) andJ(1, 2) are caluculated
as

HrJ∗(1, 1) = −
{

Ĩh(0) − 1
J1(2.405)

Ĩh(ωm)
}

, (2.16)

HrJ∗(1, 2) =
{

Ĩh(0) +
1

J1(2.405)
Ĩh(ωm)

}
. (2.17)

In the same manner,VrJ∗(2, 1) andVrJ∗(2, 2) are calculated from the vertically polarized
component of the spectrum,Iv(x, ω). Hr and Vr can be omitted because|Hr| and |Vr| are
identical, andγ ≡ arg(Hr) − arg(Vr) is included in the fiber-induced birefringence described
in Sec. 2.2.2. As a result, we obtain the following matrix,(

H∗
r J(1, 1) H∗

r J(1, 2)
V ∗

r J(1, 1) V ∗
r J(1, 2)

)
=

(
1 0
0 eiγ

)
Jall = JoffsetJall, (2.18)

where we term the offset caused byHr andVr asJoffset .
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2.2.2 Compensation of the fiber-induced birefringence

To obtain the Jones matrix of the sample, fiber-induced birefringence should be canceled from
Jall. This can be achieved by using the algorithm developed by Park et al. [39, 50]. We assume
the surface of the sample to be a mirror. Note that even if the surface tissue has birefringence,
this algorithm is valid as long as the backscattering does not change the polarization. The Jones
matrix at the surface of the sample can be expressed as

Jsur = JoutJin, (2.19)

whereJin andJout are Jones matrices corresponding to the fiber components between the EO
modulator and sample surface and that of the sample surface and polarizing beamsplitter in the
spectrometer, respectively.Jall includes the round-trip Jones matrix of the sampleJsam, i. e.,

Jall = JoutJsamJin. (2.20)

We can measure onlyJoffsetJsur and depth-resolvedJoffsetJall. In order to obtainJsam, Jin is
eliminated by multiplyingJoffsetJall by (JoffsetJsurf )−1 and diagonalization is performed as

JoffsetJall(JoffsetJsur)−1 = JoffsetJoutJsamJinJ−1
in J−1

outJ
−1
offset

= JoffsetJoutJsamJ−1
outJ

−1
offset

= JU

(
p1e

i η
2 0

0 p2e
−i η

2

)
J−1

U , (2.21)

wherep1 andp2 are the attenuation coefficients of the sample;η, the retardation of the sample;
andJU , an unitary matrix. We can calculate the relative optic axis, retardation, and diattenuation
of the sample from this diagonalization [39]. Since the Jones matrix is directly obtained in our
algorithm described in Sec. 2.2.1, we calculated the matrix diagonalization directly.

2.2.3 Discrete polarization modulation

Since the incident polarization is modulated along the B-scan, it is preferable to reduce the
sampling data sets to calculate the spatial frequency. When the number of sampling data sets is
reduced in our algorithm, it causes fringe washout because the incident polarization is modulated
during the A-scan. From Eq. (2.10), we can see that the fringe washout affects the 1st order of
the spatial frequency but does not affect the 0th order of the spatial frequency. Since the fringe
washout occurs for the power spectrum originally measured (and not the spatial frequency), it
causes both the SNR penalty of the intensity and the polarimetric artifact. Although it is difficult
to quantitatively evaluate them in a biological sample because the measured intensity is not
always the same even if we measure the same area, we can avoid the fringe washout using the
equivalent discrete polarization modulation instead of the continuous polarization modulation.
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When N A-scans are measured for a cycle of incident polarization modulation, the average
phase retardation of the EO modulatorφn at thenth A-scan is

φn =

∫ 2πn/N
2π(n−1)/N A0 sin(ωmx)dx

2π/N
, (2.22)

where n = 1, 2, · · · , N . When N = 3, the set discrete phase retardationφ1, φ2, φ3 are
9
4πA0, 0,− 9

4πA0, respectively. As shown later in Sec. 2.3.1 and Fig. 2.5(a)-(c), the fringe
washout caused by continuous polarization modulation is not critical. However, this discrete po-
larization modulation is equivalent to the continuous polarization modulation, and avoids fringe
washout.

In our method, at least three incident polarization states are required. Compared with the
method previously developed by Park et al. using two incident polarization states [43], our
method requires larger overall amount of data. Although it is expected that three or more inci-
dent polarization states decrease the SNR, currently it is not clear, and further theoretical and
experimental analysis is needed.

2.3 Experimental results and discussion

2.3.1 Measurements of a polarizer and a waveplate

To validate our method, a linear polarizer (LP) and a quarter waveplate (QWP) are investigated.
For both LP and QWP, the front surface was used forJsur and the back surface was used forJall.
The EO modulator was continuously modulated at 4 A-scans/cycle during 512 A-scans.Jall

was calculated and averaged for 512 A-scans. LP and QWP are rotated from 0 to 180 deg. The
measured cumulative relative orientation of LP and QWP and the round-trip phase retardation of
QWP are shown in Fig. 2.3. The diattenuation of LP was0.999 ± 0.001. These results agreed
with the theoretical expectation. The round-trip phase retardation of QWP was170± 3 degrees.
Since the phase retardation exceeding 180 degrees is phase-wrapped, the phase retardation of
QWP is smaller than 180 degrees [51].

2.3.2 Measurements of biological samples

Figure 2.4 shows the intensity and phase retardation images of chicken breast muscle, where
glycerin was applied on the sample surface. Instead of the continuous polarization modulation,
equivalent discrete polarization modulation was used for the biological measurements, as shown
in Figs. 2.4, 2.5(d)-(e), 2.6, and 2.7, except Fig. 2.5(a)-(c). For all measurements of the bi-
ological samples, the incident polarization is modulated as a 3 A-lines/cycle, and the lateral
measurement area for one cycle is well below the transversal resolution. For three dimensional
measurement, the data acquired by the framegrabber from the cameras are immediately trans-
ferred to the main memory on the motherboard (S2895, Tyan, CA, USA). The maximum num-
ber of measurement points is limited by the memory space per process of 32 bit Windows XP,
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Figure 2.3: (a): measured orientations of LP and QWP. The rhombuses and squares are the
measured cumulative orientation of LP and QWP relative to 0 degree, respectively. The solid
and dashed lines are the linear least-squares fits of the orientations of LP and QWP, respectively.
(b): measured phase retardation of QWP.

namely, 2 GB. In order to remove the fixed pattern noise mainly from the EO modulator, the
OCT signal is first divided to each state of the incident polarization before calculating the Jones
matrix. The fixed pattern noise is removed from the aligned images by low-pass filtering of the
averaged spectrum [52], because the phase of the fixed pattern noise for each incident polariza-
tion is different. After the removal, the image is realigned with the initial order, and the Jones
matrix is calculated. One pixel is extracted as the surface of the sample for each A-scan, and the
Jones matrices at these pixels are averaged for 3D volume to determineJsur. Figure 2.4(a) is an
intensity image generated by

10 log
{

1
2
(|J(1, 1)|2 + |J(1, 2)|2 + |J(2, 1)|2 + |J(2, 2)|2)

}
, (2.23)

which corresponds to the element of the 1st row and 1st column of the Mueller matrix,m00.
Figure 2.4(b) is a cumulative round-trip phase retardation image. The phase retardation image is
gray-scaled to represent it from 0 toπ. Because of the form birefringence and cumulative nature
of the measuredJsam, Fig. 2.4 (b) shows periodic changes in the phase retardation. Although
the phase retardation is not uniform , the three dimensional image shows that the nonuniformity
is not an artifact but a certain structure. The orientation image in Fig. 2.4(c) were generated by
using half the absolute angular difference between the eigenpolarizations of the surface and a
certain depth on the Poincaré sphere. In this simplified case, the range of the orientation is 0 to
π/2. We can see the periodic abrupt changes due to the phase unwrapping in Figure 2.4 (c) [53].

Figure 2.5 shows intensity, phase retardation, and orientation images of chicken breast mus-
cle to compare continuous polarization modulation (Fig. 2.5(a)-(c)) and discrete polarization
modulation (Fig. 2.5(d)-(f)). For both measurements, the incident polarization was modulated as
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Figure 2.4: An intensity image (a), the cumulative round-trip phase retardation image (b), and
the orientation image (c) of chicken breast muscle. A median filter with a kernel size of 3×3 was
applied to each B-scan of (b) and (c). Each frame has 1023 A-lines, and 128 frames are aqcuired
in 5 seconds. The image size is 2 mm (x) × 2 mm (y) × 3.44 mm (z) in air.

a 3 A-lines/cycle, and same area on the sample was scanned. In this measurement, the difference
of the polarization modulation was appeared in the orientation images (Fig. 2.5(c) and (f)). Fig.
2.5(c) had smaller axial changes due to the phase unwrapping. As predicted in Sec. 2.2.3, dis-
crete polarization modulation is better choice for our B-scan-oriented polarization modulation
method.

Figure 2.6 shows the intensity and phase retardation images of a human finger padin vivo.
According to the previous reports, the cumulative phase retardation of the dermis has a lateral
structure, while the birefringence of the stratum corneum has a random nature [43,54,55]. Sweat
ducts in the stratum corneum have low birefringence. A movie showing the orthoslices reveal
that the phase retardation of the dermis corresponds to the pattern of the follicles, as given in the
previous reports [43,54,55].

Figure 2.7 shows a caries lesion of a human canine toothin vivo. The tooth was horizontally
scanned for each frame. The arrow in the intensity image of Fig. 2.7(a) shows the enamel-dentin
junction. In the enamel region, the incremental lines, which are result of irregularities in enamel
formation, can be found. The tufts and lamellae were observed above the enamel-dentin junction
in the intensity image. Birefringence was observed in the enamel layer, which corresponds to
the enamel prisms [29]. In the deeper area including the dentin, the pattern of the cumulative
phase retardation changes frame by frame. In the caries region strong scattering was observed
and the birefringence was random. This probably corresponds to demineralization in the enamel
resulting in caries formation [29].

In this paper, we used the range of the phase retardation from 0 deg to 180 deg, which is
direct result of Eq. (2.21). The other way to represent the phase retardation is unfolding it from
0 deg to 360 deg by shortening the range of the orientation [53]. For fully fiber-based system,
determination of the rotating plane of the orientation in a Poincaré sphere is required in order to
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Figure 2.5: Images of chicken breast muscle with different modulations. Upper images (a)-(c)
are measured with continuous polarization modulation, and lower images (d)-(f) are measured
with discrete polarization modulation. (a) and (d) are the intensity images, (b) and (e) are the
phase retardation images, and (c) and (f) are the orientation images. All images have 1023 A-
lines, and axial 500 pixels. The image size is 2 mm (x)× 2.15 mm (z) in air.

Figure 2.6: An intensity image (a), the cumulative round-trip phase retardation image (b), and
the orientation image (c) of a human finger padin vivo. A median filter with a kernel size of 3×3
was applied to each B-scan of (b) and (c). The volume is 4 mm (x) × 4 mm (y) × 1.75 mm (z)
in air, or 1023 pixels× 128 pixels× 350 pixels. The measurement time is 5 seconds.
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Figure 2.7: (a): an intensity image (upper) and the cumulative round-trip phase retardation image
(lower) of caries lesion of human canine toothin vivo. A white arrow shows the enamel-dentin
junction. The size is 6 mm (x) × 2.80 mm (z) in air, or 2046 pixels (x) × 650 pixels (z). 64
frames were scanned on 6 mm length and acquired in 5 s. (b): a enlarged intensity image of the
24th frame in the movie (a). The white arrows show the incremental lines in the enamel region.
A green arrow shows the tufts and lamellae above the enamel-dentin junction. The image size is
2.5 mm (x) × 2.54 mm (z) in air.

obtain the orientation from -90 deg to +90 deg [43]. Since the orientation of biological samples
is often noisy, we used the direct result of the phase retardation ranging from 0 deg to 180 deg. In
this case, however, all noise of the phase retardation near 180 deg decreases the measured phase
retardation, as indicated in Sec. 2.3.1. For example, the phase retardation of 190 deg becomes
170 deg. This problem can be solved by unfolding the phase retardation, with stable way to
determine the rotating plane of the orientation for biological samples [43].

2.4 Summary

In conclusion, we developed the PS-FD-OCT system at 840 nm using polarization modulation
method along B-scan. The incident polarization was modulated along a lateral B-scan on the
sample. Instead of continuous polarization modulation along B-scan, equivalent discrete polar-
ization modulation was used in order to avoid the fringe washout. By extracting the 0th and
1st order of the spatial frequencies along the B-scan of the FD-OCT, the two-dimensional Jones
matrix of the sample was measured. The detailed calibration procedure of the spectrometer was
shown. Fiber-induced birefringence was compensated by matrix diagonalization. The proposed
algorithm and system was confirmed with LP and QWP measurements. Using the PS-FD-OCT
system, the phase retardation of chicken breast muscle, a finger pad, and a caries lesion of a tooth
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was successfully imaged.
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Chapter 3

Application of PS-SD-OCT for the
phase retardation measurement of
retinal nerve fiber layer

Abstract

Phase retardation ofin vivo human retinal nerve fiber layer (RNFL) is quantitatively measured
by two methods— polarization-sensitive spectral-domain optical coherence tomography (PS-
SD-OCT) and scanning laser polarimetry (SLP). Anen facecumulative phase retardation map
is calculated from the three-dimensional phase retardation volume of healthy and glaucomatous
eyes measured by PS-SD-OCT. It is shown that the phase retardation curves around the optic
nerve head measured by PS-SD-OCT and SLP have similar values except near the retinal blood
vessels. PS-SD-OCT can measure the cumulative phase retardation of RNFL as well as SLP,
which will allow the evaluation of RNFL for glaucomatous eyes.
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3.1 Introduction

Glaucoma is an optic neuropathy that causes the loss of retinal ganglion cells and damage to
the retinal nerve fiber layer (RNFL). It causes progressive and irreversible vision loss if left
untreated. The early detection of glaucoma is important because it progresses even before visual
field loss can occur [56]. Visual field test and ophthalmoscopic assessment of a optic nerve
head are subjective methods to diagnose glaucoma. Since the thinning of RNFL is a direct
indicator of glaucoma, glaucoma can also be diagnosed by objective measurement of RNFL
thickness. Objective and quantitative measurements of RNFL have certain advantages over the
subjective methods because in these methods, the intervention of experts becomes unnecessary
and statistical diagnostic analysis is possible. Therefore, methods such as OCT and scanning
laser polarimetry (SLP) have been utilized.

OCT can measure the depth-resolved backscattering intensity image of the sample. Schuman
et al. first measured the thickness of RNFL by OCT [57]. Thichness measurement using OCT
images has certain limitations, namely, the requirement of high axial resolution and a high-
quality algorithm for boundary segmentation.

GDx-VCC (Carl Zeiss Meditec) is a commercially available SLP, that provides an RNFL
thickness map by converting the phase retardation of RNFL, assuming that the birefringence of
RNFL is constant [58,59]. It compensates for the corneal birefringence by monitoring a bow-tie
pattern in the macular region and measures the combined effect of the thickness and birefringence
of RNFL and diagnoses glaucoma statistically using the normative database [60].

PS-OCT has been developed to measure the depth-resolved birefringence of biological sam-
ples [10, 11]. By using PS-OCT,in vivo human retina was first examined by Cense et al. [61].
Pircher et al. showed polarization scrambling at retinal pigment epitherium in the macular re-
gion [62]. The recent development of spectral-domain OCT (SD-OCT) revealed that SD-OCT
had a higher signal-to-noise ratio than the conventional time-domain OCT [2,3]. By using high-
speed and highly sensitive SD-OCT, it is possible to measure three-dimensional retinain vivo [6].
High-speed retinal SD-OCT was adapted to PS-OCT by Cense et al. [44]. Götzinger et al.
demonstrated three-dimensional phase retardation images and optic axis images of the retina by
using the free-space PS-SD-OCT system [16]. One characteristic of PS-OCT is that corneal bire-
fringence compensation is possible by using the surface signal [37,39,40]. In retinal imaging, the
signal from the anterior boundary of the retina can be used as the surface signal. Unlike SLP, this
corneal compensation does not rely on healthy macula. The other characteristic is the ability to
measure the thickness and birefringence of RNFL simultaneously. Cense et al. showed that the
birefringence of RNFL has angular dependence around the optic nerve head [14,63]. Mujat et al.
showed anen facebirefringence map of RNFL for the first time [64]. In contrast, SLP measures
theen facephase retardation map, that is, the combined effect of the thickness and birefringence
of RNFL. Although by using PS-OCT it is possible to measure thickness and birefringence sepa-
rately, birefringence measurement is less reliable in the case of a thin RNFL [14,44]. In addition,
the diagnostic performance of PS-OCT with regard to glaucoma has not yet been demonstrated.
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Figure 3.1: Diagram of the PS-SD-OCT system for the retinal imaging. The following nota-
tions are used: SLD: superluminescent diode, PC: polarization controller, ND: neutral density
filter, LP: linear polarizer, EO: electro-optic modulator, M: mirror, G: grating, PBS: polarizing
beamsplitter, CCD: line-CCD camera.

Since it is known that SLP gives a good performance in the diagnosis of glaucoma [65–67], a
comparison of PS-OCT and SLP is of significant interest in the preliminary research on the de-
tection of glaucoma using PS-OCT. Previously, Huang et al. measured birefringence of RNFL
by using thickness measured by convensional OCT and phase retardation measured by SLP [68].
Wojtkowski et al. compared thickness map of RNFL measured by SD-OCT and phase retarda-
tion map measured by SLP [69]. However, there is still no report about the comparison between
PS-OCT and SLP. In this chapter, we describe a pilot study on the quantitative comparison of the
phase retardation of RNFL using PS-OCT and SLP for both healthy and glaucomatous eyes.

3.2 Methods

3.2.1 PS-SD-OCT system

The details of the PS-SD-OCT system employed in this study have been described in Chapter 2
and the reference [45]. In brief, the schematic diagram of our system is shown in Fig. 3.1. In
the sample arm, an imaging plane made by the objective lens (f = 50 mm) is relayed by a Volk
ophthalmic lens (78D) to the retina. The probing power is 700µW. The other parts of the optical
components and the method to obtain the intensity, diattenuation, phase retardation, and relative
orientation are described in Chapter 2.

3.2.2 Three-dimensional volumetric measurement by PS-SD-OCT

Since the RNFL in the peripheral region contains nerve fibers that are all diverging from the
optic nerve head, SLP diagnoses glaucoma by measuring theen facephase retardation of RNFL
in the peripheral region. By using our PS-SD-OCT system, the three-dimensional intensity and
phase retardation volumes in the peripheral region are measured. The measurement range is 3.76

23



mm× 3.76 mm on the retina. The probe beam is scanned from the nasal to the temporal regions
with 1023 A-lines for each B-scan. The lateral density of the A-lines is 3.7µm/A-line, which is
well below the lateral spot size of our system, that is, 27µm. This setup is attributed to the high
dense scan required for PS-OCT with multiple incident polarizations [43]. The raster scanning
from inferior to superior is performed with 140 B-scans in 5.5 s. This protocol is used for all
PS-SD-OCT measurements described in this chapter.

3.2.3 En facephase retardation maps

To compare theen facephase retardation maps of SLP and PS-SD-OCT, the three-dimensional
phase retardation volume measured by PS-SD-OCT was shrunk into theen facemap using the
following comparable method. The main contribution to the SLP signal is high scattering from
the layers beneath the RNFL, such as the interface of the inner and outer segments of the photore-
ceptor layers (IPRL) and the retinal pigment epithelium (RPE). Thus, it is reasonable to extract
the backscatterred signal from these high scattering layers in the PS-SD-OCT images in order
to compare these two systems. The cumulative phase retardation of PS-OCT from the lower
layers corresponds to the double-pass phase retardation of the RNFL because there is no bire-
fringent tissue between the posterior boundary of RNFL and RPE [15, 16]. It is known that
RPE has polarization scrambling in macula [16,62]. The detail of polarization scrambling in the
peripheral region has not been studied yet. In our experiment, polarization scrambling was not
observed at the RPE on the periphery of the optic nerve head as shown in Fig. 3.2 (c). Since RPE
has the strongest signal in the retinal image, the segmentation of RPE layer is stable and easy.
Hence, in this paper, we extract the signal from the RPE in the PS-SD-OCT images to make an
en facephase retardation map. However, some studies have reported polarization scrambling
in the peripheral region [16, 55], and it is not always guarantied that our method is applicable.
Other highly backscattering layers, e.g. IPRL, would be the candidates to avoid the possible
polarization scrambling for the future version of this method.

A large white and yellow spot in Figs. 3.2 (b) and (c) (indicated by arrows) are phase retar-
dation artifacts caused by Doppler signal of the blood flow. In our algorithm of PS-SD-OCT, we
cannot discriminate the phase change caused by Doppler flow from real birefringence. However,
this artifact is localized in a blood vessel and does not affect the phase retardation of RPE.

In order to extract the phase retardation at the RPE, first the RPE layer is segmented from the
intensity images. For this purpose, the maximum gradient points are detected below the anterior
boundary of the retina and smoothed to interpolate the shadow of blood vessels for each B-scan
intensity image [70]. Figure 3.2 (d) shows the segmented RPE, it indicates our segmentation
algorithm works well. Even if the detected layer is slightly deviated, for example, an IPRL
was faulty selected, the phase retardation does not change drastically (Fig. 3.2 (b)). This is
because the alternation of the phase retardation occurs in RNFL and the small fluctuation of the
segmentation does not affect to the detected phase retardation value. No smoothing algorithm
was employed for the phase retardation images. The same procedure is applied to all B-scan
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Figure 3.2: Intensity image (a), double-pass cumulative phase retardation image (b), and com-
posite image (c) of inferior of an optic nerve head of a healthy human left eye. The image size is
3.76 mm× 0.94 mm. The longitudinal scale is enlarged to twice the lateral scale. The range of
the phase retardation is from 0 toπ radians (0 to 180 degrees) in double pass. White arrows in
(b) and (c) indicate an artificial phase retardation in the blood vessel. A red line over the intensity
image in (d) indicates the segmented RPE layer.
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stacks, and anen facephase retardation map at the RPE position is obtained.

3.2.4 Quantitative analysis of phase retardation

For the quantitative comparison of PS-SD-OCT and SLP, the cumulative phase retardation of
RNFL in the peripheral region is examined because nerve fibers diverge from the optic nerve
head. For this purpose, the phase retardation around the optic nerve head is extracted from the
en facephase retardation map.

GDx-VCC has a function that shows the RNFL thickness curve in the annular area of theen
facephase retardation map. The RNFL thickness curve measured by GDx-VCC was converted
into the double-pass phase retardation by using a conversion factor of 0.62 deg/µm [71].

An annular area with an outer radius of 1.6 mm and an inner radius of 1.2 mm was set in
order to extract the phase retardation of PS-SD-OCT; this setting is identical to that used in GDx-
VCC. We evaluated two methods for calculating the phase retardation curve of PS-SD-OCT. In
the first simple method, the phase retardation of PS-SD-OCT in the annular area was calculated
using simple moving average with the kernel size of 9◦. Second, the following histogram-based
method is also evaluated as an alternative to the first method. Histograms of small angular areas
(9◦) within the ring are obtained and the mode value of the histogram is calculated. The small
angular area is moved along the circumference, and the mode values are calculated for each small
angular area. After moving average with a kernel of 3.6◦, the phase retardation curve is obtained.

3.3 Results and discussion

3.3.1 Subjects

All experiments were performed using a protocol that adheres to the tenets of Declaration of
Helsinki and was approved by the Institutional Review Board of University of Tsukuba and
Tokyo Medical University. As the healthy subject, a volunteer (25-year-old Japanese male) with-
out any detectable ocular disease was selected. As the glaucoma subject, a volunteer (42-year-old
Japanese male) with glaucoma was selected. For both volunteers, the left eyes were examined.

3.3.2 Three-dimensional phase retardation volume

Figure 3.3 shows the three-dimensional intensity and phase retardation image measured by PS-
SD-OCT in the retinal peripheral region of the retina. The figure on the left in Fig. 2 shows
the phase retardation volume with a front view from the anterior side, while the one on the right
shows the rear view from the posterior side. The hue of its colormap corresponds to the phase
retardation from 0◦ to 180◦ , while the opacity corresponds to the intensity.

Several structures were observed in the three-dimensional phase retardation map similar to
the previous report [16]. In the front view of Fig. 3.3, the phase retardation was nearly 0 because
fiber-optic and corneal birefringence, which causes phase retardation artifacts in the retina, was
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Figure 3.3: Front view (left) and rear view (right) of the three-dimensional phase retardation
image of a healthy eye in the peripheral region. A measurement range of 3.76 mm× 3.76 mm
(13.1 deg× 13.1 deg) was scanned on the sample. The hue of the color bar is same as that in
Fig. 3.2.

compensated using a reference signal of the retinal surface [72, 73]. In the inferior and superior
regions, the high phase retardation beneath the surface was visible because the volume image
was semi-transparent. In the rear view, the double-hump pattern of the phase retardation was
observed in the superior and inferior regions of the optic nerve head (a). The phase retardation
also changed at the temporal edge of the optic nerve head (scleral canal rim) (b) and the lamina
cribrosa in the optic nerve head (c).

Figure 3.4 shows theen facephase retardation maps on the surface of retina. For the better
visualization, high threshold was set in order to segment the first intensity peak on the surface
rather than the boundary between the noise and signal areas. The phase retardation map of
the glaucomatous eye had higher speckle noise than that of the healthy eye. In both maps, the
phase retardation had high values at the edge of the optic disc because of an error of the surface
segmentation. Since there was no radial variation of the phase retardation, residual effect of the
fiber-optic and corneal birefringence could be negligeble. Figure 3.5 shows the histogram of the
phase retardation on the surface of retina. The mode values of the healthy and glaucomatous
eyes were 17.0 deg and 18.8 deg, respectively. Since all noise near zero retardation affects the
result to a positive direction, the histogram had asymmetric distribution and the phase retardation
diverged from zero.

Figure 3.2 shows the intensity (a) and phase retardation (b) images of a healthy human retina
at the superior uppermost B-scan in Fig. 3.3. The retinal layers are clearly visible in the in-
tensity image similar to the previous report [14]. In the thick RNFL area, the phase retardation
evidently changes. It has a noisy appearance in low-intensity area such as the outer nuclear
layer and shadow beneath the retinal blood vessels. Figure 3.2 (c) is the composite image of
the intensity and phase retardation images. In the composite image, the hue corresponds to the
phase retardation, while the brightness corresponds to the intensity. In the composite image, the
phase retardation with high signal intensity is shown in a bright color. Hence, both intensity and
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Figure 3.4: The phase retardation maps of the healthy eye (left) and glaucomatous eye (right) on
the surface of retina.
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Figure 3.5: The histograms of the phase retardation of the healthy eye (solid line) and glauco-
matous eye (dashed line) on the surface of retina.
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Figure 3.6: Fundus image (a), nerve fiber thickness map measured by GDx-VCC (b),en face
projection image of the OCT intensity (c), anden facephase retardation image measured by the
PS-SD-OCT (d) for the healthy eye. The fundus image was measured by a non-mydriatic fundus
camera. Measurement ranges of 5.8 mm× 5.8 mm (20 deg× 20 deg) and 3.76 mm× 3.76 mm
(13.1 deg× 13.1 deg) were scanned on the sample for GDx-VCC and PS-SD-OCT, respectively.
An annular area indicated by two white circles in the phase retardation image of PS-SD-OCT is
used to calculate the graph of the phase retardation shown in Fig. 3.7.

phase retardation can be viewed in one image. This color map is also used for theen facephase
retardation map in the following sections.

3.3.3 Healthy eye

Figure 3.6 shows theen facephase retardation maps of GDx-VCC (b) and PS-SD-OCT (d) of a
healthy human volunteer. The annular areas for the quantitative analysis are indicated by gray
and white circles in Figs. 3.6 (b) and (d), respectively. The fundus image (a) and OCT projection
image (c) are also shown. The OCT projection image was calculated by summing each A-line of
the linear OCT intensity signal. Theen facephase retardation images of both GDx-VCC and PS-
SD-OCT showed a similar double-hump pattern, which is consistent with the typical distribution
of RNFL of healthy eyes.

Figure 3.7 shows the phase retardation curves of a healthy eye. The dotted line in Fig. 3.7
shows the phase retardation of PS-SD-OCT in the annular area calculated by the simple moving
average. The curve takes extremely high values as compared to the curve of GDx-VCC. This
is because the phase retardation ranges from 0 toπ and has a strongly asymmetric distribution.
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Therefore, averaging is not appropriate for this case.

The phase retardation curve calculated by the second histogram-based method is shown in
Fig. 3.7 by a solid line. The high phase retardation in the temporal and nasal regions obtained
in the first method was decreased in the second method, which is reasonable because of the
non-Gaussian distribution of the phase retardation.

The curves of both PS-SD-OCT and GDx-VCC showed humps in the superior and inferior
regions. In the case of PS-SD-OCT, the phase retardation inferior to the optic nerve head had
the maximum value. Both the superior and inferior peaks of PS-SD-OCT were higher than that
of GDx-VCC. Although its reason is not clear, the curve of GDx-VCC had a flatter shape in the
inferior region. The uneven curve of PS-SD-OCT is a reasonable result of thick RNFL in the
inferior region as shown in the intensity image.

To observe the correlation between the phase retardation and the retinal structure, the OCT
intensity image at the center of the peripheral annular area is shown in the upper image of Fig.
3.7. The shadows beneath the retinal blood vessels are represented in the phase retardation
graph as gray masks. The phase retardation had local peaks on one side or both sides of some
blood vessels, as indicated by arrows in Fig. 3.7. The possible reason for this is that the phase
retardation was affected by thick RNFL around the retinal blood vessels. In contrast, GDx-VCC
did not show such sharp peaks in Fig. 3.7. However, we can see the peaks of the phase retardation
in theen facephase retardation map measured by GDx-VCC in Fig. 3.6 (b). For example, there
are three peaks in the temporal superior area of the calculation ring of Fig. 3.6 (b), but they are
combined into a single peak in the curve of Fig. 3.7. This means that GDx-VCC also measures
such peaks near blood vessels as PS-SD-OCT, but they are largely smoothed in the curve of
Fig. 3.7. Therefore, the difference near blood vessels in Fig. 3.7 was caused by the difference
between the calculation procedures of PS-SD-OCT and GDx-VCC.

In order to check the birefringence of RNFL, we manually segmented the thickness of RNFL
using the intensity image of Fig. 3.7 and calculated the double pass phase retardation per unit
depth (DPPR/UD). Figure 3.8 shows the thickness and DPPR/UD of the healthy eye. The
DPPR/UD in superior and inferior regions are higher than the temporal and nasal regions. Both
of the thickness and DPPR/UD are in the same order of that reported previously [14,63].

3.3.4 Glaucomatous eye

A glaucoma patient was also examined using the same scheme. Figure 3.9 shows the visual
field test of the glaucomatous eye with the full threshold method on the central 24 degrees of the
visual field. The glaucomatous eye has severe loss of inferior visual field and moderate loss of
superior visual field.

Figure 3.10 shows theen facephase retardation map of the glaucomatous eye measured
by PS-SD-OCT and GDx-VCC. The lateral quick motion in the inferior region was manually
compensated. The double-hump patterns of the glaucomatous eye obtained from both PS-SD-
OCT and GDx-VCC were degraded as compared to that of the healthy eye shown in Fig. 3.6 (b)
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Figure 3.7: The upper image shows the OCT intensity at the center of the peripheral annular area
of the healthy eye. The middle image shows the phase retardation image at the same position
of the upper intensity image. The axial range of these images is 0.96 mm. The lower figure
shows the round-trip cumulative phase retardation around the optic nerve head measured by
PS-SD-OCT with simple averaging (dotted line), the histogram-based method (solid line), and
GDx-VCC (dashed line). The notations used on the horizontal axis are as follows: T: temporal,
S: superior, N: nasal, I: inferior.
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Figure 3.8: The thickness (upper graph) and DPPR/UD (lower graph) of RNFL of the healthy
eye in the annular area.

Figure 3.9: Visual field test of the glaucomatous eye measured using the Humphrey field analyzer
II (Carl Zeiss Meditec) with full threshold method on the central 24 degrees of the visual field.
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Figure 3.10: Fundus image (a), nerve fiber thickness map measured by GDx-VCC (b),en face
projection image of the OCT intensity (c), anden facephase retardation image measured by
PS-SD-OCT (d) for the glaucomatous eye. The fundus image was measured by a mydriatic
fundus camera. The measurement range is the same as that shown in Fig. 3.6. Since the lateral
quick motion in the inferior region of PS-SD-OCT images was manually compensated after the
measurement, there are some empty spaces in (c) and (d).

and (d). In the inferior region, GDx-VCC had a relatively higher phase retardation at the nasal
side near the optic nerve head than PS-SD-OCT. Although the superior and inferior visual fields
in Fig. 3.9 showed apparent differences, it is difficult to detect such differences in Figs. 3.10 (b)
and (d). A quantitative comparison provides useful results.

Figure 3.11 shows the phase retardation curves and circular intensity image of the glaucoma-
tous eye. The agreement between the phase retardation curves of PS-SD-OCT and GDx-VCC
were significantly improved by the histogram-based method, while the curve calculated by a
simple rolling average was not sufficient. In both the PS-SD-OCT and GDx-VCC curves, the
superior phase retardation had a lower value than that of the inferior region. Again, the phase
retardation measured by PS-SD-OCT had local peaks on one side of the retinal vessels, as in-
dicated by arrows in Fig. 3.11. The values of the phase retardation curve of GDx-VCC were
close to those of the PS-SD-OCT curve, excluding the sharp peaks near the blood vessels. As
we described in the previous subsection, this difference may be due to the different smoothing
methods of PS-SD-OCT and GDx-VCC.

In PS-SD-OCT, the conventional three-dimensional OCT intensity volume is also acquired
simultaneously with the phase retardation volume, which enables a direct structural observation
of RNFL. Figure 3.12 shows the superior and inferior B-scan intensity images that are tangential
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Figure 3.11: The upper image shows the OCT intensity at the center of the peripheral annular
area of the glaucomatous eye. The middle image shows the phase retardation image at the same
position of the upper intensity image. The axial range of these images is 0.96 mm. The lower
figure shows the round-trip cumulative phase retardation around the optic nerve head measured
by PS-SD-OCT with simple averaging (dotted line), the histogram-based method (solid line),
and GDx-VCC (dashed line).
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Figure 3.12: OCT B-scan images of a glaucomatous eye in the superior (left) and inferior (right)
regions.

to the inner circle of radius 1.2 mm. The thinning of RNFL in the superior region was apparent,
which is in agreement with the phase retardation measurements of PS-SD-OCT and GDx-VCC.
The visual field test in Fig. 3.9 also supports the above mentioned results, namely, the decreased
phase retardation and thinning of RNFL measured by PS-SD-OCT and GDx-VCC.

The thickness was manually segmented from the intensity image in Fig. 3.11 and DPPR/UD
was calculated for the glaucomatous eye as shown in Fig. 3.13. The posterior boundary of the
RNFL was not clear compared to the healthy eye. Hence, Fig. 3.13 has poor reliability. The
DPPR/UD was deviated, but this is a result of the unreliable thickness. The thickness measure-
ment has to be improved using ultrahigh resolution and a sophisticated algorithm of the seg-
mentation for the further investigation of the birefringence of glaucomatous eyes in the future.

3.3.5 Observation of the phase retardation by polar plot

To observe the distribution of the cumulative phase retardation intuitively, the polar plot of the
phase retardation curve overlaid on theen facephase retardation map is shown in Fig. 3.14.
The center and outermost scale of the polar plot shows 0◦ and 100◦, respectively. This polar
plot shows theen facedistribution of the phase retardation and the representative curve of the
phase retardation in the annular area. The area of high phase retardation in the healthy eye
broadens in both the superior and inferior regions. This representation is useful when normal
and glaucomatous eyes are compared, as shown in the following paragraph.

Figure 3.15 shows the polar plot of the phase retardation of the glaucomatous eye. In contrast
to the healthy eye shown in Fig. 3.14, the phase retardation of the glaucomatous eye was less
both in the superior and inferior directions and the double-hump pattern was degraded. The
glaucomatous eye had a relatively high phase retardation at the inferior temporal crest. In the
inferior temporal crest, only PS-SD-OCT showed high phase retardation; however, GDx-VCC
did not. Although the reason for this difference is not clear, PS-SD-OCT showed consistent
results in the intensity images. The circular intensity image in Fig. 3.11 and the B-scan images
in Fig. 3.12 showed that the RNFL was still thick in the inferior temporal area. Although the use
of a polar plot is only another visualization technique, it would help understand the distribution
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Figure 3.13: The thickness (upper graph) and DPPR/UD (lower graph) of RNFL of the glauco-
matous eye in the annular area.
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Figure 3.14: Polar plot of the TSNIT phase retardation curve over theen facephase retardation
map of the healthy eye. The origin of the polar plot was set at the center of the annular ring used
to calculate the TSNIT curve. The range of the radial axis (phase retardation) is 0-100◦ with a
25◦ scale.

of phase retardation.

3.4 Summary

In summary, RNFL phase retardation was measured by PS-SD-OCT and GDx-VCC. In the
healthy eye, both PS-SD-OCT and GDx-VCC had the double-hump pattern of RNFL. PS-SD-
OCT had several peaks of the phase retardation near the retinal blood vessels. GDx-VCC also
had such peaks in theen facephase retardation image, but they were smoothed in the phase
retardation curve of the annular area. The DPPR/UD of the healthy eye measured by PS-SD-
OCT was in the same order of the previously published results. In the glaucomatous eye, the
double-hump pattern of RNFL was degraged in both PS-SD-OCT and GDx-VCC. The phase
retardation curve measured by PS-SD-OCT also had several peaks near the retinal blood vessels.
Both PS-SD-OCT and GDx-VCC had higher phase retardation of the inferior region than that of
the superior region, which agreed with the visual field test. The thickness and DPPR/UD of the
glaucomatous eye were less reliable than that of the healthy eye.

To our knowledge, this is the first time to compare PS-OCT and SLP quantitatively. Our
results suggest that PS-SD-OCT can measure the cumulative phase retardation of RNFL as well
as GDx-VCC. In addition, PS-SD-OCT has the ability to measure the thickness and birefringence
of RNFL. Although the further study is required, PS-SD-OCT can potentially be used to diagnose
glaucoma by using these three parameters.
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Figure 3.15: Polar plot of the TSNIT phase retardation curve over theen facephase retardation
map of the glaucomatous eye. The scale of the polar plot is the same as that in Fig. 3.14.
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Chapter 4

Fiber-based polarization-sensitive
swept-source optical coherence
tomography

Abstract

An improved algorithm of PS-OCT is developed for swept-source optical coherence tomography
(SS-OCT). The light source is a frequency swept laser centered at 1.31µm with a scanning rate of
20 kHz. A key point of this system is the frequency multiplexing of the polarization modulation
and the wavelengh sweeping. The incident polarization is modulated by a resonant electro-optic
modulator at 33.3 MHz, which is one-third of the data acquisition frequency. The zeroth- and
first-order harmonic components of the OCT signals with respect to the polarization modulation
frequency have the polarimetric information of the sample. By algebraic and matrix calculations
of the signals, this system can measure the depth-resolved Jones matrices of the sample with a
single wavelength scan. Hence, a highly dense transversal scan relative to the transversal optical
resolution is not required; however, it is mandatory if the algorithm uses multiple wavelength
sweeping to obtain a single depth scan with polarization sensitivity. This property frees the
system from the limited transversal measurement range. The phase fluctuations of the starting
trigger of wavelength scan and the polarization modulation are cancelled by monitoring the OCT
phase of a calibration mirror inserted into the sample arm. We demonstrate the potential of the
system by performing volumetric measurements of chicken breast muscle and anin vivo human
anterior eye segment. The phase retardation image shows an additional contrast in the fibrous
tissue such as the collagen fiber in the trabecular meshwork and sclera.
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4.1 Introduction

In Chapter 2, we described the PS-SD-OCT with B-scan-oriented polarization modulation. The
system is based on fiber-optic components, and it measures all elements of the Jones matrix of
the sample. Although the PS-SD-OCT system successfully measured biological samples, e.g.,
chicken breast muscle, a finger pad, a tooth, and RNFL in Chapter 3, it still had a limitation
of the transversal scanning density. In addition, the polarization-sensitive spectrometer requires
highly accurate alignment, which increases the difficulty to apply the system to clinical studies.

Swept-source OCT (SS-OCT) or optical frequency domain imaging (OFDI) is the other im-
plementation of FD-OCT [7]. The light source scans the wavelengh with narrow instantaneous
linewidth. A photodetector detects the interference of the reference light and the backscattered
light from the sample. The spectrum of the interference is recorded by a digitizer in time se-
quence. The post processing is similar to SD-OCT. In brief, the spectrum is rescaled to k-space
in order to calibrate the nonlinearity of the wavelengh scan, and Fourier transformed in order
to obtain the OCT signal. When we apply a polarization sensitivity to the SS-OCT, an advan-
tage of SS-OCT over SD-OCT is the simple implementation of the detection arm. In case of
PS-SS-OCT, a polarizing beam splitter and two photodetectors are used at the detection arm.
Since it does not have grating-based spectrometer, an alignement of the detection arm becomes
quite simple. Hence, the configuration of PS-SS-OCT is effective to achieve a low-cost, easy-
maintenance system. Another advantage of SS-OCT is the availability of frequency multiplexing
over the wavelengh scan of the light source. It enables an additional scan in a single wavelengh
scan.

In this chapter, we present a fiber-based PS-SS-OCT system based on a novel algorithm
using continuous polarization modulation. The incident polarization is modulated at one-third
of the frequency of the data acquisition. It generates frequency-shifted OCT signals with respect
to the modulation frequency. Since this method can provide the Jones matrix of the sample
with a single wavelength-scan, a highly dense scan is not required. We describe the details of
the system and theory in Section 4.2 and show the intensity, phase retardation and orientation
images of chicken breast muscle and anin vivoanterior eye segment in Section 4.3.

4.2 System and theory

4.2.1 System configuration

Figure 4.1 shows the schematic of the system. The light source is a commercially available
scanning laser (HSL-2000, Santec, Japan). A standard SS-OCT system with this light source
was reported previously [74]. The light source sweeps the wavelength at a line rate of 20 kHz
over a span of 110 nm centered at 1.31µm. The output power is 5.4 mW, and the lasing duty
cycle is 50%. The light is polarized by a linear polarizer (LP) at90◦ and modulated by a resonant
electro-optic modulator (EOM) with an optic axis of45◦ (EO-AM-R-033.3-C3, Nova Phase,
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Inc). The EOM sinusoidally modulates the phase retardation between the horizontal and vertical
polarizations of light at a frequency of 33.3 MHz and a modulation amplitude of 2.405 radians.
A function generator (33250A, Agilent Inc) and an RF amplifier (RFAMP-150, Nova Phase, Inc)
with a voltage gain of 25.5 dB drive the EOM. The modulated light is coupled to a single mode
fiber coupler. 10% of this modulated light is directed to the reference arm and 90% to the sample
arm. In the reference arm, in-line polarization controllers (PC) and an LP have a role in obtaining
a constant optical power and a constant state of polarization at the reference arm independent of
the incident polarization modulation by the EOM. For this purpose, a photodetector connected to
an oscilloscope in the reference arm monitors the optical power, and is utilized in aligning of the
PCs and LP. The reference light is then coupled to a polarization-maintaining fiber (PMF). In the
sample arm, 99% of the light illuminates the sample through a two-axis galvanometer scanner
and an objective lens with a 60 mm focal length. The theoretical transversal resolution at the
focus is 32.2µm. 1% of the probing light is directed to a mirror in order to provide a calibration
signal for the timing-phase difference between the EOM and the data acquisition of each spectral
acquisition. The details of this active calibration are described in Section 4.2.3. Back-reflected
light from the sample arm is coupled to the PMF. The reference and sample beams are directed
to a polarization-maintaining fiber coupler (PMC) and interfered with each other. In-line fiber-
optic polarizing beamsplitters (PBSs) are attached to the two output ports of the PMC. The
horizontally and vertically polarized signals are detected by two balanced photoreceivers (Model
1817, New Focus, Inc.). The detected signals are bandpass filtered from 300 kHz to 55 MHz and
amplified electrically. A data acquisition board (Octopus CS8349, Gage Applied Technologies,
Inc.) acquires the data at 100 MS/s.

4.2.2 Principle of polarization-sensitive detection

In this subsection, we first describe the polarization in the system using the Jones formalism.
Then, we derive derive the birefringence of the sample.

The phase modulation of the EOM is

φ = A0 sin(ωmt), (4.1)

whereA0 = 2.405 radians andωm is the frequency of the polarization modulation. The Jones
matrix of the EOM with the fast axis ofπ/4 can be written as(

cos φ
2 i sin φ

2

i sin φ
2 cos φ

2

)
. (4.2)

By applying Eq. (4.2) to the Jones vector of the vertically polarized light, the Jones vector of the
light after athe modulation by the EOM is derived as(

Hi

Vi

)
=

(
i sin φ

2

cos φ
2

)
. (4.3)
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Figure 4.1: Schematic of the system. SS: frequency swept laser source, PC: in-line polarization
controller, LP: linear polarizer, EOM: electro-optic modulator, D: photodetector, BS: nonpolariz-
ing beamsplitter, PMF: polarization-maintaining fiber, PMC: polarization-maintaining coupler,
PBS: in-line fiber-optic polarizing beamsplitter, H ch.: balanced photoreceiver of horizontally
polarized light channel, V ch.: balanced photoreceiver of vertically polarized light channel.

42



We define the Jones matrix that accounts for the birefiringence of the fiber-optic components and
the sample as

Jall = JoutJsamJin =

(
j1,1 j1,2

j2,1 j2,2

)
, (4.4)

whereJin is a Jones matrix from the EOM to the sample surface,Jsam is a depth-dependent
double-pass Jones matrix of the sample, which we want to determine, andJout is a Jones matrix
from the sample surface to the PMC. The Jones vector of light from the sample at the PMC can
be represented as (

Hsam

Vsam

)
= Jall

(
Hi

Vi

)
=

(
j1,2 cos φ

2 + ij1,1 sin φ
2

j2,2 cos φ
2 + ij2,1 sin φ

2

)
(4.5)

The Jones vector of the reference light at the PMC can be represented as

Eref =

(
Href

Vref

)
=

(
Hr

Vr

)
e−i φ

2 , (4.6)

whereHr andVr represent the phase constants without the polarization modulation. The hori-
zontally polarized component of the interference signal of the reference and sample beams at the
detection arm is

Ih(t) = |Href |2 + |Hsam|2 + Href(t)H∗
sam(t) + c.c., (4.7)

wherec.c. denotes the complex conjugate of the third term. The first and second terms are
suppressed by the balanced photoreceiver. The third andc.c. terms represent the OCT signal
and its mirror corresponds to the positive and negative frequency components of the spectral
interference signal. The path length of the reference arm is adjusted so that the positive and
negative frequency terms of the OCT signal do not overlap with each other in the axial depth
range. Therefore, we consider only the third term in the following equations. The detected
signalIh(t) is Fourier transformed and rearranged as

Ĩh(t̃) = F [Href(t)H∗
sam(t)] =

Hr

2
{F [j∗1,2 − j∗1,1] + F [j∗1,2 + j∗1,1] ∗ F [e−iφ]}, (4.8)

whereĨh denotes the interference part of the signal,t̃ is the Fourier conjugate oft, andF [·] and∗
denote the Fourier transform from time to its Fourier spectral domain and a convolution operator,
respectively. Here, we have to note that the spectral interference signal obtained is not rescaled
to the optical frequency domain. This is because the polarization modulation of the probe beam
is even in the sampling timing. The second term was shifted in thet̃ domain because of the
polarization modulation by the EOM.F [e−iφ] can be rearranged as

F [e−iφ] =
∞∑
l=0

[
J2l(A0) {δ(k − 2lωm) + δ(k + 2lωm)}

− J2l+1(A0) {δ(k − (2l + 1)ωm) + δ(k + (2l + 1)ωm)}
]
,

(4.9)
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using the expansion of the Bessel functions to the trigonometric terms,
sin[φ(t)] =

∞∑
l=0

2J2l+1(A0) sin[(2l + 1)ωmt]

cos[φ(t)] = J0(A0) +
∞∑
l=1

2J2l(A0) cos[(2l)ωmt]
(4.10)

where the italicized capital lettersJ0(A0), J2l(A0), andJ2l+1(A0) are the Bessel functions of
the first kind of the order of0, 2l, and2l + 1, respectively. Since we setA0 = 2.405 radians, the
zeroth-order Bessel function disappears, namely,J0(A0) = 0. Eqations (4.8) and (4.9) suggest
that the zeroth (l = 0) and first (l = 1) order terms are distinctive in the Fourier-spectrum space,
and we can distinguish these two signals as

Ĩh0(z) =
Hr

2
(j∗1,2 − j∗1,1), (4.11)

Ĩh1(z) = −J1(A0)Hr

2
(j∗1,2 + j∗1,1), (4.12)

whereĨh0(z) and Ĩh1(z) are the zeroth- and first-order horizontally polarized OCT signals, re-
spectively.

Figure 4.2 shows the schematic diagram of the detected signal in the Fourier-spectral domain.
Since the detected signals are of real values, the zeroth-order signal has positive and negative
frequency components close to the zero depth. The polarization modulation generates the±
first-order signals with respect to the frequency of the EOM (the negative first-order signal is not
shown in Fig. 4.2). The zeroth- and first-order complex signals correspond to the first row of the
Jones matrix as shown in Eqs. (4.11) and (4.12). In the Fourier-spectral domain shown in Fig.
4.2, they are windowed and extracted individually. The first-order signal is then shifted so that the
frequency of the polarization modulation is demodulated. The zeroth-order and the shifted first-
order signals are individually inverse Fourier transformed to the original detection domain, which
results in complex interference spectra. The real and imaginary parts of the complex spectra of
the zeroth- and first-order signals are individually rescaled in order to calibrate the nonlinearlity
of the frequency sweeping of the light source. Finally, two complex spectral interference signals
linearly tuned in the optical frequency are obtained.

When the path lengths of the PMF in the reference and sample arms are different, there arises
a difference between the path lengths of horizontally and vertically polarized OCT signals. This
is because the refractive indices of horizontally and vertically polarized modes in the PMF are
different. It is compensated for by accuracy higher than a single pixel through the numerical
adjustment of the first-order dispersions to the horizontally and vertically polarized spectra indi-
vidually. The remaining path-length mismatch between the horizontally and vertically polarized
OCT signals results in the constant phase accounted byHr andVr. Hence, we can safely ignore
it, as described later.
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Figure 4.2: Diagram of the detected signal after Fourier transform.

The mismatch of the second-order dispersion between the reference arm and the sample arm
is compensated numerically for all spectra. The compensated spectra are Fourier transformed,
and the depth-resolved signalsĨh0(z) andĨh1(z) are obtained.

In our implementation, the signal stability of the first-order negative signal is higher than
that of the first-order positive signal because of the noise properties of the system. Therefore, the
zeroth- and first-order negative signals are used for the calculation.

Equations (4.11) and (4.12) are rearranged in order to obtain two elements of the Jones matrix
Jall as

Hrj
∗
1,1 = −

(
Ĩh0 +

Ĩh1

J1(A0)

)
, (4.13)

Hrj
∗
1,2 = Ĩh0 −

Ĩh1

J1(A0)
. (4.14)

In the same manner, the other two elements of the Jones matrix can be calculated using the
vertically polarized signals as

Vrj
∗
2,1 = −

(
Ĩv0 +

Ĩv1

J1(A0)

)
, (4.15)

Vrj
∗
2,2 = Ĩv0 −

Ĩv1

J1(A0)
. (4.16)

We obtain the Jones matrixJmeasured by combining Eqs. (4.13), (4.14), (4.15), and (4.16) as

Jmeasured =

(
H∗

r 0
0 V ∗

r

)−
(
Ĩ∗h0 + Ĩ∗h1

J1(A0)

)
Ĩ∗h0 −

Ĩ∗h1
J1(A0)

−
(
Ĩ∗v0 + Ĩ∗v1

J1(A0)

)
Ĩ∗v0 −

Ĩ∗v1
J1(A0)

 . (4.17)

We set the LP and PC in the reference arm in order to satisfy the condition|Hr| = |Vr|. Hence,
we can omit the amplitudes of the first matrix on the right-hand side of Eq. (4.17). It is arranged
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as

Joffset =

(
1 0
0 eiγ

)
, (4.18)

whereeiγ = ̸ (V ∗
r )− ̸ (H∗

r ). Joffset describes the constant phase offset between the horizontally
and vertically polarized signals due to an effect of the PMF in the reference and sample arms.
Equation (4.18) is clearly a unitary matrix. The measured Jones matrix can be described as

Jmeasured = JoffsetJall. (4.19)

Assuming that fiber-optic components have no diattenuation,Jin andJout can be charac-
terized as elliptic retarders, namely, unitary matrices. In order to compensate the effects of
the fiber-optic components, namely,Jin,Jout andJoffset, we apply the matrix diagonalization
method developed by Park et al. [39] These procedures finally provide the phase retardation,
diattenuation, and relative orientation of the sample.

4.2.3 Calibration of phase fluctuation

Since the PS-SS-OCT is a phase-sensitive system, the phase fluctuation results in an artifact
of the measurement. The sources of the phase fluctuation are the jitter of the start trigger of
the wavelength sweeping generated by the light source, which we define as A-trigger, and the
asynchronous driving between the data acquisition and the polarization modulation by the EOM.
In this subsection, we describe how they affect the system and how they can be cancelled.

The DAQ receives an A-trigger from the light source and starts the acquisition. The A-trigger
has a fluctuation in the timing because it is generated by a photodetector equipped with a narrow
optical bandpass filter and is not sufficiently accurate to be synchronized with the timing clock
of the DAQ. The A-trigger fluctuation in successive A-scans causes the phase error among the
OCT signals that linearly increases to the axial depth. Both zeroth- and first-order OCT signals
are affected by the same phase error. Vakoc et al. have developed a method to compensate the
A-trigger fluctuation [75]. In their method, a calibration mirror in the sample arm is used as a
phase reference. We apply a modified version of their method to our system.

According to the shift theorem of the Fourier transform, the phase error can be written as
exp{−i2αzε(n)}, whereα is the wavenumber-sweeping rate of the light source (−1.6 · 1010

m−1s−1) andε(n) is the acquisition timing offset of then-th A-scan. The zeroth-order horizon-
tally polarized OCT signal̃Ih0 is then rewritten asexp{−i2αzε(n)}Ĩh0. The other OCT signals
Ĩh1, Ĩv0, and Ĩv1 are also affected by the same phase fluctuation. From Eq. (4.17), the phase
error is common for all elements ofJall, namely,

J′
measured = ei2αzε(n)Jmeasured = ei2αzε(n)JoffsetJall. (4.20)

Hence, the A-trigger fluctuation does not change any property ofJ′
measured in the sense of a

Jones matrix.
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The second source of the phase fluctuation is the phase difference between the DAQ and
the EOM. The light source has a polygon mirror scanner and the EOM is driven by a resonant
electric circuit. Since these devices cannot be controlled externally during the resonant driving,
it is difficult to synchronize them. Therefore, they are not synchronized in our system. This
induces a phase offset to the polarization modulation. Equation (4.1) is rewritten as

φ′ = A0 sin(ωmt − δ(n)), (4.21)

whereδ(n) is the phase offset of then-th A-scan. Subsequently, equation (4.8) is rewritten as

Ĩh(z) =
Hr

2
{F [j∗1,2 − j∗1,1] + eiδ(n)F [j∗1,2 + j∗1,1] ∗ F [e−iφ]}. (4.22)

Equation (4.22) shows that the phase offset of the polarization modulation causes a depth-
independent phase offset of the first-order signal. From Eqs. (4.17) and (4.20), the measured
Jones matrix can be rewritten and rearranged to factorize the term involvingδ(n) as

J′′
measured = ei2αzε(n)Joffset

−
(
Ĩ∗h0 + e−iδ(n)Ĩ∗h1

J1(A0)

)
Ĩ∗h0 −

e−iδ(n)Ĩ∗h1
J1(A0)

−
(
Ĩ∗v0 + e−iδ(n)Ĩ∗v1

J1(A0)

)
Ĩ∗v0 −

e−iδ(n)Ĩ∗v1
J1(A0)


= ei2αzε(n)JoffsetJallJoffset2,

(4.23)

where

Joffset2 =
1
2

(
e−iδ(n) + 1 e−iδ(n) − 1
e−iδ(n) − 1 e−iδ(n) + 1

)
. (4.24)

Note that Eq. (4.24) is a unitary matrix.
Equation (4.23) shows that the A-trigger fluctuation and phase difference between the DAQ

and the EOM induce the depth-dependent global phase offset and the depth-independent unitary
matrix. They have limited effects to the measured Jones matrix, because they generate no artifact
after the matrix diagonalization for a single A-scan.

If the surface Jones matrix is extracted from each depth scan, the speckle noise of the sample
surface significantly degrades the phase retardation and orientation images because of the failure
of the matrix diagonalization. To overcome this problem, the surface Jones matrices have to be
averaged. However, the averaging is not possible because of the phase fluctuation. In addition,
we cannot remove the fixed pattern noise numerically. Therefore, we should compensate them.

To compensate the phase difference between DAQ and EOM, first we calculate the relative
phase difference of the OCT signals from the calibration mirror between the zeroth andn-th
A-scans,

ei{δ(n)−δ(0)} =

{
eiδ(n)e−i2αzε(n)Ĩh1

e−i2αzε(n)Ĩh0

}/{
eiδ(0)e−i2αzε(0)Ĩh1

e−i2αzε(0)Ĩh0

}
. (4.25)

Then-th A-scan is divided by Eq. (4.25) in order to eliminateδ(n) as

1
ei{δ(n)−δ(0)} eiδ(n)e−i2αzε(n)Ĩh1 = eiδ(0)e−i2αzε(n)Ĩh1. (4.26)
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To compensate the A-trigger fluctuation, we can use the zeroth-order calibration signal, be-
cause the zeroth-order signal is affected only by the A-trigger fluctuation. The counter phase
is generated based on the zeroth-order calibration signal and is applied to all the OCT signals of
Ĩh0, Ĩh1, Ĩv0, and Ĩv1. As a result, the zeroth- and first-order OCT signals are compensated as
exp{−i2αzε(0)}Ĩh0 andexp{iδ(0)} exp{−i2αzε(0)}Ĩh1, respectively.

In practice, the A-trigger fluctuation is greater than one sampling time of the DAQ, ap-
proximately five sampling times (50 ns), due to the limited accuracy of the A-trigger generator
equipped with the light source. This results in the phase wrapping ambiguity of the correction
by the calibration mirror, because it locates at the deep position. Instead of a more accurate
but expensive A-trigger source, such as what uses a fiber Bragg grating, we use a fixed pattern
signal at a depth of 0.2 mm for a rough calibration of the A-trigger fluctuation. Subsequently,
we use the calibration mirror at the deep position (3.7 mm) for a fine calibration. This two-step
method can sufficiently calibrate the A-trigger fluctuation, which cannot be done with only a
single calibration signal.

We measured a static mirror as a sample to confirm the calibration of the phase fluctuations.
The probing light was attenuated by a neutral density filter. The galvanometer scanner was
turned off. The sample and calibration mirror were placed at depths of1.9 mm and3.7 mm,
respectively. The OCT signals̃Ih0 and Ĩh1 of the calibration mirror with signal-to-noise ratios
(SNRs) of33.2 dB and26.8 dB, respectively, were used to cancel the phase fluctuations. The
signal phases of 512 A-lines were acquired at the depth of the sample. The standard deviations
of the phases of̃Ih0, Ĩv0, Ĩh1, andĨv1 of the sample were0.040, 0.042, 0.055, and0.055 (rad)
with SNRs of 41.4, 36.4, 32.1, and 33.8 (dB), respectively. The standard deviations of the phase
differences between two adjacent A-lines ofĨh0, Ĩv0, Ĩh1, and Ĩv1 of the sample were0.016,
0.023, 0.062, and0.059 (rad), respectively. This result is within the same order as that of the
results of previous studies on phase-resolved SS-OCT systems [75,76].

At this point, the phase fluctuations among each A-scan were cancelled, and only a constant
phase offset remains. Equation (4.23) becomes identical for all A-scans. As a result, the effects
of the phase fluctuations are cancelled by this calibration. After the calibration, the surface Jones
matrices are averaged and applied to all the A-scans in the process of matrix diagonalization.
The spectra of the fixed pattern noise are obtained by averaging the spectra ofĨh0, Ĩh1, Ĩv0, and
Ĩv1 individually, and the former spectra are removed from the original spectra.

The schemes of the signal processing of PS-SS-OCT is summarized in a diagram shown in
Fig. 4.3.

4.3 Results

4.3.1 Measurements of a quarter-wave plate and linear polarizer

In order to test the system after the calibration, a quarter-wave plate (QWP) and an LP were mea-
sured. The orientation was rotated from0◦ to 180◦ with a10◦ increment, and 128 A-scans were
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Figure 4.3: Flowchart of the data processing. Since the process of the vertically polarized chan-
nel is almost the same as that of horizontally polarized channel, its description is abbreviated.
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Figure 4.4: (a) Double-pass phase retardation of the QWP, (b) double-pass diattenuation of the
LP, and (c) relative orientation of the QWP and LP.

averaged for each measurement. Figures 4.4 (a) and (b) show the double-pass phase retardation
of the QWP and the double-pass diattenuation of LP, respectively. The averaged double-pass
phase retardation of the QWP was174 ± 2◦ and the averaged double-pass diattenuation of the
LP was0.97± 0.01. They were slightly lower than the expected values because of the wrapping
effect of the noise near the edge of the range. The orientation relative to0◦ is shown in Fig.
4.4 (c). The least squares fitted slopes of the QWP and LP were0.99 ± 0.01 and0.97 ± 0.01,
respectively. The expected and measured orientations were in good agreement.

4.3.2 Measurements of biological samples

To demonstrate the potential of the system, we performed anin vitro measurement of chichen
breast muscle. The three-dimensional intensity, phase retardation, and orientation images are
shown in Fig. 4.5. A transversal scanning range of 1.6 cm was imaged with 512 axial scans. The

intensity image with polarization diversity was calculated as20 log
{(

|Ĩh0| + |Ĩv0|
)}

. The fixed
pattern noise, including the calibration mirror, was obtained by averaging the spectra in a B-scan
image and it was removed from the image. Since the averaged surface Jones matrix was used
as a reference to cancel the birefringence of the fiber-optic components, the phase retardation
was zero at the surface of all B-scans. The phase retardation cyclically changed along the depth.
The orientation had abrupt90◦ shifts due to the phase wrapping at180◦ phase retardation [53].
These images indicate that the system can measure the birefringence of the biological sample in
the entire imaging range.

An in vivo human anterior eye segment was imaged by the system. Figure 4.6 shows the
horizontally scanned images of the anterior chamber angle at the temporal side of anin vivo hu-
man right eye. The transversal scanning range of 5.0 mm (horizontal)× 4.7 mm (vertical) was
imaged with 512× 237 A-lines, where the fast scan was oriented in the horizontal direction and
the slow scan in the vertical direction. The intensity image showed the corneal limbus, anterior
chamber angle, iris, and sclera. The phase retardation image showed a highly birefringent area
with approximately total2π phase retardation (arrow). This feature was maintained in all the
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Figure 4.5: Intensity (upper), phase retardation (middle) and orientation (lower) images of the
chicken breast muscle. The image size is 1.6 cm (transversal)× 4.0 mm (axial) in air. The phase
retardation image and the orientation image are indicated in gray scale from black (0◦) to white
(180◦ and90◦, respectively).

B-scans. According to our anatomical knowledge, we believe that this area corresponds to the
trabecular meshwork, which has an important role in draining the aqueous flow. The cumulative
phase retardation of the cornea and trabecular meshwork was projected on the iris. The pro-
jected phase retardation did not change in the iris, except in the iris pigment epithelium (IPE).
The phase retardation of IPE was random and not consistent with the above region of the iris.
The random appearance of birefringence, i.e., the so-called polarization scrambling, was clearly
visible in the movie because the phase retardation did not have a correlation among the succes-
sive frames. Scleral birefringence was clearly observed in all the B-scans. These features of the
phase retardation are in good agreement with those of a previous study conducted by Pircher et
al. using time-domain PS-OCT [77].

4.4 Discussion

Our PS-SS-OCT system can measure the Jones matrices of the sample with a long transversal
range without a highly dense scan. The algorithm was similar to the time-domain PS-OCT
with continuous source polarization modulation [41] and the PS-SD-OCT with B-scan-oriented
polarization modulation [45], except the frequency multiplexed detection of two polarization
channels based on the continuous polarization modulation.

In our PS-SS-OCT system, the polarization-modulated light was fed into both the reference
and sample arms. A different optical configuration would be possible by inserting the EOM into
the sample arm. In this case, the same algorithm is applicable if we double the modulation volt-
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Figure 4.6: Intensity (upper left), phase retardation (upper right) and orientation (lower right)
images of thein vivo human anterior eye segment. The size of the images was 5.0 mm× 3.9
mm in air.
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age applied to the EOM. Although we have not employed this configuration due to a limitation in
the RF amplifier, it is beneficial because the calibration of the PC and monitoring of the optical
power in the reference arm are not required.

In the current setup, the depth range was shortened to one-third of the conventional SS-OCT.
A direct method for extending the depth range is to increase the sampling frequency of the AD
conversion. The other way is to optimize the modulation frequency. We can set the frequency
of the polarization modulation at the Nyquist frequency of the data aquisition and suppress the
first-order positive frequency image by a sharp electric low-pass filter. The remaining first-order
negative frequency image can be used for processing the Jones matrix. With this configuration,
the depth range can be extended up to half of what is achieved by the conventional SS-OCT. In
this study, we use a sufficient margin to measure the entire first-order OCT signal.

When the sample is illuminated by 2.0-mW probing light and the backscattered light from
the sample is evenly detected by the two photodetectors, the theoretical shot-noise-limited sen-
sitivity [7] without polarization modulation is 115.2 dB. Assuming that there is no birefringence
of the fiber-optic components and the sample and no phase fluctuation, the sensitivity of the
zeroth-order OCT signal drops at -6 dB, which results in a sensitivity of 109.2 dB. The measured
sensitivity is 101.7 dB at the depth of 566µm. A dominant factor of the difference between the
theoretical and measured values was probably the relative intensity noise due to an incomplete
suppression by the balanced detection [78].

4.5 Summary

We have demonstrated that fiber-based PS-SS-OCT can be performed with continuous source
polarization modulation. By extracting the zeroth-order and first-order OCT signals with respect
to the frequency of the polarization modulation, the Jones matrix of the sample is measured with
a single A-scan. The calibration method for canceling the phase fluctuations from the A-trigger
and the timing between the data acquisition and the polarization modulation has been developed.
The imaging of the anterior eye segment shows the ability of PS-SS-OCT to provide additional
contrast that could not be imaged by conventional SS-OCT.
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Chapter 5

Conclusion

In this dissertation, we have developed fiber-based PS-OCT systems. A PS-SD-OCT system was
developed at 840 nm. The polarization-sensitive spectromter was aligned so that the artificial
phase is minimized. A method of B-scan-oriented polarization modulation was developed. High
imaging speed and three-dimensional measurement of the phase retardation was achieved forex
vivo and in vivo biological samples. The phase retardation images of chicken breast muscle, a
finger pad, and caries lesion of a tooth showed the additional contrasts of the fibrous tissue.

The high-speed and highly-sensitive PS-SD-OCT system enabled the visualization of three-
dimensional phase retardation image of RNFLin vivo. En facephase retardation maps of RNFL
was measured by PS-SD-OCT and GDx-VCC. The double-hump pattern of RNFL of the healthy
eye was obserbed by both systems. The DPPR/UD was calculated using the thickness and the
cumulative phase retardation measured by PS-SD-OCT. The DPPR/UD measured by PS-SD-
OCT was in good agreement with the previous reports. The glaucomatous eye also had similar
en facephase retardation maps of PS-SD-OCT and GDx-VCC. Manual segmentation of the
thickness of RNFL was not reliable for the glaucomatous eye, which resulted in unreliable result
of the DPPR/UD. Improvement of segmentation method and axial resolution would help further
study of glaucoma. Theen facephase retardation map, the B-scan intensity images of PS-SD-
OCT, and the visual field test had the consistent result. Our result suggested that the PS-SD-OCT
might have a possibility to diagnose glaucoma using the intensity, cumulative phase retardation,
and the birefringence of RNFL.

Fiber-based PS-SS-OCT with continuous source polarization modulation was developed at
1.3µm. All elements of Jones matrices was calculated using a single wavelength scan without
restriction of the transversal scanning density. Arbitrary transversal scanning range can be set in
this system. The phase retardation image of the anterior eye segment revealed the birefringence
of trabecular meshwork, which would be important to see the relation with the function of the
trabecular meshwork.

We showed that both PS-SD-OCT and PS-SS-OCT systems could measure birefringence of
the sample with high imaging speed and high sensitivity. In addition to applications for RNFL
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and anterior eye segment, another promising applications of PS-OCT for age-related macular
degeneration and photo-aged skin were demonstrated by Miura et al. and Sakai et al., respec-
tively [79, 80]. PS-OCT would have further applications in extensive clinical researches related
to fibrous tissues. For the further study and to prove the diagnostic performance, more volunteers
and patients have to be measured and analyzed statistically.
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