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Abstract

Spectral-domainoptical coherence tomography (SD-OCT) is a cross-sectional imag-
ing technique for biological tissues with high spatial resolutions. Owing to the su-
perior sensitivity of SD-OCT over the conventional time-domain OCT (TD-OCT),
it has undergone rapid development in the past few years and has proved to be a
promising technique for clinical and biological applications. One limitation of SD-
OCT is the formation of coherent ghost images, which restrict the imaging depth
range. In order to overcome this problem, one solution that does not sacrifice the
high imaging speed is presented. The basics of the procedure are described and
altered so as to suit high-speed imaging andin vivo biological tissue imaging has
been demonstrated.

The most successful application of OCT technology is in retinal disease diag-
nosis. The high sensitivity of SD-OCT is suitable for this application since the level
of light illumination is restricted for reasons of eye safety. High-speedin vivo reti-
nal imaging is achieved. Three-dimensional (3D) imaging is achived with motion
correction, although the involuntary head movements are problematic. Two types
of motion correction methods are introduced for inter-axial-scan and inter-frame
motion, respectively. After the corrections, the 3D structures of a healthy human
retina and retinal diseases (age-related macular degeneration and macular hole) are
observed.

Finally, noninvasive angiography forin vivohuman eye is demonstrated. Three-
dimensional flow imaging has been performed with SD-OCT and the 3D vascula-
ture of ocular vessels has been visualized. By integrating the volume sets of flow
images, two-dimensional (2D) images of blood vessels are obtained. Retinal and
choroidal blood vessel images are simultaneously produced by separating the vol-
ume set into a retinal part and a choroidal part. These images are compared to the
existing techniques of ophthalmic angiography, i.e., fluorescein angiography and
indocyanine green angiography.
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Chapter 1

Introduction

1.1 Overview

Medical imaging has had a sigificant impact on medical diagnosis. It assists med-
ical doctors in diagnosing diseases and abnormalities and in checking treatments.
The rise of modern medical imaging can be attributed to the development of key
technologies.

In the past decade, technological advances in the fields of fiber optics, light
sources, optical detectors, and so on, have resulted in the development of a new
biomedical imaging modality called optical coherence tomography (OCT) [1]. OCT
has a high spatial resolution and can be used for non-invasive imaging the cross-
section of biological tissues in the range of several millimeters. The applications
of OCT extend to several clinical and biological fields, e.g., ophthalmology [2],
dermatology [3], gastroenterology [4], cardiology [5], dentistry [6], and neurol-
ogy [7]. The rapid advancement of OCT technology has led to thedevelopment
of ultrahigh-resolution imaging [8] and high-speed real-time imaging [9]. Further-
more, functional imaging has been developed for investigating polarization prop-
erties [10; 11] and blood flow [12; 13; 14; 15] and as a means of spectroscopic
imaging [16; 17; 18].

During OCT development another modality called spectral-domain OCT (SD-
OCT) was introduced [19], which could overcome the limitations of conventional
OCTs; further, it proved its ability to performin vivo imaging [20]. The advantage
of SD-OCT over conventional time-domain OCT (TD-OCT) with regard to sensi-
tivity has been suggested [21; 22; 23] and proved experimentally [24]. This crucial
advantage allows high-speed imaging with a high signal-to-noise ratio, which can
be realized by using modern high-speed CCD cameras [24; 25].

1.2 Spectral-domain optical coherence tomography

In SD-OCT systems, backscattered low-coherence light is mixed with a reference
beam by an interferometer then, each spectral component is separated by a grating-

1
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Figure1.1: Schematic diagram of SD-OCT

based spectrometer and detected using a linear detector array. The detected signal
is expressed as

I(k) = S(k)|
√

Rrrr +
√

Rs

∫
as(z)e−ikzdz|2, (1.1)

where I(k) denotes the detected spectrum;S(k), the power spectrum of light
source;rr, the amplitude reflectivity of the reference arm; andas(z), the axial pro-
file of the amplitude backscattering coefficient of the sample.Rr andRs denote
the total power splitting ratios of the reference beam and the sample beam from
the light source to the detection arm. The phase terme−ikz denotes the phase-
offset due to the optical path length difference between the reference beam and the
backscattered beam. In order to reconstruct the axial profileas(z), the spectrum is
inverse Fourier transformed so that it can be described by the expression

F−1
k [I(k)](z) = P0V (z/c) ⊗

[
Rr|rr|2δ(z) + RsACz(as(z))

+
√

RrRsr
∗
ras(z) +

√
RrRsrra

∗
s(−z)

]
,

(1.2)

whereV (z) is the temporal coherence function of the light source (V 3 [0, 1]),
Fz[](k) is the Fourier transform fromz-space tok-space, andACz() is the auto-
correlation function along thez-direction. The first two terms are the autocorrela-
tions of the reference beam and backscattered beam, respectively.

The third term shows the sample structure, and the fourth term is the reversed
signal of the third term atz = 0. When the image crosses over the zero delay,
z = 0, the auto-correlation terms and the reversed image overlap. The offset of
the path length difference is constantly added in the interferometer to separate the
real image from the coherent ghost images so that the half of the axial range is
occupied.
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1.2.1 Resolutions

OCT is a depth-resolved imaging technique that utilizes a low-coherence light
source to enable the extraction of backscattered light from certain depths in bi-
ological tissues. SD-OCT works on the same concept, and the definitions and
limitations of the spatial resolutions of SD-OCT and TD-OCT are the same.

OCT (also SD-OCT) is usually implemented using a fiber-optic interferome-
ter. Therefore, the confocal effect is caused by an optical fiber. The combination
of high conforcality and coherence gating allows high selectivity of backscattered
light around the focusing point [26]. The axial resolution is determined by co-
herence length of the broadband light source. If the light source spectrum has a
Gaussian shape, the axial resolution is given by [27],

δz =
2 ln 2
nπ

λ2
0

∆λFWHM
, (1.3)

whereλ0 is the central wavelength;∆λFWHM , the full width at half maximum
(FWHM) of the light source spectrum; andn, the refractive index of tissue.

On the other hand, the lateral resolution depends on the beam spot size on
the samples in an identical manner to the dependence observed in laser imaging
techniques. If the beam shape is assumed to be Gaussian profile, the beam diameter
on the focusing plane,∆x, is expressed as [27]

∆x =
4λ0

nπ

f

d
, (1.4)

wheref denotesthe focal length of the objective lens andd denotes the beam
diameter on the lens. This is the lateral resolution only for the in-focus case. De-
focusing causes a large beam diameter. The depth-of-focus is defined to be twice
theRayleigh − range, and it can be expressed as,

2zR =
π∆x2

2λ0
. (1.5)

1.2.2 Sensitivity advantage

The main advantage of SD-OCT over the conventional TD-OCT is higher sensi-
tivity. Several studies have reported this sensitivity advantage [21; 28; 22; 23; 29].
This advantage is briefly described as follows.

TD-OCT extracts the backscattered light only from within the coherence gate,
while backscattered light also exists outside the gate. Thus, this light does not con-
tribute toward the signal. In contrast, SD-OCT detects the backscattered light from
the entire depth range parallely (not directly, but with frequency-domain detection);
consequently, SD-OCT exhibits high sensitivity superior to that of TD-OCT.

The comparison between the sensitivities of both systems is described as fol-
lows.
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Sensitivity of SD-OCT

From the signal-to-noise ratio of SD-OCT, (Appendix A), the sensitivity of SD-
OCT can be expressed as,

SSD =
SNRSD,max

SNRSD,min
(1.6)

Since SD-OCT is characterized by parallel detection in the frequency-domain, the
integration time is relatively long; thus, shot noise dominates the intensity noise
[30]. The sensitivity approaches the photon shot noise limit even with high-speed
imaging and without balanced detection [24]. The shot-noise-limited sensitivity of
SD-OCT is givien by

S shot
SD =

ητ

hν0
εPs, (1.7)

whereεPs = RsP0, Ps is the power of light illuminating the sample andε is the
parameter of the interferometer and is defined as the efficiency of light transmitted
from the probing arm to the detection arm.

Sensitivity of TD-OCT

In TD-OCT, the excess photon noise will dominates photon shot noise for the con-
ditions of high-speed detection [31]. Thus, balanced detection is required for shot-
noise-limited detection. The shot-noise-limited sensitivity of TD-OCT is defined
as [32]

S shot
TD =

ηεPs

hν0BW
, (1.8)

whereBW denotes the detection bandwidth.

For comparison, we assume that the same light source and configuration of the
interferometers are used and that the quantum efficiencies of the detectors are the
same i.e.P0, ν0, ε, andη are the same. If the spectrum of the light source has a
Gaussian shape, the optimalBW can be expressed as[9]

BW = 2
∆λFWHMVg

λ2
0

, (1.9)

whereVg denotesthe group velocity induced by an optical delay-line. When the
depth is scanned with a constantVg by TD-OCT; and the observation time of one
axial scan and the ranging depth are the same, the relationship between the detec-
tion bandwidthBW and the integration timeτ is givien by

BW = 2
∆λFWHM

λ2
0

nZRD

τ
, (1.10)
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whereZRD is the ranging depth andn is the refractive index of tissues. By using
the ranging depth of SD-OCT [eq. (1.12)], the relationship between the shot-noise-
limited sensitivities of SD-OCT and TD-OCT is expressed as

S shot
SD =

1
2

∆λFWHM

∆λ
S shot

TD . (1.11)

In eq. (1.11), the factor is proportional to the ratio of the ranging depth to the axial
resolution∆λFWHM/∆λ ∼ ZRD/δz. Thus, the sensitivity gain of SD-OCT over
TD-OCT become larger with the condition of the deep ranging depth and the high
axial resolution.

1.2.3 Axial range limitations

The measurable axial range of SD-OCT is limited by the sampling interval of wave-
length. In contrast, in TD-OCT, it is defined by the scanning range of the optical
delay-line. The ranging depth is defined as [19]

ZRD =
λ2

0

4n∆λ
, (1.12)

where∆λ denotesthe sampling interval of wavelength defined by the detector
separation of a linear detector array.

One of drawbacks of frequency-domain detection is the signal decay, which is
dominated by spectrometer resolution. The point spread function in the frequency
domain corresponds to the window function in the time domain so that the signal
intensity depends on the depth, although the reflectivity is the same. The formula
of the reduction is provided by Yun et al. [33] as

R(z) =
(

sinζ

ζ

)2

exp
[
− w2

2 ln 2
ζ2

]
, (1.13)

whereζ = (π/2)(z/ZRD) is the normalized depth andw = δλ/∆λ, whereδλ is
the resolution of the spectrometer.

1.3 Aim of thesis

In this dissertation, the fundamental limitation of SD-OCT and one of its solutions
are discussed in Chapter 2, and the applications of SD-OCT are described in Chap-
ters 3 and 4. In Chapter 3, a high-speed ophthalmic SD-OCT system used forin
vivo human eye imaging is demonstrated. Further, the 3D vasculature imaging of
the human eye is explained in Chapter 4.





Chapter 2

High-speed complex
spectral-domain optical
coherence tomography∗

Although SD-OCT is a promising imaging modality, it is problematic in terms of
coherent ghost images. An SD-OCT image is computed from a measured spectral
interferogram, namely, the joint “power” spectrum of a probe beam and a refer-
ence beam by digital Fourier transform. Hence, the resulting SD-OCT image con-
sists of not only a primary OCT image but also the conjugate of the OCT image
and two auto-correlation of the probe beam and the reference beam. These auto-
correlations and the conjugate image, referred to as coherent ghost images. The
offset of path length difference is constantly added in an interferometer to sepa-
rate the real image and the conjugate image so that the half of the axial range is
occupied. Furthermore, the region around zero path length difference is discarded
to reject auto-correlation terms. This region is the most sensitive region since the
signal-to-noise ratio is decreased as path length difference is increased (Sec. 1.2.3).
This problem will be more serious with ultra-broadband light source since to main-
tain the spectrometer’s resolution demands the large number of elements in a linear
detector array.

A complex SD-OCT using a phase-shifting method (phase-shifting SD-OCT)
has been reported to eliminate coherent ghost images[34]. In this complex SD-
OCT, a complex spectrum is calculated from several, typically five, spectral inter-
ferograms, which are obtained with different phase offsets of the reference beam
using a phase shifting algorithm[35; 36]. Although this complex SD-OCT com-
pletely eliminates the coherent ghost images, it requires several measurements
for an OCT image and sacrifices the short measurement time. Although an im-

∗Theportions of this chapter have been published in the following article:
Y. Yasuno, S. Makita, T. Endo, G. Aoki, M. Itoh and T. Yatagai, “Simultaneous B-M-mode scanning
method for real-time full-range Fourier domain optical coherence tomography,” Applied Optics45,
1861-1865, (2006).http://ao.osa.org/abstract.cfm?id=88199
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Figure2.1: Optical scheme of a complex SD-OCT. CL: collimator lens, Ls: lenses,
Obj.: objective lens, BS: beam splitter, PS: pupil stop, and PZT: piezoelectric trans-
ducer. The broadband light source is an SLD with a 828 nm central wavelength and
a 40 nm band width. The CCD camera is a line-scan CCD camera with 2048 pixels.

proved version of the phase-shifting algorithm for a high-speed SD-OCT has also
been proposed, it still requires two measurements for a single full-range SD-OCT
image[37; 38].

In this chapter, we present a method for a complex SD-OCT to eliminate the co-
herent ghost images without sacrificing the short measurement time. Our SD-OCT
modulates the phase offset of the reference beam (M-scan) and laterally scans the
probing beam (B-scan) simultaneously to obtain a two-dimensional (2D) spectral
interferogram; here, the two dimensions are that of the lateral position and optical
frequency. Each lateral 1D component of this 2D spectral interferogram is pro-
cessed by the Fourier transform method (FTM)[39]. This operation results in a 2D
complex spectrum, and this complex spectrum leads to a full-range SD-OCT image
which is free from coherent ghost images. This SD-OCT determines a full-range
SD-OCT image without any additional acquisition time for M-scan, thus taking
only an identical measurement to that of non-complex SD-OCT.

2.1 Overview of complex SD-OCT

Our simultaneous B-M-mode scan complex SD-OCT (BM-scan SD-OCT) is highly
similar to the phase-shifting SD-OCT in terms of their basic concepts. Both use a
complex spectrum to eliminate the ghost images, the difference being in the manner
in which they obtain the phase information of the complex spectrum. Furthermore,
the two above-mentioned complex SD-OCTs have rather similar optical setups;
hence, it is convenient to first review the principle of phase-shifting SD-OCT to
understand the BM-scan SD-OCT.

The optical scheme of phase-shifting SD-OCT is shown in Fig. 2.1. The light
source is a broadband light source, e.g., a super luminescent diode (SLD) or a fem-
tosecond pulse laser. In our SD-OCT, we used an SLD with a central wavelength of
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Figure 2.2: Time charts of B-scans and M-scans for (i) a conventional phase-
shifting SD-OCT, (ii) a BM-scan SD-OCT and, (iii) the modified BM-scan SD-
OCT.

828 nm and 44.7 nm band width. The incident light is split into a reference beam
and a probe beam by a beam splitter (BS). The reference beam is reflected back
by a reference mirror, and the probing beam is reflected and scattered back by the
sample being measured. These two beams interfere with each other in the spectral
domain, and form a spectral interferogram on the CCD of

Ĩ(ω) = |p̃(ω)|2 + |r̃(ω)|2 + 2 |p̃(ω)| |r̃(ω)| cos (∠p̃(ω) + ϕ) , (2.1)

wherer̃(ω) andp̃(ω) are the temporal Fourier transforms ofr(t) andp(t), respec-
tively temporal complex profiles of the reference and the probing beams.∠p̃(ω)
is the relative phase-angle ofp̃(ω) to the phase-angle of̃r(ω), andϕ is the phase
offset employed for the phase-shifting method described below. Here,p(t) has the
depth-structure information of the sample such thatt = 2z/v (v is the speed of
light in the sample, andz is the axial position).

The phase offsetϕ in eq. (2.1) is modulated by a piezoelectric transducer
(PZT), in a manner illustrated in Fig. 2.2-(i) (M-scan). This figure shows thatϕ
changes to several (typically 5) phase values for a single A-scan. A phase-shifting
algorithm retrieves the phase distribution of the spectrum from these spectra with
different phase offsets[35; 36]. The above-mentioned derived complex spectrum is
then digitally 1D Fourier transformed along theω-axis, and this procedure finally
results in a full-range SD-OCT image.

We reiterate that this phase-shifting method requires several interferograms
(several M-scans) for each single A-scan. It is clear that the phase-shifting SD-
OCT results in a longer measurement time than that of a non-complex SD-OCT.
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SD-OCT.

2.2 Simultaneous BM-mode scanning

In contrast with the phase-shifting SD-OCT, the phase modulation of the BM-scan
SD-OCT is performed in the manner illustrated in Fig. 2.2-(ii). Here, the phase
step between two M-scans isπ/2 rad, and the B-scan and M-scan are performed
simultaneously; hence, the measurement time required to obtain a 2D spectral in-
terferogram is identical to the measurement time of a non-complex SD-OCT. A
full-range SD-OCT image is calculated from this single 2D spectral interferogram
in the following manner.

The 2D spectral interferogram is expressed as

Ĩ(x, ω) = |p̃(x, ω)|2 + |r̃(ω)|2 + p̃(x, ω)r̃∗(ω) exp {iϕ(x)} + c.c. (2.2)

wherec.c. is the complex conjugate of the 3rd term on the right-hand side of this
equation,x corresponds to the transversal position of the B-scan, and∗ denotes
the complex conjugate of the concerned term. The modulation ofϕ(x) is now a
function ofx because of the simultaneous BM-scan, andϕ(x) = βx according to
the modulation of the PZT shown in Fig. 2.2-(ii). Here,β is the gradient of the
phase modulation defined in order to achieve modulation step ofπ/2 rad.

In the first step, the 2D spectral interferogram is digitally 1D-Fourier trans-
formed alongx, as shown in Fig. 2.3-(i), as

Fx

[
Ĩ(x, ω)

]
= Γu [Fx [p̃(x, ω)]] + |r̃(ω)|2 δ(u)

+ Fx [p̃(x, ω)r̃∗(ω)] ∗ δ(u − β)
+ Fx [p̃∗(x, ω)r̃(ω)] ∗ δ(u + β) (2.3)



2.2.Simultaneous BM-mode scanning 11

(i) non-complex FD-OCT image (ii) full-range FD-OCT image

auto-correlation signal

OCT signal
+

conjugate signal

400 µm in lateral

covering layer

400 µm in lateral

81
6 

µm
 in

 d
ep

th

816 µ
m

 in depth

sureface

Figure2.4: (i) Non-complex SD-OCT image, and (ii) the complex BM-scan SD-
OCT image of a plastic plate with a covering layer.

whereu is the Fourier conjugate ofx, Γu[·] and∗ are a correlation operator and a
convolution operator alongu, respectively, andFx[·] denotes the Fourier transform
operator alongx. We used an autocorrelation theorem of Fourier transform[40] for
the first term of the right-hand-side of this equation.

The third term on the right-hand side of eq. (2.3) contains information regard-
ing the OCT image, the fourth term on the right-hand side of eq. (2.3) is the conju-
gate of the third term, and the first and second terms on the right-hand side of eq.
(2.3) correspond to the auto-correlation signals. Here, the above-mentioned terms
are distinct from each other in theu-domain, because of the carrier frequency orig-
inating in the M-scan, as shown in Fig. 2.3-(ii).

We clip out only the third term, namely, the information regarding the OCT
signal, by a window function (Fig. 2.3-(iii)) and subsequently inverse Fourier trans-
form it to the original domain (Fig. 2.3-(iv)).

After this procedure, we obtain a complex 2D spectrum as

Ĩ(x, ω) = p̃(x, ω)r̃∗(ω) exp(iβx) (2.4)

as shown in Fig. 2.3-(v), that is, identical to the complex spectra obtained from
the phase-shifting SD-OCT but extracted from only one 2D spectral interfero-
gram. This phase-retrieval procedure is referred to as the Fourier transform method
(FTM)[39] and has been widely employed in monochromatic interferometers and
fringe projection profilometers.

Figure 2.4 shows a full-range BM-scan SD-OCT image of a static sample;
a plastic plate with a covering layer. Figure 2.4-(i) shows the SD-OCT image
without the phase retrieval procedure and Fig. 2.4-(ii) shows the image with this
phase retrieval procedure. The coherent ghost images have been clearly eliminated
and the covering layer is visualized.
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range SD-OCT images of anin vivo sweat duct in a human finger pad taken with
an acquisition time of 27 ms.

2.3 High-speed BM-mode scanning

In principle, this BM-scan method is applicable for a high-speed complex SD-
OCT, however, in practice, the M-mode scanning by a PZT restricts measurement
speed. Since a PZT is a relatively slow device in comparison to a CCD camera for
A-scans, the frequency of the saw-tooth modulation of the PZT shown in Fig. 2.2-
(ii) is not sufficiently high in order to match the maximum A-scan speed, which
is determined by the speed of the CCD camera. For example, the SD-OCT took a
few minutes to obtain the image of Fig. 2.4, which is clearly unsuitable forin vivo
measurements.

In order to achieve a high-speed complex SD-OCT, we introduce modified M-
mode scanning. The time-chart of this method is shown in Fig. 2.2-(iii). Here, the
M-scan is performed using a triangular wave. The repetition frequency, which is
restricted for mechanical reasons, is significantly larger than the case wherein saw-
tooth modulation is employed. Hence it has become possible to achieve complex
SD-OCT measurements with the maximum speed of the CCD camera, 18.7 k A-
scans/sec in our prototype.

We measured a 2D spectral interferogram of anin vivo human finger pad with
the modified triangular M-scan. If we did not apply any phase-retrieval algorithm
to the 2D interferogram, we could obtain an OCT image with coherent ghosts, as
shown in Fig. 2.5-(i).

To obtain a full-range SD-OCT image, the acquired 2D spectral interfero-
gram is signal-processed in a manner identical to the normal BM-scan SD-OCT
described in the former section. Here, we recall that we are using a triangular
M-mode modulation. To understand the effect of this M-mode modulation, it is
convenient to categorize each area of this modulation function as shown in Fig.
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2.2-(iii); namely, the even and odd fields. In the even field, the derivative of the
M-mode modulation is negative; hence the complex conjugate of the OCT signal
shifts into the positive frequency area after the first 1D Fourier transform, and this
conjugate signal is selected by the frequency filter. Similarly, in the odd field, the
primary OCT signal shifts into the positive frequency area and is selected. This
procedure provides an interlaced full-range OCT image as shown in Fig. 2.5-(ii).

This interlaced OCT image is divided into even and odd fields. Subsequently,
the even field is flipped over, and finally we obtain a full-range SD-OCT image on
recombining the two fields as shown in Fig. 2.5-(iii). Here, we observe the border
of the stratum corneum and epidermis, along with a sweat duct in the finger pad.
There are artifacts of the surface reflection at the turning points of the M-mode
modulation since at these points, the phase modulation amplitude approaching to
zero.

Here, the acquisition time of this OCT image is identical to a conventional non-
complex SD-OCT, in which the acquisition time is restricted by the acquisition
time of a CCD camera. Our prototype system is capable of taking 18 frames/sec
full-range SD-OCT movie with an acquisition time of 27 ms for a single frame, and
each frame consists of 2048 pixels in depth and 512 A-scans. The disagreement
of the frame-rate and acquisition time is due to time-loss for data transmission and
data storage.

2.4 Discussion

This BM-scan SD-OCT requires a fine transversal sampling period. Signal broad-
ening occurred after the first 1D discrete Fourier transform is clearly observed
since the lateral beam scanning causes signal fluctuation. The phase modulation
performed has a gradient ofπ/2 rad/A-scan. This gradient sets the centers of the
OCT signal and the conjugate signal to1

4N and 3
4N , respectively, in the numeri-

cal transversal Fourier domain. Here,N is the number of axial scans in a single
cross-sectional image, i.e., it is the number of sampling points in the numerical
transverse Fourier domain. Thus, the widths of the OCT signal and the conjugate
signal must be narrower than12N , which corresponds to the separation of the two
signals. Otherwise, the above mentioned two signals overlap, and it is not possible
to split them in the transverse Fourier domain.

The high-speed complex SD-OCT system is achieved by using the triangular
phase modulation waveform. However, the conjugate ambiguities cannot be re-
solved at the turning points of the modulation curve, as shown in Fig. 2.5-(iii),
due to a low phase modulation amplitude at these points. This problem can be re-
solved by processing the complex SD-OCT algorithm for each modulation field or
by modifying the beam scanning protocol.



14 Chapter 2. High-speed complex SD-OCT

2.5 Summary

We developed a high-speed full-range SD-OCT system. This OCT uses the Fourier
transform method to retrieve the phase information of a 2D spectral interferogram,
and provides a full-range SD-OCT image with an acquisition time similar to that
of a non-complex SD-OCT. This BM-scan SD-OCT has been applied toin vivo
measurements and it provided a full-field SD-OCT image with an acquisition time
of 27 ms.



Chapter 3

Retinal imaging by
spectral-domain optical
coherence tomography∗

The eye is a part of the vision system, which forms and detects an outside of image.
The light sensor of the eye is the retina. It has a multilayered structure which
is consisting of several types of neurons. Each layer has a thickness of several
hundred microns. They convert light energy to electric energy, process, and transfer
electric impulses to the brain. Abnormalities in the retina cause visual damage. The
worst case of an eye disease is vision loss. Retinal diagnosis techniques are one of
the main parts of the clinical ophthalmology.

OCT is a powerful diagnostic tool for ophthalmology because its high axial
resolution resolves the layered retinal structure [2]. By using SD-OCT, high-speed
retinal cross-sectional imaging is achieved [24]. Subsequently, high-quality imag-
ing of the retinal cross-section and 3D retinal imaging become possible and can be
used to develop the retinal disease diagnosis at a high definition.

3.1 Ophthalmic high-speed SD-OCT

For retinal imaging, we constructed a high-speed SD-OCT system with an 840-nm
band light source. The schematic of the developed system is shown in Fig. 3.1.
A superluminescent diode (Superlum, Russia, SLD-37) is used as the light source;
this SLD has a center wavelength of 840 nm and FWHM spectral bandwidth of 50
nm. A free-space optical isolator is placed immediately after the light source. The
beam is split by a 20/80 fiber coupler, and 20% of the beam is guided to the sample
arm. A 78D lens is used to deliver the beam to the posterior part of the human eye.

∗Theportions of this chapter have been published in the following article:
S. Makita, Y. Hong, M. Yamanari, T. Yatagai and Y. Yasuno, “Optical coherence angiography,” Op-
tics Express14, 7821-7840, (2006).http://www.opticsexpress.org/abstract.cfm?
id=97672
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Figure3.1: Schematic of a high-speed spectral-domain OCT system

The head of the volunteer is fixed on a handmade stage. There is a fixation target
to stabilize the other eye that is not imaged by OCT. The optical power of the beam
on the cornea is 700µW, which is lower than the ANSI exposure limit[41]. The
beam diameter on the cornea is set to∼ 0.6 mm in FWHM in order to suppress the
effect of eye aberrations and obtain a large confocal parameter. The spot size on the
retina is calculated to be∼ 30µm, and the confocal parameter in the tissue is 2 mm
(n = 1.38). In the detection arm, the backscattered signal light and reference light
are combined and guided to the spectrometer that consists of a transmission grating
(Wasatch Photonics, 1200 lp/mm), achromatic lens (f = 200 mm), and high-speed
line-scan CCD camera (Basler, L103k-2k). The CCD camera detects the spectral
interference signals.

First, the detected spectrum is processed to eliminate the periodic electronic
noise with a period of 4 pixels. This noise appears in OCT images as a fixed-pattern
noise. Since this noise is unstable in phase, it cannot be eliminated with fixed-
pattern noise rejection by using an averaged spectrum, which is mentioned later.
Alternatively, a Fourier harmonic of the spectrum at a frequency of 1/4 pixel−1 (pe-
riod of 4 pixels) is obtained and subtracted from the spectrum. Other optical fixed-
pattern noises are eliminated by using the averaged spectrum of all the spectra in
one image [25]. The nonlinearity of the spectrometer is obtained by analyzing the
spectral phase of the OCT signal from a single reflection plane. Then, the spectrum
is linearly resampled ink-space (Appendix B). Digital inverse Fourier transform
of this spectrum yield a complex signal of an axial profile. To compensate the
dispersion mismatch between the two interferometer arms, a numerical automatic
algorithm is applied that described in Sec. 3.2.1.

This system performs OCT imaging with an axial scan rate of 18.7 kHz. The
exposure time of one axial scan is 53.1µs. Two-dimensional tomographic imaging
with 1024 axial scans is achieved at a frame rate of 18 fps, and a 3D volume
comprising 1024× 140 axial scans is obtained within 7.7 s. The axial resolution
is estimated to be 6.2µm in air, whereas the measured axial resolution is 8.8µm
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Figure 3.2: Depth-dependent signal-to-noise ratio decay of the ophthalmic SD-
OCT system.

in air. This correspond to 6.4µm in tissues, where the refractive index is assumed
to be 1.38. This discrepancy from the theoretical value may be due to the non-
Gaussian shape of the source spectrum. The sensitivity of this system is measured
to be 99.3 dB at a depth of 100µm; this value reduces to 92.9 dB at a depth of
2 mm. According to eq. (1.11), the SNR gain compared to TD-OCT is 28.5 dB
by using 0.035 nm wavelength separation and 50 nm spectral bandwidth of the
light source. This very high gain is achieved by relatively deep ranging depth, i.e.
small wavelength separation. Spectrometer’s resolution is estimated as 0.066 nm
by fitting the curve calculated from eq. (1.13) to measured SNR (Fig. 3.2).

The in vivo retinal imaging of the healthy human eye is demonstrated by the
developed SD-OCT system. Figure 3.3 shows the 2D SD-OCT image from the
optic nerve head (ONH) to the macular region. The image consists of 1000 axial
scans, which correspond to an imaging time of 54 ms. For displaying the image,
log-compressed OCT intensities are coded on a grayscale colormap (white repre-
sents low intensities and black represents high intensities) over a dynamic range of
40 dB, where the minimum value is 5 dB below the noise floor level. Several layers
and boundaries appear, such as the retinal nerve fiber layer (RNFL), ganglion cell
layer (GCL), inner plexiform layer (IPL), inner nuclear layer (INL), outer plexi-
form layer (OPL), outer nuclear layer (ONL), external limiting membrane (ELM),
inner/outer segments junction (IS/OS), retinal pigment epithelium (RPE), chorio-
capillaris (CC), and choroid.

3.2 Ultrahigh-resolution SD-OCT

Ultrahigh-resolution ophthalmic OCT can provide high-definition images of retinal
diseases [42; 43; 44]. This can be achieved by using an ultra-broadband light
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Figure3.3: SD-OCT image of the human retinain vivo. Several retinal structures
appear. RNFL: retinal nerve fiber layer, GCL: ganglion cell layer, IPL: inner plex-
iform layer, INL: inner nuclear layer, OPL: outer plexiform layer, ONL: outer nu-
clear layer, ELM: external limiting membrane, IS/OS: inner/outer segments junc-
tion, RPE: retinal pigment epithelium, CC: choriocapillaris. The image size is 5.6
mm× 1 mm (lateral× depth).

source such as a Kerr lens mode-locked (KLM) Ti:Al2O3 laser. In SD-OCT, the
signal-to-noise ratio is independent of the bandwidth of the light source. Thus, the
sensitivity advantage over TD-OCT increases as discussed in sec. 1.2.2 since the
signal-to-noise ratio of TD-OCT decreases with an increase in spectral bandwidth.
Ultrahigh-resolution SD-OCT (UHR-SD-OCT) has been demonstrated by using a
KLM Ti:sapphire laser [45; 30] and a superluminescent diode [46].

A superluminescent-diode-based UHR-SD-OCT system is developed. The
superluminescent diode (Superlum, Russia, T870) has a central wavelength and
FWHM bandwidth of 870 nm and 170 nm, respectively. It can provide a theoreti-
cal axial resolution of∼ 1.4µm in the tissue. The interferometer configuration is
similar to that described in the former section, but the coupling ratio of the fiber-
coupler is 10/90. In the spectrometer, a combination lens (f = 110 mm) of two
achromatic lenses (f = 200 mm) is used along with a high-speed line CCD camera
(Atmel, France, AViiVA M2 CL 2014). The input power to the cornea is 400µW
and the sensitivity is measured as 93 dB at a depth of 80µm. Spectrometer’s res-
olution is estimated as 0.18 nm by fitting the curve calculated from eq. (1.13) to
measured SNR (Fig. 3.4). The actual axial resolution is limited by the wavelength
dependency of the fiber coupling ratio, aberrations of the optics in the spectrome-
ter, and low quantum efficiency of the CCD camera for the long-wavelength region;
thus, it is∼ 3 µm in the tissues. The axial resolution is almost constant along the
depth except near the end of the ranging depth. The depth dependence of axial
resolution (in tissue) is shown in Fig. 3.5.
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Figure3.4: Depth-dependent signal-to-noise ratio decay of the UHR-SD-OCT sys-
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Figure3.6: Cost function for dispersion compensation. (a) Second-order coeffi-
cient, (b) third-order coefficient.

3.2.1 Numerical dispersion compensation

The dispersion mismatch between two interferometer arms causes the broadening
of the point spread function of OCT images. Hence, the OCT images will be
blurred. This limitation is more serious for UHR-OCT. To balance the chromatic
dispersion between the two arms, additional dispersive media such as glasses are
introduced [8]. A grating-based rapid optical delay line can also compensate the
dispersion [47].

In retinal imaging, there is a thick dispersive medium in the sample arm, namely,
the eye. Light traverses a long distance in the anterior eye chamber, lens, and vit-
reous humor. Thus, a large dispersion mismatch occurs. For bringing about the
dispersion compensation of the eye, water with thickness corresponding thickness
to the eye length is introduced [48; 30]. However, the extent of eye dispersion de-
pends on the individual due to variable properties of the eye such as the eye length;
thus, these hardware-based methods are difficult to adapt to each type of eye.

Numerical dispersion compensation methods that can possibly used to compen-
sate a depth-dependent dispersion are presented [49; 50]. An automatic dispersion
compensation based on the numerical method is also demonstrated [51].

Since the numerical methods are suitable for adapting to variable eye lengths,
numerical dispersion compensation methods are used for retinal imaging with UHR
SD-OCT. Cense et al. obtained dispersion parameters from specular reflection at
the fovea [46]. However, this method requires the fovea to be imaged and the
specular reflection point to be identified. On the other hand, Wojtkowski et al.
proposed automatic dispersion compensation by using iterative optimization [45].
This method assumes that when a dispersion-free condition is achieved, the signal
power becomes concentrated and sharpened.

A similar automatic compensation method is used, but with a different cost
function.

The dispersion-induced spectral fringes have a frequency-dependent phase,
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Figure3.7: Ultrahigh-resolution retinal cross-section (a) with and (b) without dis-
persion compensation.

which can be expanded by the Taylor series as
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(3.1)
The second-order and third-order terms are countered in the spectral fringe in order
to suppress the dispersion. For optimization, the sharpness of the image is defined
as the negative information entropy of the normalized image intensity,pij ,

ε =
i,j∑

pij log pij . (3.2)

The optimum second-order coefficient is estimated by maximizing the cost func-
tion using the iterative method; then, the third-order coefficient is optimized. This
cost function is very robust since it does not require any parameters and exhibits

smooth curves as shown in Fig. 3.6, where coefficientsa2 = 1
2

∂2φ(k)
∂k2

∣∣∣
k0

and

a3 = 1
6

∂3φ(k)
∂k3

∣∣∣
k0

. Thus, these features can enable fast optimization algorithms.

Figure 3.7 shows an automatic dispersion compensation result. The fine retinal
structure (Fig. 3.7A) is restored; this structure is significantly disturbed without
dispersion compensation (Fig. 3.7B).

3.3 Motion correction

Although the SD-OCT has a high measurement speed and negligible distortion
for cross-sectional imaging, 3D measurements of both the 3D structure and the
time sequence of cross-sectional measurements require a total measurement time
of a few seconds. Thus, motion correction is required. Two algorithms for axial
motion correction–one for motion correction among the axial scans in a single
cross section and the other for correction for each cross section–are described here.
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3.3.1 Axial motion correction by Doppler shift

The Doppler shift in bulk motion causes artifacts in the flow images; they can be
eliminated as mentioned in section 4.1. To eliminate these artifacts, the Doppler
shifts of the bulk tissue motion at each axial scan are obtained. From these sig-
nals, the displacement of the tissue can also be estimated. Since the Doppler shift
is caused by the movement of a sample along the optical axis, only the axial mo-
tion will be compensated. The axial velocity of the sample is expressed using the
Doppler shift of bulk motion as follows:

vzi =
λ0

4nπT
δφbulk

i , (3.3)

wherevzi is the averaged axial velocity of the sample between the (i − 1)-th and
i-th axial scan;λ0, the center wavelength;δφbulk

i , the phase difference due to the
axial bulk motion; andn, the refractive index of the tissue. Then, the relative axial
displacement between the adjacent axial scans is calculated as

δzi = vziT. (3.4)

When the origin is set to the 0-th axial scan, the axial displacement for each axial
scan is expressed as

∆zi =
i∑

k=0

δzk =
λ0

4nπ
∆φbulk

i , (3.5)

where∆φbulk
i =

∑i
k=0 δφbulk

k is the phase differences corresponding to the mode
value of histogram (Sec. 4.1) after phase unwrapping. In eq. (3.5), the change
in the shape of the entire eye is not considered, such as the volume change due to
the pressure of perfusion and accommodations. The OCT images are restored by
shifting each axial scan along the depth by using∆zi.

3.3.2 Correction by cross-correlation between neighboring frames

The lateral movement of retinal OCT images by head movements is quit small
comparing to axial movement since volunteers are gazing a distant stationary tar-
get. The lateral displacement by the eye movement is estimated as∼ 40 µm from
about 0.13 degree (standard deviation) of the gaze stability with head free and
stationary fixation [52] and 17 mm of the distance between back nodal point to
retina of the human eye [53]. It is comparable to the beam spot size on the retina
(30 µm), even though the large saccadic eye movement occurs sometimes which
cause significant large displacement. Thus, we use only the axial correlation for
motion correction of 3D images. The axial shifts due to motion are estimated by
the following one-dimensional cross correlation between thei-th axial scans in the
(j + 1)-th andj-th frames:

χi(z′) = Γ[Ii,j+1, Ii,j ](z′), (3.6)



3.3.Motion correction 23

whereχ is the cross-correlation function,Γ[]() is the cross-correlation operation,
andIi,J(z) is the intensity profile ofi-th axial scan in thej-th frame. The positions
of the maximum peaks of eachχ(z′) denote the axial shifts. When a maximum
correlation ofχk(z′) is smaller than the average of maximum correlations, i.e.
1/N

∑N−1
i=0 max[χi(z′)], χk(z′) is discarded. The axial displacement between the

j-th and (j + 1)-th frames is determined as the median value of the maximum
positions in eachχ.

A displacement that includes the lateral shift between neighboring frames is
simply determined by a two-dimensional cross correlation. The retina has a well-
layered structure: therefore, the cross-correlation function between two retinal
OCT images exhibits a fairly sharp peak along the axial direction. Motion cor-
rection in the axial direction works. In contrast, the shape of the cross-correlation
function along the transversal direction is broadened. Motion correction in lateral
direction depends on each case. When a characteristic landmark such as the ONH
is present and imaging is performed over a large area, lateral motion correction can
be applied; otherwise, it will not be effective. Further improvement is required in
the lateral motion correction technique.

3.3.3 Performance of axial shift correction

Cross-sectional imaging with a large number of axial scans can be distorted by the
sample motion. Figure 3.8 (A) shows a cross section of the human retina, which
comprises 4000 axial scans. The acquisition time per image is 214 ms. Image
distortion occurs due to sample motion at the region indicated by the black arrow.
The axial displacement is compensated by using the motion correction algorithm
for adjacent axial scans described in Sec. 3.3.1, as shown in Fig. 3.8 (B). This
image is processed by flow imaging algorithms (Sec. 4.1). The bi-directional flow
and the power of Doppler shift images are shown in Fig. 3.8 (C) and (D), respec-
tively. Two small retinal vessels are evident. In the power of Doppler shift image,
some choroidal vessels are observed. In the movie, the axial motion between each
frame is compensated using the correlation-based method (section 3.3.2).

Figure 3.9 shows a comparison of the motion correction results for a 3D OCT
volume set. Figure 3.9 (A) shows a fundus image produced from the OCT volume
set by integration along depth, where the white arrows indicate the fast-scanning di-
rection, and the red line indicates the location of the cross-sectional images shown
in Fig. 3.9 (B), (C), and (D), which are without motion corrections, with the mo-
tion correction between neighboring frames, and with motion corrections between
adjacent axial scans and between neighboring frames, respectively. The cross-
sectional image along the slow-scanning direction shows significant axial displace-
ment without any motion correction, as shown in Fig. 3.9 (B). The imaging time
of this image is extremely longer than that of images along to fast-scanning direc-
tion; roughly several hundred times. Involuntary axial head movement cause large
distortions. Since the head is not bound to stage and volunteers are trying to gaze a
target, low frequency distortions maybe caused by small vibrations of muscles due
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A B

C D

Figure 3.8: A sequence of OCT images and flow images of the human eye.
Each image comprises 4000 axial scans and has a size of 5 mm× 1 mm (lat-
eral × depth). The OCT images (A) without and (B) with the motion correc-
tion for adjacent axial scans are shown. The black arrow denotes the region
in which axial image distortion has occurred. (C) Bi-directional flow and (D)
the power of Doppler shift images show some vessels. Two retinal blood ves-
sels appear in the bi-directional flow image (white circle). In the power of the
Doppler shift image, the retinal vessels (upper white circle) and some choroidal
vessels (two lower white circles) appear. Multimedia file is available onhttp:
//www.opticsexpress.org/abstract.cfm?id=97672

http://www.opticsexpress.org/abstract.cfm?id=97672
http://www.opticsexpress.org/abstract.cfm?id=97672
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A

B C D

Figure 3.9: Comparison of the cross section of the 3D OCT volume along the
slow-scanning direction. The fundus projection image (A) is produced from the
3D OCT volume set. White arrows represent the fast-scanning direction. The
cross-sectional images (B) without motion correction, (C) with correction of the
axial shift between neighboring frames, and (D) with correction of the axial shift
between adjacent axial scans and neighboring frames corresponding to the red line
in (A).
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A B

Figure3.10: Fundus images of the human macula produced by (A) the preview
mode and (B) integrating OCT signals. The imaging area size is 2.7× 2.7 mm2.

to tension. By axial motion correction between neighboring frames described in
Sec. 3.3.2, the axial displacement is reduced; however, a small fluctuation remains
due to the distortion of each image (Fig. 3.9 (C)). Although cross-sectional imag-
ing with the conventional axial scan density does not exhibit an apparent distortion,
some shearing does exist. This affects the performance of motion correction be-
tween neighboring frames. This distortion is improved by axial motion correction
between adjacent axial scans, and a smoother structure is evident (Fig. 3.9 (D)).
The mean values of normalized cross-correlation between neighboring frames are
calculated for a 3D OCT volume set of the macular region, which comprises 1024
× 140 axial scans (5 mm× 5 mm). These are 0.25 without any motion correction,
0.33 with the motion correction between neighboring frames, and 0.38 with the
motion corrections between adjacent axial scans and between neighboring frames.
The increment of the normalized cross-correlation is + 0.08± 0.08 (mean± stan-
dard deviation) through only the motion correction between neighboring frames
and increased more (+ 0.05± 0.04) with the motion correction between adjacent
axial scans.

3.4 Fast fundus preview

In the 3D measurement mode, a preview image of the fundus (fundus preview)
is created immediately after acquisition. The algorithm is quite similar to that
described in the literature (Ref. [54]). However, a simpler and faster method is
used. The intensity map of the preview imagePi,j is obtained as follows:

Pi,j = log


n∑

i=m

Ij,k(ki) −
1
N

N−1∑
j=0

Ij,k(ki)

2 , (3.7)
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A B

Figure3.11: Fundus images of the ONH produced by (A) the preview mode and
(B) integrating OCT signals. The imaging area is 2.7× 2.7 mm2.

whereIj,k(ki) denotes the raw spectra andj, k denote the indices of the horizontal
and vertical positions, respectively. A portion [I(km), I(kn)] is extracted from a
single spectral interference signal; then, an averaged spectrum calculated fromN
spectra, whereN is the number of spectra in a single B-scan. Since the B-scan
is performed along the horizontal direction, the spectra are averaged according
to j. After subtracting the averaged spectra from each spectral fringe, the signal
power is obtained by summation followed by squaring. This operation provides
only the power of the interference signal because the non-interference offset of the
spectrum has been omitted by subtracting the averaged spectrum. Then, the fundus
projection image is revealed by log-compressed interference signal power.

This operation is applied to the spectral signals in the OCT volumes consisting
of 250× 250 axial scans and yields fundus preview images as shown in Fig. 3.10A
and Fig. 3.11A (250× 125 pixels, horizontal× vertical). The imaging quality of
these images are comparable with that of the integrated fundus images obtained
from 3D OCT data sets (Fig. 3.10B and Fig. 3.11B, 250× 250 pixels). In these
cases, only 256 pixels are extracted from the center of the 250× 125 spectra (hor-
izontal× vertical), where the line CCD camera has 2048 pixels and the original
data sets have 250× 250 spectra. Since the elaborate processes described in Sec.
3.1 are not required and small portions of the spectral interference signals are used,
the total processing time with a PC (Athlon 64 3500+ processor and a 2 GB RAM)
is small at∼ 800µs.

3.5 Retinal imaging

In order to verify the performance of high-speed ophthalmic SD-OCT, 3D imaging
of the in vivo human retina is applied. The 3D volume rendered image of the
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Figure3.12: Three-dimensional image of the macula. (a) Fundus image created
from 3D OCT volume set, (b) volume rendered image of 3D OCT image. S: su-
perior, I: inferior, N: nasal, T: temporal. The imaging area size is 2.7× 2.7 mm2

(horizontal× vertical, 250× 250 axial scans). The total imaging time for one
volume set is 3.5 s.

macula and the ONH are shown in Fig. 3.12 and Fig. 3.13, respectively. The
sample is the left eye of a 25-year-old Asian male. The total imaging time is 3.5
s with 250× 256 axial scans. The inter-frame motion is corrected by using the
correlation-based method (Sec. 3.3.2). The 3D structure of the human retina is
observed. For visualizing the 3D image, a 3D visualization software called Amira
(Mercury Computer Systems Inc., France) is used.

3.5.1 Imaging of retinal diseases

Here, some retinal diseases are imaged with the high-speed SD-OCT system in
order to confirm the feasibility of the system for clinical use.

Age-related macular degeneration

Figure 3.14 shows several cross-sections of the AMD. The projection (Fig. 3.14
(a)) is created from the 3D OCT volume set; it shows the fundus-like image. In the
superior part of the macula, there is an RPE detachment (the white arrow in Fig.
3.14 (b)). Retinal and RPE degeneration occurs at the central region of the macula,
and several cysts appear (white arrows in Fig. 3.14 (c)). Since these images are
created from the same OCT volume set, the positions of each cross-section can be
referred. In Fig. 3.14 (a), three red lines show the locations of the cross-sections.

Macular hole

The second case is a macular hole (stage II). The high-quality cross-sectional im-
age is shown in Fig. 3.15. The hole in the retina and several cysts around the
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Figure3.13: Three-dimensional image of the ONH. (a) Fundus image created from
3D OCT volume set, (b) volume rendered image of 3D OCT image. S:, superior, I:
inferior, N: nasal, T: temporal. The imaging area size is 2.7× 2.7 mm2 (horizontal
× vertical, 250× 250 axial scans). The total imaging time for one volume set is
3.5 s.

hole are clearly observed. The operculum appear and is not completely detached.
In addition, the detached vitreous cortex is evident. Figure 3.16 shows horizontal
and virtual vertical scanning images and an virtualen-faceslice, which are recon-
structed from the 3D OCT volume set. From the two perpendicular cross-sections
(Fig. 3.16 B and C), it is clear that the operculum is still connected at the inferior
temporal edge of the hole. Byen-faceslicing the elevated retina, the honeycomb
pattern of the cysts around the hole is observed (Fig. 3.16 D).

3.5.2 Discussions

Three-dimensional OCT imaging allows us to observe the arbitrarily cross-sectional
image after image acquisition and compare OCT images to another clinical tools
by image registration with fundus projection images. As a result, the retinal disease
diagnosis will be improved.

3.6 Summary

The high-speed ophthalmic SD-OCT system has been developed and it is con-
firmed that this system can perform the high-speed imaging of thein vivo human
retina. Furthermore, the 3D structure of retinal diseases is successfully obtained.
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Figure3.14: Three-dimensional imaging result for age-related macular degenera-
tion (74-year-old Asian male, left eye). The imaging area size is 2.5× 2.5 mm2

(512 × 128) axial scans. (a) Fundus image created from the OCT volume set.
(b),(c),(d) Cross-sectional images corresponding to the white lines in (a). In (b),
the white arrow indicates RPE detachment. In (c), some macular cysts are shown
(white arrows).



3.6.Summary 31

Operculum
Vitreous cortex

Figure3.15: High definitive cross-section of a macular hole (70-year old Asian
male, left eye). The imaging range is 2 mm× 5 mm (lateral× axial). The image
consists of 2000 axial scans, and the imaging time is 107 ms.
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Figure3.16: Three-dimensional imaging results for the macular hole patient. A:
Fundus projection, B: horizontal scanning image, C: virtual vertical scanning im-
age, and D: virtualen-faceslice are shown. In theen-faceslice (D), honeycomb
pattern of cysts is appeared (white arrows).



Chapter 4

Optical coherence angiography
— vessel imaging by SD-OCT∗

Ocular circulation is very important not only for ophthalmic diagnosis but also for
the study of eye diseases such as glaucoma [55], diabetic retinopathy [56], and age-
related macular degeneration [57]. Fluorescein angiography (FA) and indocyanine
green angiography (ICGA) [58] are the chief diagnostic methods for retinal dis-
eases. Ocular vessels are contrasted by using the fluorescence of the dyes injected
into a vein. Since the excitation wavelength of indocyanine green is relatively
longer than that of sodium fluorescein, the choroidal vasculature is clearly visu-
alized in ICGA rather than FA. However, these methods are invasive. The skin
will be colored in yellow by the fluorescein dye. Intravenous administrations of
sodium fluorescein and indocyanine green are considered as safe procedures but
not no risk. There are some adverse effects due to dye injection. A frequencies of
mild adverse effects, such as nausea, vomiting, and so forth, are between less than
1 % and 10 % for FA [59] and 0.15 % for ICGA [60]. Although rare, some severe
adverse effects such as anaphylaxis also occur.

There are several noninvasive blood flow assessment techniques that use lasers,
which have been applied in several investigations of ocular circulation [61]. Laser
Doppler velocimetry (LDV) measures the blood flow velocity, and it has been ap-
plied to human retinal vessels [62; 63]. Microcirculation in the optic nerve head
(ONH) [64] and the choroidal blood flow [65] of the human eye have been inves-
tigated by laser Doppler flowmetry (LDF) [66], which acquires the volume, flux,
and average velocity of the red blood cells in the small vessels surrounded by the
scattering tissues. Two-dimensional perfusion mapping of blood flow can be ob-
tained by using scanning laser Doppler flowmetry (SLDF) [67; 68], laser speckle
photography [69], and laser speckle flowgraphy [70]. Although these techniques

∗Theportions of this chapter have been published in the following article:
S. Makita, Y. Hong, M. Yamanari, T. Yatagai and Y. Yasuno, “Optical coherence angiography,” Op-
tics Express14, 7821-7840, (2006).http://www.opticsexpress.org/abstract.cfm?
id=97672
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are useful for investigating the ocular circulation, they demonstrate no or poor
ability to resolve the depth structure. SLDF, which is based on scanning laser oph-
thalmoscopy, exhibit depth-resolving power inherently due to the confocal effect;
however, its axial resolution is limited to∼ 300 µm due to pupil size and eye
aberrations.

Optical Doppler tomography (ODT) [71] has been applied to the depth-resolved
cross-sectional flow imaging ofin vivo tissues [12; 13; 14; 72; 73]. Further, ODT
has been demonstrated for blood flow imaging of retinal vessels [74; 75]. These
ODTs are based on time-domain optical coherence tomography (OCT) [1] – a
cross-sectional imaging technique with high spatial resolution. Three-dimensional
vessel structure extraction is possible using 3D scanning [76]. Three-dimensional
retinal imaging is, however, restricted by a substantial and frequent head move-
ment and exposure limit for the eye. Short imaging time is required to suppress
the influence of the head movement, but the scanning speed of OCT is restricted
to maintain sustainable sensitivity with low power of probing beam. In recent
years, spectral-domain OCT (SD-OCT), which has a higher sensitivity than time-
domain OCT [21; 22; 23], has emerged. SD-OCT has been performed at a 150
fold faster measurement speed than time-domain OCT [24]. This technique allows
high-resolution and highly accurate 3Din vivo structural measurement of the hu-
man retina [77; 78]. High-speed retinal blood flow imaging by using SD-OCT has
been demonstrated [79; 80; 81].

We present anin vivo noninvasive angiography of the human retina. Three-
dimensional retinal imaging is performed by using high-speed SD-OCT. The bulk
motion artifacts in the flow images are compensated by a histogram-based algo-
rithm. The axial eye movements during 3D imaging are compensated by using
Doppler shifts of the bulk motion for axial displacement between adjacent axial
scans and a simple and fast correlation-based algorithm for axial shifts between
neighboring images. Three-dimensional retinal and choroidal vasculature are vi-
sualized, and two-dimensional vessel imaging that is comparable to FA and ICGA
are demonstrated.

4.1 Blood flow imaging by SD-OCT

In our method, the Doppler shift of the OCT signal is utilized to contrast the blood
vessels. To achieve the flow images, first, the bulk motion artifacts are eliminated
by a histogram-based algorithm. Then, two flow imaging implementations, bi-
directional flow and power of Doppler shift, are applied. Finally, these two images
are averaged using a moving average filter.

A bi-directional flow imagefi is obtained by using the phase difference be-
tween adjacent axial scans∆φi [12] as follows:

fi(z) =
∆φi(z)
2πT

. (4.1)
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Figure 4.1: The diagram of the bulk motion artifact elimination algorithm.
φi(z), φ′

i(z): phases ofi-th axial scan before elimination and after elimination,
respectively,∆φi(z): phase differences,∆φbulk

i : the phase difference correspond-
ing to the phase shift from 0-th axial scan due to the bulk motion of the sample.
PW: phase wrapping process.

Here,T denotes the axial scan period andi ∈ [0, N) denotes the number of axial
scan. By using the axial scan period, the maximum detectable Doppler shift is
estimated asfmax = ± 1/2T. In our system, this value is calculated to be± 9.38
kHz. Further, the minimum detectable Doppler shift is defined on the basis of the
fluctuation of the phase difference. As mentioned by Parket.al, the minimum
detectable Doppler shift depends on the signal-to-noise ratio and the ratio of the
spacing of transversal scanning to the beam spot size [82].

Another implementation, which is power of Doppler shift imaging, is also ap-
plied [82]. The power of the Doppler shift imageσ2

i is obtained as

σ2
i (z) = ∆φ2

i (z), (4.2)

and it exhibits similar properties to Doppler standard deviation imaging [13].

4.1.1 Elimination of motion artifacts

During retinal imaging, significant involuntary head movements cause large arti-
facts in the flow images. To eliminate these bulk motion-induced artifacts, we use
a histogram-based bulk motion estimation method [83; 15] and phase wrapping
method [80]. The diagram of the algorithm is shown in Fig. 4.1. The phases of
adjacent axial scansφi(z), φi+1(z) are subtracted (φi+1(z) − φi(z)) and wrapped
into -π to π. From the differences, the phase difference∆φbulk

i corresponding to
the bulk motion is obtained by the histogram-based bulk motion artifact elimina-
tion method.∆φbulk

i is subtracted from the raw phases of the axial scan that follow
φi+1(z); then, phases are wrapped. Then, the phase difference∆φi(z) is obtained
by subtractingφi(z) from the compensated phaseφ′

i+1(z) and phase wrapping.
φ′

i+1(z) is used for the elimination of next axial scan.
When the vessel region is smaller than the other tissue region or the blood flow

distribution exhibits a wide velocity range, the phase difference corresponding to
the Doppler shift frequency due to the bulk motion will be the maximum count
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in the histogram of the phase differences between two adjacent axial scans. In
other words, the Doppler shift of bulk motion is estimated by using the mode of
the phase differences. Yang et al. determined the number of histogram bins from
the phase stability [15]. However, the histogram shape also depends on the num-
ber of samples. If the number of samples is small, the histogram bin width will
be relatively small, resulting in a noisy histogram. We apply the following data-
based histogram bin width determination rule, which is known as the Freedman &
Diaconis rule [84]:

h = 2IQm−1/3, (4.3)

whereh denotes the histogram bin width;,IQ, the interquartile range; andm,
the number of samples. Prior to the formulation of histograms, the noise regions
are eliminated by using an intensity-based thresholding. The threshold level is
determined from the mean values of the noise floor in the OCT images.

Although a smooth histogram can be obtained by using a large histogram bin
width, another problem exists. Since the histogram bin width increases, the accu-
racy of the bulk motion calculation decreases. In order to increase the accuracy
of measurement of the bulk motion Doppler shifts, we average several histograms
with different origins of bins; the resulting histogram is referred to as an averaged
shifted histogram [85].

The histograms of one depth profile of the phase differences in the region lack-
ing vessels are shown in Fig. 4.2. The histogram in which the number of bins is
determined by the phase-noise-based rule shows an almost zero-mean probability
distribution (Fig. 4.2 (a)). Here, we estimate the phase noise by using the lat-
eral spacing and beam spot size [82]. However, the maximum count is observed
at approximately 1 radian. This error might be due to the extremely narrow his-
togram bin width. By using the Freedman & Diaconis rule (Fig. 4.2 (b)), such
types of error peaks disappear. Instead, the histogram bin widths broaden. The ac-
curacy of the bulk motion Doppler shift measurements decreases. By averaging the
eight histograms with different origin of bins and identical histogram bin width as
determined by the Freedman & Diaconis rule, a very smooth phase difference dis-
tribution is obtained, as shown in Fig. 4.2 (c). For comparison, Fig. 4.2 (d) shows
the histogram with a bin width that is one-eighth that of one of the result shown
in Fig. 4.2 (b). This histogram is extremely noisy, and the error in the maximum
count is observed at approximately 1 radian.

Figure 4.3 shows flow images of the retinal vessels near the ONH with bulk
motion artifact elimination by using different histogram bin width determination
methods. Bi-directional flow images are obtained after bulk motion artifact elim-
ination, differentiation of phase, and 19× 3 pixels (29µm in the lateral direction
× 10 µm in the axial direction) averaging filtering. In Fig. 4.3 (A) (phase-noise-
based method), bulk motion artifacts remain in the upper part of the blood vessels,
which is indicated by the white arrow. These artifacts are suppressed in Fig. 4.3
(B) (simple Freedman & Diaconis rule), but the other artifact (yellow arrow) is
enhanced. They disappear in Fig. 4.3 (C) (averaged shifted histogram). The elimi-
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(a) N = 16 (b) N = 11

(c) N = 11, M = 8 (d) N = 11 x 8
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Figure4.2: Comparison of histograms with different number of histogram bins.
N: number of histogram bins, M: the number of histograms used in the averaging
process. The histogram bin width of each histogram is determined by (a) the phase
noise and (b), (c) the Freedman & Diaconis rule. (c) is the averaged shifted his-
togram using eight histograms. (d) is a conventional histogram with a histogram
bin width equivalent to that of the histogram in (c).
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A
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Figure4.3: Comparison of the blood flow images after bulk motion elimination
using different histogram bin width determination methods. Phase-noise-based
method (A) and the Freedman & Diaconis rule (B), (C) are used to determine the
histogram bin width. An averaged shifted histogram is used for (C). The white
and yellow arrows indicate the bulk motion artifacts due to the estimation error.
The images consist of 1024 axial scans and cover 1.5 mm in the transversal di-
rection. The black and white colors denote Doppler shifts of -5.6 and +5.6 kHz,
respectively.
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nationerrors are calculated as discrepancy of phases from zero radian at above the
blood vessels.The RMS errors from zero radian, in the red boxes, are 0.150, 0.139,
and 0.113 radians for Fig. 4.3 (A), (B), and (C), respectively.

4.2 OCA for the human eye

Three-dimensional volume sets of the flow images are used to generate 3D vascu-
lature images and en-face vessel images. To eliminate the noise in the regions with
no signal, only the areas of interest are extracted, i.e., from the vitreoretinal inter-
face to the deepest penetration points, where signals are equal to noise floor. Two
boundaries of the ares are segmented in the OCT images. Furthermore, a high re-
flectivity layer – corresponding to the inner/outer segment boundary (IS/OS), reti-
nal pigment epithelium (RPE), and choriocapillaris (CC) – is segmented in order to
separate the retinal and choroidal layers. The OCT signals exhibit low intensities
in some retinal vessels since the high blood flow velocity in the vessel results in a
fringe washout.

The anterior boundary of the ares of interest is determined using an algorithm
similar to that presented by Mujatet al. [86]. In order to suppress noise, the OCT
images are blurred by using a Gaussian filter with a standard deviation of 3× 3
pixels; gradient magnitude images are thus obtained. These images are indicated
with the sign of the axial gradient to distinguish whether anterior edge or poste-
rior edge.The thresholding of the gradient magnitude images yields binary edge
images. The threshold level is determined from the statistical properties of noise
to maintain the interfaces as a continuous curve. After eliminating the small par-
ticles in the binary edge images, the first exceeding points over the threshold level
from the top of the images are detected. Then, positions that have a maximum
gradient within ten pixels lower than the first unity points are obtained. In order
to smooth the curve, an iterative smoothing algorithm is used. The large second
derivative of axial positions of boundary are ignored, and then, a linear interpola-
tion of the boundary positions is performed. These steps are applied until the curve
is significantly smooth. Then, a median filter with a rank of 15 is applied.

The high reflectivity layer is segmented prior to posterior boundary segmenta-
tion to determine the retinal vessel regions. The axial positions of the maximum
gradient lower than 25 pixels from the anterior boundary are detected. Some axial
scans with no edges are ignored. The intensities of 15 pixels around the detected
positions along the axial direction are averaged. Then, they are smoothed using a
Savitzky-Golay filter. The points at which the intensity before smoothing signif-
icantly drops from the smoothed results are considered to form the vessel region.
The signals under the blood vessels are weak due to the absorption of blood. Both
the vessel regions and the no-edge regions are expanded by 10 pixels on both sides
to completely eliminate the regions. The positions of the high reflectivity layer of
both regions are then obtained by linear interpolation. The positions of this layer
are smoothed in a similar manner as the segmentation of the anterior boundary.
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For the posterior boundary segmentation, the boundaries between the signals
and noises are determined. Binary images are created by thresholding for the Gaus-
sian blurred intensity images. The threshold level is determined by using a his-
togram of logarithmic intensity. The probability density of noise exhibits a sharp
peak; therefore, the threshold level is set to a value which exhibits a count of a
fifth part of the maximum count in the histogram. Then, the small particles are
eliminated. The threshold of the particle size is determined by the image size. The
first unity points from the posterior edge of the images are detected. The posterior
boundary curve is interpolated at no-edge and vessel regions. Then, the curve is
smoothed using the same method to that is performed for the anterior boundary
and high reflectivity layer.

All the segmentation parameters are automatically determined. By using a PC
(Athlon 64 3500+ processor and a 2 GB RAM), the processing, which includes
flow imaging, motion corrections (Sec. 3.3), and segmentations, takes approxi-
mately 11.5 seconds per frame that comprises 1024 axial scans.

The 3D vasculature is imaged by a volume rendering of the segmented vol-
umes. The bi-directional flow images are squared to achieve a high dynamic range
for visualizing the vasculature. For both the 3D bi-directional and the power of
Doppler shift volume sets, 3D Gaussian filtering is performed to suppress the spu-
rious noise and discontinuities in the vasculature.

Two-dimensional angiograms are produced by integrating the flow volume sets
along the axial direction. Since the power of the Doppler shift images have a
higher sensitivity than the bi-directional flow images, angiograms produced from
the former exhibit a higher contrast. Furthermore, the retinal vessels can be sepa-
rated from the choroidal vessels by segmenting the high reflectivity layer. Two an-
giograms of the retinal and choroidal vessels can be produced individually, which
might correspond to FA and ICGA.

4.3 Results

4.3.1 Three-dimensional vasculature imaging

In vivo 3D blood flow imaging has been performed in a healthy human eye. The
macular region of the retina is imaged with 1024 axial scans in one frame and 140
frames acquired over an area of 5 mm× 5 mm. The resulting images are shown
in Fig. 4.4. Figure 4.4 (A) shows the fundus projection image of the OCT volume
set. Three boundaries segmented by using the algorithm that is described in Sec.
4.2 are indicated in the sequence of OCT images. In the bi-directional flow image
(Fig. 4.4 (C)), the blood flow from some retinal vessels is observed. However, the
flow in some vessels and the choroidal vessels is not visible. In contrast, the power
of Doppler shift image (Fig. 4.4 (D)) clearly shows the flow in the retinal vessels
and some choroidal vessels. However, artifacts are observed in the low signal
regions (i.e., vitreous, outer nuclear layer, and deeper region than penetration).
Artifacts also appear under the blood vessels due to the absorption of blood and
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Figure4.4: Three-dimensional optical coherence angiography of the macular re-
gion. The fundus projection image of the 3D OCT volume set (A) and the se-
quence of the OCT images (B) are shown. The segmented anterior (red) and pos-
terior (blue) boundaries of the tissue and the high reflectivity layer (green) are
indicated in the OCT images (B). The volume rendering images (E) and (F) are
produced from stacks of bi-directional flow images (C) and the power of Doppler
shift images (D). The composite volume rendering image (G) is a combination of
the retinal part of (E) (encoded in cyan) and the choroidal part of (F) (encoded
in yellow). The image size is 5 mm× 5 mm, corresponding to 1024× 138 ax-
ial scans. Multimedia files are available onhttp://www.opticsexpress.
org/abstract.cfm?id=97672

http://www.opticsexpress.org/abstract.cfm?id=97672
http://www.opticsexpress.org/abstract.cfm?id=97672
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A B

C

Figure4.5: Three-dimensional optical coherence angiography of the ONH. (A):
volume rendering image of the bi-directional flow volume set (upper left), (B): vol-
ume rendering image of the power of Doppler shift volume set, (C): the composite
volume rendering image of the retinal part of (A) (cyan) and the choroidal part of
(B) (yellow). The image size is 5 mm× 5 mm, corresponding to 1024× 138 ax-
ial scans. Multimedia files are available onhttp://www.opticsexpress.
org/abstract.cfm?id=97672

http://www.opticsexpress.org/abstract.cfm?id=97672
http://www.opticsexpress.org/abstract.cfm?id=97672
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forward scattering by the red blood cells. Three-dimensional ocular vasculature is
presented using volume rendering images of both the squared bi-directional flow
and the power of Doppler shift volume sets. These are volume rendered after 3D
Gaussian filtering with a standard deviation of 1× 1.5× 1 pixels (axial direction
× B-scanning direction× C-scanning direction). The volume rendering image of
the squared bi-directional flow volume (Fig. 4.4 (E)) shows the vasculature of the
retinal vessels; however, the choroidal vessels are not clearly observed. Artifact
are observed at the surface that have high specular reflection. Although artifacts
are observed under the retinal vessels due to the shadowing effect, and substantial
noise occurs at the outer nuclear layer, the volume rendering image of the power of
Doppler shift volume set (Fig. 4.4 (F)) shows the retinal vasculature and choroidal
vessels.

The retinal and choroidal layers can be separated at the high reflectivity layer
corresponding to IS/OS, RPE, and CC. A combination of the retinal part from
Fig. 4.4 (E) and the choroidal part from Fig. 4.4 (F) is shown in Fig. 4.4 (G).
The anterior part is encoded in cyan and the posterior part, yellow. Since the 3D
squared bi-directional flow images exhibit low noise and small artifacts and the 3D
power of Doppler shift images exhibit choroidal vessels, this combination results
in a better visualization. Three-dimensional volume rendering images of the ONH
region are shown in Fig. 4.5 and its movies.

4.3.2 En facevasculature imaging

Although the power of Doppler shift images exhibit some artifacts, they are highly
sensitive. The projection of the power of Doppler shift volume set serves as two-
dimensional angiography. In this case, the artifacts under the vessels enhance the
contrast of the projection images. Two-dimensional angiographies for both the
macular and ONH regions are shown in Figs. 4.6 and 4.7, respectively.

The projection images with the entire depth integration of the power of Doppler
shift volume sets are shown in Figs. 4.6 (A) (macula) and 4.7 (A) (ONH). By
selecting the integration range as the tissue region, the contrast of the images is
slightly enhanced, as shown in Figs. 4.6 (C) and 4.7 (C). Only retinal vessels are
visible in the projection images of the retinal layer (Figs. 4.6 (D) and 4.7 (D)).
On the other hand, the projection images of the choroidal part reveal not only the
choroidal vessels but also the retinal vessels due to shadowing effect (Figs. 4.6 (E)
and 4.7 (E)). For practical applications, composite false-colored images are created
from these projection image sets to distinguish the retinal vessels and the choroidal
vessels. For the colored images, each of the three layers – red, green, and blue –
are produced by the following manner. The images of the retina and the choroid
are normalized; they correspond to the blue and green channels, respectively. The
retinal images are inverted and multiplied with the images of the choroid in order
to suppress the retinal vessel artifacts; this is the yellow channel. This process
renders the retinal and choroidal vessels cyan and yellow, respectively (Figs. 4.6
(F) and 4.7 (F)).
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Figure4.6: Optical coherence angiography of the macula lutea of the human eye.
Each image is produced by the integration of (A) the entire depth, (C) tissue region,
(D) retinal part, and (E) choroidal part of the power of Doppler shift images. (F) is a
combination of (D) and (E). In the cross-sectional flow image (B), each integration
range is indicated.
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Figure4.7: Optical coherence angiography of the ONH of the human eye. Each
image is produced by the integration of (A) the entire depth, (C) tissue region,
(D) retinal part, and (E) choroidal part of the power of Doppler shift images. And
(F) is a combination of (D) and (E). In the cross-sectional flow image (B), each
integration range is indicated.
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Figure4.8: Comparison of the angiographies of the macula lutea. From the left-
hand side, the images of the fundus photography (A), FA (B), and ICGA (C) are
shown. Two-dimensional OCA image (D) is cropped to compare it with to the
other angiographies (E). The retinal vessels and some choroidal vessels appear in
(D), which is in agreement with FA (B) and ICGA (C). The size of the image (E)
is 5 mm× 3.6 mm (horizontal× vertical).
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Figure4.9: Comparison of the angiographies of the ONH. From the left-hand side,
the images of the fundus photography (A), FA (B), and ICGA (C) are shown. Two-
dimensional OCA image (D) is cropped to compare it with the other angiogra-
phies (E). The retinal vessels and some choroidal vessels appear in (D), which is
in agreement with FA (B) and ICGA (C). The size of the image (E) is 5 mm× 3.6
mm (horizontal× vertical).
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Sincethere are no retinal and choroidal layers in the optic disk, the segmen-
tation of the high reflectivity layer at the optic disk is inappropriate. However,
the high reflectivity layer segmentation algorithm behaves to detect the posterior
boundary of retinal vessels, so that the retinal vessels are included into the retinal
part. Since the almost of all OCT signals in the retinal vessels at the optic disk are
disappeared due to fringe washout, large rising edges at the posterior boundary of
the retinal vessels are detected. Nevertheless, the discontinuity of the retinal ves-
sel inside the optic disk is observed in Fig. 4.7 (B). Further improvement of the
segmentation algorithm is required.

Figure 4.8 shows a comparison between FA, ICGA, and two-dimensional OCA
of the macular region. The angiograms of the ONH are also shown in Fig. 4.9.
Intravenous injection has been administrated with sodium fluorescein (2.5 ml of
10 percent solution) and indocyanine green (2 ml of 1.25 percent solution). Each
fluorescence angiograms are acquired at 2 minutes 43 seconds (Fig. 4.8 (B)), 14
minutes 56 seconds (Fig. 4.9 (B)), 27 seconds (Fig. 4.8 (C)), and 45 seconds (Fig.
4.9 (C)) after dye injection. Both the two-dimensional OCA images of the macular
region and the ONH shows the vasculature of the retinal vessels and choroidal
vessels. Fine retinal vessels in the macular region are visible with FA, but not with
OCA. It is expected that the density of the axial scan is not sufficient for detecting
these small vessels and/or their blood flow velocity is low. Some thick choroidal
vessels that appear in ICGA do not appear in the OCA images. The reasons for this
are assumed to be their low blood flow velocity and/or the low backscattered light
from these vessels. However, these OCA images are in good agreement to FA and
ICGA.

FA and ICGA are also capable of investigating circulation by dye-dilution
method. Macroscopic blood flow dynamics, e.g. circulation time, will be investi-
gated which is difficult for OCA. Instead of that, OCA are capable of measuring
the local blood flow speed, not absolute value but relative value, that is hard for
fluorescence angiographies.

There is an alternative en-face method to contrast only the retinal vessels from
the OCT volume sets by utilizing the absorption of blood, which is referred to as
the shadowgram [54]. It might be useful to create composite colored images of the
macular region. The comparison between an OCA image of the retina and a shad-
owgram, composite images from each image and an OCA image of the choroid are
shown in Fig. 4.10. A finer retinal vasculature can be observed in the shadowgram
and the composite image than in the OCA image of the retina. On the other hand, a
OCT intensity based choroidal vessel imaging requires significantly deep penetra-
tion to the choroid. The high-speed swept-source OCT in the 1 micron wavelength
region has been performed the deeper penetration and the high contrast choroidal
vessel imaging [87].
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Figure4.10: Composite image with shadowgram and flow projection image. As
compared to the power of Doppler shift projection of the retinal part (A), the shad-
owgram (B) exhibits a fine retinal vasculature. The composite colored angiograms
(C), (D) are obtained from the power of Doppler shift projection of the choroidal
part (Fig.4.6(C)) and (A) or (B), respectively.
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4.4 Summary

We present a new noninvasive angiography for the human eye. By using 3D flow
imaging with high-speed SD-OCT, the 3D vasculature of the posterior part of the
human eye is visualized. The retinal and choroidal parts are distinguished in the
OCT images by segmentation. The two-dimensional vessel images of the retina
and choroid represent the ocular vessels corresponding to FA and ICGA.



Chapter 5

Conclusion

The high-speed tissue imaging has been performed with SD-OCT. Although there
are some difficulties, high-speed full-range complex SD-OCT has been performed.
This technique will reduce the limitations of SD-OCT and extend its applicability.

As an application of SD-OCT, high-speed retinal imaging is performed for the
in vivo human retina. The 3D observations of retinal diseases can not only lead to
better diagnosis but also further our understanding of these diseases. The advanced
application of SD-OCT, namely, OCA is also proposed. The three-dimensional
blood flow maps for the retinal and choroidal vessels are obtained. The 3D infor-
mation enables the production of multidimensional images such as false-colored
en-facevessel images. OCA will be complementary to existing ophthalmic diag-
nosis tools and used as a hemodynamic investigation method.
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Appendix A

Signal-to-noise ratio of SD-OCT

Consider that a single reflection surface is placed in the sample arm with a ampli-
tude reflectivity,rs, and an optical path length,z′. The axial profile of the sample
is as(z) = rsδ(z − z′). The detected spectrum can be obtained by substituting this
profile in eq. (1.1) as

I(k) = S(k)
[
Rrr

2
r + Rsr

2
s + 2

√
RrRsrrrs cos(kz′)

]
. (A.1)

By photodetection at the linear detector array, a photon is converted into a charge.
The number of generated charges is given by

N (km) =
ητ

hν0
S(km)

[
Rrr

2
r + Rsr

2
s + 2

√
RrRsrrrs cos(kmz′)

]
∆k, (A.2)

where subscriptm denotes the index of the detector (m = 0, 1, 2, · · · , N − 1)
and ∆k denotes wavenumber separation corresponding to the detector size.η
denotes the quantum efficiency of the spectrometer including the diffraction ef-
ficiency and the quantum efficiency of the linear detector array;τ , the exposure
time; h, Planck’s constant;ν0, the central optical frequency. The signal is the
modulation in eq. (A.2) and is expressed as

Ns(km) = 2
ητ

hν0
S(km)

√
RrRsrrrs cos(kmz′)∆k. (A.3)

The discrete Fourier transform (DFT) of the above equation yields the OCT signal
Fs(zn) as,

Fs(zn) =
N−1∑
m=0

Ns(km) exp[−i2πmn/N ]

=
ητ

hν0

√
RrRsrrrsP0V (zn/c) ⊗

[
δ(zn − z′) + δ(zn + z′)

]
.

(A.4)

The power of the light sourceP0 =
∑N−1

m=0 S(km)∆k, assuming that the spectrom-
eter covers the entire light source spectrum and the linear detector array has a fill
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factor of 100%. The signal is concentrated atzn = ±z′. Considering only the
positive path length difference region, the expected peak power of the signal is

〈|Fs(z′)|2〉 =
(

ητ

hν0
P0

)2

RrRsr
2
rr

2
s . (A.5)

The noise sources of SD-OCT are photon noise and detector noise. Photon
noise is includes “shot noise” (which obeys Poisson distribution due to photon de-
tection) and “excess photon noise” (caused by intensity fluctuations in the detected
light) [88]. Broadband light sources such as a superluminescent diodes, are used
in SD-OCT; therefore, the source used here can be assumed to be a partially po-
larized thermal source. The important factor in the excess photon noise statistics
is the ratio of the integration time to the coherence time of light. Since SD-OCT
resolves the spectrum, the coherence time of the portion, inverse of the effective
optical bandwidth, is longer than that of the original emission. Although that, it is
in the order of∼ 10−11 s (∼ 0.1 nm wavelength separation,∼ 1 µm central wave-
length), which is much shorter than the integration time of high-speed SD-OCTs
(∼ 10µs). Thus, the photon noise at each detector can be expressed as, [89],

〈N 2
photon(km)〉 = 〈N (km)〉

[
1 +

1 + P2

2
2π

c∆kτ
〈N (km)〉

]
, (A.6)

whereP denotes the degree of polarization;τ , the integration time; andc, the
speed of light.Nphoton denotes the photon noise equivalent number of the electron
charge. The first term of eq. (A.6) correspoinds to the photon shot noise and
the second term to the excess photon noise. After the Fourier transformation of
Nphoton, the photon noise is expressed as,

〈|Fphoton(zn)|2〉 =
〈∣∣∣∣N−1∑

m=0

Nphoton(km)e−j2πnm/N

∣∣∣∣2〉

=
N−1∑
m=0

〈N 2
photon(km)〉.

(A.7)

Then, the photon shot noise becomes

〈|Fshot(zn)|2〉 =
N−1∑
m=0

〈N (km)〉

=
ητ

hν0
P0(Rrr

2
r + Rsr

2
s).

(A.8)

Furthermore,the excess photon noise becomes

〈|Fexcess(zn)|2〉 =
1 + P2

2
2π

c∆kτ

N−1∑
m=0

〈N (km)〉2

=
1 + P2

2∆νeffτ

[
ητ

hν0
P0(Rrr

2
r + Rsr

2
s)

]2

,

(A.9)
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where∆νeff is the bandwidth of the light source.
In addition, there are several noise sources in the detection part, namely, the

dark noise of the detector, amplifier noise, and quantization noise at digitization.
All these noises are together termed as the detection noise〈N 2

detect〉 for each de-
tector of a linear sensor. When all these noises can be assumed as white noise, the
detection noise in the time domain is given by

〈|Fdetect(zn)|2〉 = N〈N 2
detect〉. (A.10)

Then, the signal-to-noise ratio of SD-OCT will is given by

SNR =

(
ητ
hν0

P0

)2
RrRsr

2
rr

2
s

ητ
hν0

P0(Rrr2
r + Rsr2

s)
[
1 + 1+P2

2∆νeff τ
ητ
hν0

P0(Rrr2
r + Rsr2

s)
]

+ N〈N 2
detect〉

.

(A.11)
In OCTs, the backscattering coefficient of tissues is considered to be sufficiently
smaller than the reference arm reflectivity; as a result, the photon noise contribution
from the backscattered sample light can be ignored. Consequently, the SNR limited
by each noise source can be expressed as

SNRshot =
ητ

hν0
P0Rsr

2
s (A.12)

SNRexcess =
2∆νeffτ

1 + P2

Rsr
2
s

Rrr2
r

(A.13)

SNRdetect =
(

ητ

hν0
P0

)2 RrRsr
2
rr

2
s

N〈N 2
detect〉

. (A.14)
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Calibration of the spectrometer

In OCT systems, the depth information of tissues is encoded into time-of-flight of
the backscattered light and decoded by means of time cross-correlation with the
original light source. In the SD-OCT systems, this information is retrieved from
its Fourier counterpart, i.e. the spectral-domain signal. The spectral fringes are
detected by a high-speed spectrometer; however, the sampling is not evenly spaced
in frequency, which is the Fourier counterpart of time. Thus, resampling is required
to obtain spectral signals with a constant period in frequency.

To obtain the resampling points, the phase of the spectral interference signal is
used. Since the phase of the interference signal is linear to the optical frequency
when there is no chromatic dispersion, it provides correct resampling points. A
single reflective surface, such as a mirror, is placed in the probing arm of the in-
terferometer, and the spectral signal is obtained with the spectrometer. Then, the
interferometric term can be expressed by using eq. (1.1) as

Ĩ[k(xi)] = 2S[k(xi)]
√

RrRsrrrs cos
[
2k(xi)z0

]
, (B.1)

wherers is the amplitude reflectivity of the reflective surface andxi is the position
of each pixel on a linear detector array. The phase of this fringe signal can be
obtained by using the Hilbert transform or the Fourier transform method (FTM)
[39]. Here, FTM is used to avoid unnecessary signals such as fixed-pattern noise
and to increase the signal-to-noise ratio. The obtained complex interference signal
is given by

Ĩ ′[k(xi)] = S[k(xi)]
√

RrRsrrrs exp[jφ(xi)], (B.2)

where

φ(xi) = 2k(xi)z0 = 4π
ν(xi)

c
z0. (B.3)

Sinceφ ∝ ν, the resampling point setx′
l has to sampledφ as a linear function. The

inverse function ofφ(xi) is fitted by a polynomial; then it can be expanded as

x(φi) = a0 + a1φi + a2φ
2
i + a3φ

3
i + · · · . (B.4)
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Thus,the resampling point setx′
l can be created by using an even-spaced phase set

given by

x′
l = a0 + a1(φ0 + l∆φ) + a2(φ0 + l∆φ)2 + a3(φ0 + l∆φ)3 + · · · . (B.5)

Third-order polynomial fitting is applied to the high-speed ophthalmic SD-OCT
system (Sec. 3.1), and the fourth-order fitting to the UHR-SD-OCT system (Sec.
3.2). The calibrated spectral signals at these resampling points are obtained by
linear interpolation after zero-padding [90]. The same method is also used in the
swept-source OCT system [91].

The main feature of this method is the use of a phase of interferometric signal,
which is proportional to frequency (eq. (B.3)). Thus, it is not feasible to use a
single reflective surface in cases where a dispersion mismatch between the two
arms of interferometer exists. In these cases, a common path configuration can
be used, e.g., placing a glass plate and a mirror with narrow air gap in the same
arm. There is no dispersion mismatch between the reflected light from the back
surface of the glass and the mirror. Another method is to subtract the phases of two
different interference signals with different optical path length differencesz0. In
this case, the dispersion mismatch between two arms will be canceled out.
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