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Abstract of dissertation

Optical coherence tomography (OCT) provides the axial profile of backscattered light from
the sample and enables non-invasive, three-dimensional retinal imaging. Therefore, OCT
has shown its powerful utility especially in the field of ophthalmology. On the other hand,
however, there is still a lot of room to improve the imaging ability of opthalmic OCT.

Recent development of ophthalmic OCT has shown the enhanced image contrast at
the deep region of the eyes using a 1-µm probe. In addition, several types of high-speed
swept-laser source become available at 1-µm wavelength band. At the same time, adaptive-
optics (AO) has been used to further enhance the lateral resolution of ophthalmic OCT.
Therefore, we expected AO-OCT using a 1-µm probe (1-µm AO-OCT) is capable of high-
resolution and high-speed posterior-eye imaging with high-penetration property. Further-
more, several OCT-based angiographic methods have shown its powerful utility in the
detection of micro-vasculature. By combining these techniques, we speculated that the
posterior-eye imaging ability can be further enhanced.

The aim of this dissertation is to demonstrate the retinal and choroidal capillary imag-
ing by OCT. For that purpose, the imaging ability of ophthalmic OCT is enhanced by
developing 1-µm AO-OCT and implementing several multiple-volume OCT-based angio-
graphic algorithms.

First, we developed 1-µm AO-OCT from the optical design. The system performance
was evaluated numerically and experimentally. Furthermore, in order to extend the focal
range, we created the spherical aberration on the pupil plane in addition to the cancel-
lation of the ocular monochromatic aberration. The effect of spherical aberration was
again evaluated numerically and experimentally. Finally, in vivo photoreceptor imaging
performance was investigated. In total, four eyes of 4 subjects were examined. The image
qualities were qualitatively and quantitatively assessed. The results showed clear photore-
ceptor cells at 4-5 degree Nasal with AO. The RMS wavefront errors were reduced to be
less than 0.1 µm. We qualitatively found that the negative-SA of 0.4 µm in RMS provides
slight better image quality than non-SA and positive-SA of 0.4 µm in RMS.

Second, several multiple-volume OCT-based angiographic algorithms were used to fur-
ther enhance the vasculature image quality. We calculated averaged intensity, amplitude
decorrelation, and averaged power of Doppler shift. Six eyes of 6 subjects were exam-
ined by the of a phase-stabilized swept-source OCT (SS-OCT). The results showed high-
contrast three-dimensional retinal and choroidal micro-vasculature images for all eyes. In
the retina, the slight change of vasculature image quality was found between the angio-
graphic algorithms. However, in the case of the choroid, the choroidal capillary networks
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in the Sattler’s layer were more clearly contrasted by the averaged Doppler algorithm than
the others.

Finally, in order to observe more details, high-resolution retinal and choroidal capillary
imaging has been demonstrated. Four eyes of 4 subjects were examined by 1-µm AO-
OCT. The results showed the depth-resolved capillary network clearly. In the retina, the
slight change of capillary image quality was found between the angiographic algorithms.
However, the choriocapillaris were rarely visible in the averaged intensity image, though
the other angiographic algorithms showed the capillary network clearly.

In conclusion, we successfully enhances the capillary imaging performance of oph-
thalmic OCT by developing 1-µm AO-OCT and using several multiple-volume OCT an-
giographic algorithms. It was found that the combination of Doppler techniques and
AO-OCT is especially useful for the detection of choriocapillaris. In addition, the combi-
nation of SS-OCT and 1-µm AO-OCT is capable of a more comprehensive vascular and
structural imaging for the medical diagnosis.
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Chapter 1

Introduction

Optical coherence tomography (OCT) provides the axial profile of backscattered light from
the sample and enables depth-resolved retinal imaging [1]. Further, frequency-domain
OCT (FD-OCT) has a higher sensitivity and acquisition speed than time-domain OCT
(TD-OCT) [2–5] and enables three-dimensional retinal imaging. Therefore, FD-OCT has
shown its powerful utility especially in the field of ophthalmology [6].

Posterior-eye imaging is an important application of ophthalmic OCT, since several
severe eye diseases, such as glaucoma, age-related macular generation, degenerative my-
opia, and diabetic retinopathy, are known to be related with the structural deformation
and malfunction of the posterior-eye [7–9]. Thus, ophthalmic OCT has been widely used
for the detection of such structural deformation. On the other hand, however, there is
still a lot of room to improve the imaging ability of opthalmic OCT. In order to further
enhance the imaging ability, there are several approaches.

For instance, adaptive-optics (AO) technology is used to enhance the lateral resolution
of ophthalmic OCT. Since AO improves the lateral resolution by correcting the ocular
monochromatic aberration [10], AO-OCT allows in vivo microscopic investigation of the
retina and choroid with extremely high lateral and axial resolution [11–14].

Another example is OCT-based angiography, which is used to enhance the image con-
trast of retinal and choroidal vasculature [15–29]. They reveals the tree-dimensional micro-
vascular network, and have shown its utility to detect the vascular abnormalities.

One more example is a high-penetration OCT (HP-OCT), which is used to enhance
the image contrast at the deep region of the eye using a center wavelength of a 1-µm
probe [15, 30–33]. This is mainly because the 1-µm probe have less absorption property
of retinal pigment epithelium (RPE) than 840-nm probe [15, 31, 34]. Hence, HP-OCT is
more suitable for the detection of the choroidal feature.

The aim of this dissertation is to demonstrate the retinal and choroidal capillary
imaging by OCT. For that purpose, the imaging ability of ophthalmic OCT is enhanced
by developing AO-OCT using a 1-µm probe (1-µm AO-OCT) and implementing several
multiple-volume OCT-based angiographic algorithms.
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1.1 Frequency-domain OCT

In this section, the principle of frequency-domain OCT (FD-OCT) is briefly described [35].
OCT is based on a low coherence interferometry [2, 36]. Hence, a temporally low-

coherence light source is used. Since the coherence length is short, the limited number
of photons, which is within a “coherence gate”, make the interference. Thus, the depth
resolution of the OCT is limited by the coherence length of light source. If the light source
have a Gaussian shape spectrum, the round trip coherence length ∆l is defined as

∆l =
2ln(2)

π

λc

∆λ
, (1.1)

where λc and ∆λ are the center wavelength and the spectral bandwidth of the light
source, respectively. Typically, depth resolution of ophthalmic OCT is a few or a dozen
micrometer.

In order to obtain the interference, the conventional types of interferometers can be
used. Here, a Michelson interferometer is assumed for simplicity. First, the light from the
source is delivered to the interferometer. Its wave function is described in complex form
as, ELS(k,w) = s(k,w) exp(i(wt − kz)), where s(k,w) is the amplitude function of the
source as a function of wavenumber k and angular frequency w. Then, the light is split
into the sample and reference arm. Here, we assumed the ideal splitting ratio of 50-50,
and hence the input light for each arm is described as ELS√

2
.

In the sample arm, the input light illuminates the sample, and the backscattered
light from the sample is collected. The wave function of the backscattered light can
be described as Es = ELS√

2

∫
a(z) exp(i(wt− kzs))dz, where a(z) is the back scattered

amplitude coefficients of the sample. zS is the optical path length of the sample arm. z
is calculated by subtracting the optical path length of the reference arm from that of the
sample arm.

In the reference arm, the light reflected from the mirror is collected. The wave function
of the reflected light can be described as Es = ELS√

2
rR exp(i(wt − kzR)), where rR is the

amplitude reflectivity of the mirror, and zR is the optical path length of the reference arm.
Thus, z = zS − zR.

After collecting the lights from the sample and reference arm, they are recombined
and interfered. Then, the detected spectral interferogram with a fixed time interval T is
now described as

I(k) = S(k)| 1√
2
rR exp(−ikzR) +

1√
2

∫
a(z) exp(−ik(zR + z))dz|2, (1.2)

where S(k) is the power spectrum of light source.
Since FD-OCT detect the spectral interferogram by encoding them in spatial or time

domain, the inverse Fourier transform (IFT) of the detected spectral interferogram I(k),
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gives the axial profile of backscattering coefficients a(z). When zR = 0, the IFT of I(k) is

F−1[I(k)](z) =
1

2
ρV (z/c) ⊗

(
|rR|2δ(z)

+ A.C.[a(z)]

+ r∗Ra(z) + rRa
∗(−z)

)
, (1.3)

where ρ is the detector efficiency, V (z/c) is the temporal coherence function of the light
source, A.C.[] is the auto-correlation operator. Here, the convolutions of temporal coher-
ence function and DC (1st term), auto-correlation (2nd term) and cross-correlation terms
(3rd and 4th terms) are obtained. The convolution of temporal coherence function and
cross-correlation terms represent the complex OCT signals of backscattering light, more
exactly speaking, the coherence sum of backscattering light from the scatterers in a coher-
ence volume. Hence, the axial profile of backscattering coefficient of the sample (z > 0)
can be obtained by taking the square of the complex OCT signal, which is described as
|ρV (z/c) ⊗ r∗Ra(z)|2.

1.2 OCT-based angiography

In this section, a brief summary of OCT-based angiographic methods is described.
The OCT-based angiographic methods are categorized as scattering OCT, speckle

variance OCT, Doppler OCT, and auto-correlation. The methods are summarized in
Table 1.1.

Scattering OCT represents the backscattering intensity of the samples as a function of
the depth. Here, the intensity is described as I(z) = |Γ(z)Γ∗(z)|, where Γ(z) is the complex
OCT signal: Γ(z) = ρV (z/c) ⊗ r∗Ra(z). Since the red blood cells is a hyper-scatterer, the
micro-vasculature is appeared with hyper-scattering [16]. On the other hands, the large
blood vessels are appeared with hypo-scattering, because the large blood vessels have a
strong absorption [15,17].

Speckle variance OCT represents the temporal changes of the backscattering coef-
ficients of the sample [37, 38], so called “speckle variance”. For instance, the speckle
intensity variance can be described as

σ2
I (z) =

N∑
i=1

(Ii(z) − I(z))2

N
, (1.4)

where I(z) is the averaged intensity. As a similar to the time-varying speckle analysis
[39,40], the velocity of the moving scatterers can be estimated [37,38,41].

Doppler OCT or optical Doppler tomography is a functional extension of OCT [42],
and is utilized in retinal blood flow measurement [43–45]. In general, Doppler frequency
shift of a moving scatter is described as ∆fDoppler = 2vaxial/λc, where vaxial is the axial
velocity of the moving scatters parallel to the direction of the incident light. In order to
obtain the Doppler frequency shift using OCT, several complex OCT signals are obtained
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Abbreviation Symbol References

Scattering OCT Intensity I(z) [15–17]

Speckle variance OCT
Intensity variance σ2

I (z)

Amplitude variance σ2√
I
(z) [18,19]

...
...

Doppler OCT

Fast Doppler mode ∆ϕ(z,∆tA−A) [42–45]

Slow Doppler mode ∆ϕ(z,∆tB−B) [20–23,46]

Dual-beam-scan ∆ϕ(z,∆tA−(A+n)) [24,25]

Phase-shift variance σ2
∆ϕ(z) [26,27]

Auto-correlation
Doppler variance 1 − ρ(z) [47,48]

Amplitude
decorrelation 1 − ρAmp(z) [28,29]

Table 1.1: Summary of OCT-based angiographic methods.

at the same region of interest. Then, phase-differences between complex OCT signals are
calculated. Since the complex OCT signals are recorded separately at fixed intervals ∆t,
the axial velocity of moving scatters for each coherent volume is now described as

vaxial,i =
λc

4nπT
∆ϕi, (1.5)

where ∆ϕi is given by ∆ϕi(z,∆t) = Arg
[
Γi(z, t)Γ

∗
i+1(z, t + ∆t)

]
. Doppler flow sensitivity

is mainly limited by the time interval ∆t, Doppler angle, and phase noise. Here, the time
intervals can be altered by modifying the scanning protocols [20–23, 46] or implementing
dual-beam scan techniques [24,25].

Auto-correlation method represents the temporal changes of the complex OCT signals.
In general, auto-correlation coefficient of complex OCT signal is described as

ρ =
E[Γi(z, t)Γ

∗
i+1(z, t + ∆t)]

E[Γ(z, t)Γ∗(z, t)]
, (1.6)

where E[x] denotes the expected value of x. As described by Zhao et al. and Wang et
al. [47, 48], the sample motion during the fixed time interval ∆t attenuates the auto-
correlation coefficient, and hence the moving scatterers can be contrasted by 1 − ρ. On
the other hand, amplitude decorrelation is a modified version of the above mentioned
method [28, 29]. The auto-correlation of amplitude of complex OCT signal was used to
contrast the moving scatterers, which is described as 1 − ρAmp.
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1.3 Adaptive-optics

In this section, the basic principle of adaptive-optics (AO) is described [49]. Typically,
AO technology is utilized to correct temporally and spatially aberrated wavefronts. In
other word, AO dynamically improves the spatial coherence between sub-apertures on the
pupil [50, 51].

In general, the AO system is consisted of a wavefront aberration measurement and
correction parts. As an example, a Shack-Hartmann wavefront sensor (SHWS) is typically
used for the wavefront aberration measurement, which is consisted of a lens-let array and
CCD camera [52]. The wavefront aberration W (x, y) is reconstructed by the spatially

resolved slopes of the wavefront: sxj =
∂Wj

∂x , syj =
∂Wj

∂y , where j is the index of sub-
aperture. The slopes were estimated by calculating the centroids of the intensity profile
for each sub-aperture. Then, the measured slope vector is described as

s = [sx1 , ...sxj , ...sxN , sy1 , ...syj , ...syN ]T , (1.7)

Since the slopes are measured by the intensity based method, the SHWS is achromatic
and is available for the temporally incoherent light source.

Zernike standard coefficients c are given by the measured slope vector via a singular
value decomposition (SVD). After the pupil center (x0, y0) and radius r are determined,
the derivatives of Zernike standard polynomials are described as

sxn =
∂

∂x

Ncoef∑
n=0

n∑
m=−n

cmn Zm
n (x, y) (1.8)

syn =
∂

∂y

Ncoef∑
n=0

n∑
m=−n

cmn Zm
n (x, y) (1.9)

where Zm
n (x, y) represents the Zernike standard polynomial after the change of coordinates

and Ncoef is the number of coefficients. Hence, the Zernike reconstruction matrix Z is given
by Z = [s0, ..., sn, ..., sNcoef

]. Therefore,

s = Zc

c = Z+s
(1.10)

where Z+ is the Moore-Penrose pseudoinverse matrix of the derivatives of the Zernike
standard polynomials. Here, the maximum number of Zernike coefficients Ncoef is deter-
mined by the number of sub-apertures used for the wavefront reconstruction N [52], since
the reliable Zernike order depends on how the slopes are densely sampled in the pupil.
The maximum number of Zernike coefficients is approximately equal to the number of sub-
apertures Ncoef ≈ N . In general, the Zernike order J is calculated by Ncoef = (J+1)(J+2)

2 .

Hence, the maximum Zernike order is calculated as N ≈ (Jmax+1)(Jmax+2)
2 .

As a part of the wavefront aberration correction, a membrane deformable mirror (DM)
has been widely used, which is consisted of a membrane mirror and several actuators. The
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command voltages are applied via a command vector vm, where m is the index of actuators.
In order to cancel the wavefront aberrations measured by the SHWS, the command

vectors v are calculated by the Moore-Pensrose pseudo-inverse matrix of the influence
matrix A+. The dimension of A is defined by the number of sub-apertures N and the
number of actuators M . Thus, the command vector is given by v = A+s.

In practice, an integral controller is typically implemented to have a feedback loop [53],
which is given by

vt+T = vt − αA+sT , (1.11)

where t is time, T is a period of a single cycle of the AO closed loop, vt is a command
vector of the one-previous cycle, α represent a closed-loop gain, A+ is the pseudoinverse
matrix of an influence matrix and sT is a slope vector obtained by the SHWS.

In addition, the wavefront aberration can be modulated by defining the target wave-
front in the integral controller, which is described as

vt+T = vt − αA+ (sT − starget) , (1.12)

where starget is the target slope vector. The residual wavefront will converge to the target
wavefront, which is defined by the target slope vector starget.

1.4 Adaptive-optics retinal imaging

AO technology has been used to compensate the ocular monochromatic aberrations and
enables high-resolution retinal imaging. Therefore, AO has been widely used in vision
research and clinical applications [54–58].

High-resolution retinal imaging is realized by combining AO with several types of con-
ventional retinal imaging devices such as a flood-illumination camera [10], scanning laser
ophthalmoscopy (SLO) [59], and OCT [11–14]. These combined techniques successfully
improved the lateral resolution of retinal images and provided cellular-level structural
information of in vivo retina, such as photoreceptors, capillaries, and blood cells.

AO-SLO is a ultrahigh-resolution imaging system and enables in vivo cone and rod
photoreceptor imaging [59–62]. AO-SLO has been also used for vascular imaging at the
cellular level [63–68], which has enabled individual cell tracking including that of leukocytes
and erythrocytes [63,64,66–68], and has enabled motion contrast to enhance the visibility
of small retinal capillaries [65–67]. In addition, the use of offset pinhole aperture [69]
improves retinal vascular imaging ability. The lateral resolution of AO-SLO is high enough
to image all retinal capillaries, which are typically around 5 µm in diameter [7]. In addition,
high-speed imaging suppress the involuntary motion artifacts.

AO-OCT is the state of art technology that allows in vivo microscopic investigation
of the retina and choroid with extremely high lateral and axial resolution [11–14]. Thus,
AO-OCT is capable of three-dimensional investigation of micrometer-scale structure, such
as photoreceptors and capillaries. For instance, AO-OCT has been successfully used for
in vivo three-dimensional photoreceptor imaging [70–72] and capillary imaging [73–76].
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1.5 Overview

In this study, there are two main topics. At first, we developed AO-OCT using a 1-µm
probe and demonstrated in vivo photoreceptor imaging. Second, several multiple-volume
OCT-based angiographic algorithms have been used to enhance imaging ability of the
capillary network.

In Chapter 2, the works for the development of 1-µm AO-OCT are described. We
developed the system from the optical design. The system performance was evaluated
numerically and experimentally. Furthermore, in order to extend the focal range, we
created the spherical aberration on the pupil plane in addition to the cancellation of the
ocular monochromatic aberration. The effect of spherical aberration was again evaluated
numerically and experimentally. Finally, in vivo photoreceptor imaging performance was
investigated. In total, four eyes of 4 subjects were examined. The image qualities were
qualitatively and quantitatively assessed. A part of works was published in Optics Express
[76–78] and Biomedical Optics Express [79].

In Chapter 3, the works of the multiple-volume OCT-based angiography are described.
We used several type of angiographic algorithms to further enhance the vasculature im-
age contrast with the helps of image-registration and averaging. We calculated aver-
aged intensity, amplitude decorrelation, and averaged power of Doppler shift. For three-
dimensional wide-field micro-vascular imaging, six eyes of 6 subjects were examined by a
phase-stabilized swept-source OCT (SS-OCT). For high-resolution retinal and choroidal
capillary imaging, four eyes of 4 subjects were examined by 1-µm AO-OCT. A part of
works was published in Optics Express [76].
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Chapter 2

Adaptive-optics OCT using
one-micrometer wavelength probe

2.1 Introduction

The scattering and absorption property of the biological tissue depends on the wavelength
of the light. For posterior-eye imaging, ophthalmic OCT typically uses a center wavelength
of a 840-nm probe. This is mainly because of less water absorption and the affordability
and availability of optical components. Hence, AO-OCT has been also developed for
840-nm wavelength band [11–14].

On the other hand, however, recent development of ophthalmic OCT has shown the en-
hanced image contrast at the deep region of the eyes using a 1-µm probe [15,30–33]. In ad-
dition, several types of high-speed swept laser source become available at 1-µm wavelength
band [80–82]. Therefore, AO-OCT using a 1-µm probe (1-µm AO-OCT) is expected to
be capable of high-resolution and high-speed posterior-eye imaging with high-penetration
property.

To the best of our knowledge, we firstly developed 1-µm AO-OCT [78], though Mujat
et al. has also demonstrated at nearly the same time [83]. In our laboratory, we started
this work from the optical design, since AO system is required to be carefully designed
(see Subsection 2.2.1). On the basis of this optical design, the optical system was carefully
aligned and iteratively optimized to minimize an overall system aberrations. At the same
time, the performance was evaluated numerically and experimentally. Then, the AO reti-
nal scanner was combined with the previously-built spectral-domain OCT (SDOCT) [84].
Finally, in vivo photoreceptor imaging has been demonstrated (see subsection 2.2.4.3).

However, a larger probe beam diameter leads to the narrow depth of focus (DOF). This
is problematic for in vivo AO-OCT imaging. For instance, the expected DOF is 52.7 µm
with the beam diameter of 7.4 mm, and it is significantly smaller than the total thickness
of the retina and choroid, which is around 0.6 mm. In addition, the temporal fluctuations
make it difficult to maintain perfectly in-focus conditions. Hence, it is important to achieve
a long focal range.

In order to extend the DOF while preserving the lateral resolution, there are several
approaches such as three-dimensional scanning and point spread function engineering [85–
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87]. As an example, an axicon lens was used to generate Bessel illumination for OCT
imaging [88,89].

Since the axicon lens can be considered to generate high-order spherical aberrations
(SAs) [90], we hypothesized that a 3rd-order SA would extend the DOF of AO-OCT
imaging. Thus, we intentionally create the 3rd-order SA on the pupil plane in addition to
cancellation of ocular and system aberrations by modulating the wavefront aberration [79].
Then, the imaging performance and limitation of wavefront aberration modulation were
investigated numerically and experimentally. Finally, in vivo photoreceptor imaging has
been demonstrated with or without SAs (see Subsection 2.2.4.4).

2.2 Method

2.2.1 Optical design of adaptive-optics retinal scanner

In order to minimize the aberrations of AO retinal scanner, its optical setup was carefully
designed using an optical design software (Zemax, Radiant Zemax, WA). The schematic
diagram is shown in Fig. 2.1(a).

The probe beam is first collimated by an achromatic lens (L1), and expanded 1.5-
times by a lens pair (L2 and L3). Here, the light passes an custom made achromatizer as
described in Subsection 2.2.1.1. Then, the collimated light is reflected by a dichroic mirror,
which reflects 1-µm light and transmits 700-nm. The reflected and transmitted light are
transfered to the optically-conjugated planes: deformable mirror, horizontal and vertical
scanners, and an eye pupil. Here, we employed a reflection-type configuration with off-axis
relay optics using two spherical mirrors (SMs), as demonstrated as Roorda et al. [59]. This
configuration suppresses the chromatic aberrations. Cumulative astigmatism originated
from the horizontally off-axis SM pairs was canceled by cumulative astigmatism originated
from a pair of vertically off-axis SMs (SM5 and SM6) [60]. The pair of vertically off-axis
SM relays wavefront from the horizontal scanner to the vertical scanner and vice versa.
The summary of the reflection-type configuration with off-axis relay optics is described in
Table 2.1.

We placed a Badal optometer (L6 and L7) in front of the eye pupil to correct a large
defocus of the eye, as demonstrated as Burns et al. [60]. The correctable range was from
–9 D to 4 D, which covered more than 99% of the Asian population [91,92]. In this Badal
optometer, the off-axis configuration was used to reduce specular reflection.

The eye pupil is optically-conjugated to a plane of the lenslet array of the SHWS
(Haso32, Imagine Eyes, Orsay, France), a reflective plane of a magnetic deformable mirror
(Mirao52e, Imagine Eyes or High-speed DM97-15, ALPAO, France), and horizontal and
vertical scanners. The retina is optically-conjugated to r1, r2, · · · , r6 and the fiber tip.
The retinal and pupil magnification are summarized in Table 2.2.

The entire system was placed on a compact breadboard with an area of 750 × 900
mm2.

Optical system performance Strehl ratio and footprint diagram were calculated to
evaluate the monochromatic field aberration and on-pivot configuration. Here, we assumed
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(b) Spectrometer (c) Reference arm

D

Ach

(a) AO retinal scanner, top view

(a) AO retinal scanner, side view

SM6

SM5

HS

VS

r1 r2 r3

r3

r4

r5
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Figure 2.1: The schematic diagram of the optical setup of AO-SDOCT. PC: Polarization
controller, FC: Fiber coupler, (a) The optical setup of the AO retinal scanner, L#: Lenses,
LP#: Linear polarizers, D: Dichroic mirror, Ach: Achromatizer, ST: Stop, SM#: Spher-
ical mirrors, FM#: Flat mirrors, WS: Wavefront sensor, DM: Deformable mirror, VS:
Vertical galvanometric scanner, HS: Horizontal galvanometric scanner. The green bars
and arrows indicate the optical conjugate planes of the pupil. The red crosses and arrow
indicate the optical conjugate planes of the retina. r#: Optical conjugate planes of the
retina. (b) Spectrometer. (c) Reference arm, ND: neutral density filter.
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Focal length
[mm]

Deflection angle
[degree]

Mirror size
[mm]

SM1 101.6 θx = 8 ϕ25.4

SM2 304.8 θx = 5 ϕ50.8

DM - θx = 7 *ϕ15 or ϕ13.5

SM3 304.8 θx = 5 ϕ50.8

SM4 50.8 θx = 20 ϕ25.4

HS - θx = 22 4 (H) x 5 (V)

SM5 50.8 θy = 22.95 ϕ25.4

SM6 76.2 θy = 22.95 ϕ25.4

VS - θx = 16 24 (H) x 9 (V)

SM7 101.6 θx = 11.85 ϕ50.8

SM8 203.2 θx = 11.15 ϕ76.2

Table 2.1: Summary of the reflection-type configuration with off-axis relay optics. *: Clear
aperture of Mirao52e and High-speed DM97, respectively.

Pupil
magnification

Eye : HS : VS : DM : SHWS =
1 : 0.33 : 0.5 : 2 : 0.3

Retinal
magnification

Fiber tip : r1 : r2 : r3 : r4 : r5 : r6: Retina =
1 : 6.25 : 8.47 : 8.47 : 8.47 : 11.29 : 4.45 : 0.928

Table 2.2: Pupil and retinal magnification

the monochromatic light source with a center wavelength of 1.02 µm. The intensity dis-
tribution is Gaussian apodization. For the simplicity, the Badal optometer (L6 and L7)
and achromatizer were removed. Hence, the performance was evaluated at the surface of
FM2. Strehl ratios over a 2 degree field of view (FOV) were calculated, as shown in Fig.
2.2(a). The results show that the Strehl ratios were larger than 0.91. It indicates the
small field aberration and the cancellation of cumulative astigmatism. In addition, the
pupil footprint was calculated, as shown in Fig. 2.2(b). The results show nearly perfect
on-pivot configuration.

2.2.1.1 Achromatizer

A custom-designed broadband achromatizer is used. The general concept of an achroma-
tizer was described by Fernández et al. [93]. We designed the achromatizer to cancel not
only for the longitudinal chromatic aberration (LCA) of the eye but also for the LCA of
the system. The optical design of the achromatizer is shown in Fig. 2.3(a). The numerical
simulation showed the axial chromatic focal shift was corrected less than 3 µm at the
wavelength bands of 970 nm and 1070 nm as shown in Fig. 2.3(b).

To cancel longitudinal chromatic aberrations of human eye, a custom-designed broad-
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Figure 2.2: (a) Strehl ratios over 2 degreed FOV. (b) Pupil footprint diagram at FM2.
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Figure 2.3: (a) Optical design of achromatizer. An yellow arrow indicates the beam direc-
tion from the fiber tip to the retina. (b) The chromatic focal shift with the achromatizer
(red solid line) and without the achromatizer (green dashed line).

band achromatizer is used [93,94]. With this achromatizer, the axial chromatic focal shift
was controlled to be less than 3 µm in the wavelength band of 970 to 1070 nm. The
achromatizer is located between the input collimator and dichroic mirror which splits a
back-scattered light to the fiber tip and to a wavefront sensor. This configuration prevents
surface reflections from the achromatizer.

2.2.1.2 Scanning system

The AO retinal scanner has two galvanometric scanners to scan the beam over the retina.
Here, we used them with a vertical-fast raster scanning protocol. The scanning FOV was
calibrated by using an US Air Force test target (USAF 1951, CVI Melles Griot) that is
placed at a retinal conjugated plane in a model eye, which comprised of a lens with a focal
length of 16 mm.
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2.2.1.3 Practical alignment

In practical alignment process, the SHWS was used to minimize the system aberrations.
The wavefront aberrations were measured at each optically-conjugated plane, and the op-
tical elements were adjusted. For the off-axis optics, the optical axes were first established
by adjusting the angles of optics. And then, the defocus was minimized by adjusting the
distance of SM pairs. However, it results in the change of its optical axis. Therefore, an
iterative alignment process was necessary.

As an example, measured RMS wavefront errors for each optically-conjugated plane
were 0.025 µm, 0.202 µm, 0.211 µm, and 0.130 µm at the position of the dichroic mirror,
HS, VS, and FM2, respectively. Cancellation of the cumulative astigmatism was experi-
mentally confirmed at the position of FM2, where the RMS errors was reduced from 0.211
µm to 0.130 µm. Here, it is noticeable that the beam diameter at FM2 is 2-times larger
than the aperture of the SHWS, and the wavefront aberration measurement is relatively-
inaccurate, though the SHWS can be used to minimize the low-order aberrations with the
smaller aperture.

The measured beam diameter on the cornea was 7.4 mm, and it results in a transform
limited 1/e2 beam width of 5.8 µm on the retina. The DOF, which is defined by 2-times
Rayleigh length, was 52 µm.

The total optical loss of the AO retinal scanner was 2.8 dB for a single pass at 1
µm wavelength. This ensure that no vignetting was occurred. In addition, the measur-
able FOV was confirmed by applying the vertical and horizontal scanning, and it was
approximately 2.5 degree (H) × 5 degree (V) FOV.

In order to have the on-pivot configuration, the optical conjugate plane of the pupil
was confirmed by monitoring the scanning beam displacement. First, the DM was placed
at the conjugation plane of HS. Here, the fiber collimator is placed after the HS, and
hence the beam enters the system in an opposite direction. Then, the beam displacement
was monitored on the reflective plane of the DM. The distance between DM and SM3 was
adjusted. After the alignment of HS, the position of VS is placed at the optical conjugation
plane of HS by adjusting the distance between VS and SM6. Here, the beam displacement
was monitored at the plane of FM2. Hence, the iterative alignment process was necessary.
Finally, the horizontal and vertical scanning pivot positions were confirmed by using the
SHWS. The SHWS was placed at the position of the eye pupil and translated along the
optical axis.

It is noted that the probe beam should be parallel to the beacon beam in our setup.
Similarly, if the beam is aligned in opposite direction, the beam also should be parallel
to the incident beam. Relative decenter and tip/tilt should be minimized. These mis-
alignment results in the difference of cumulative wavefront aberrations between them, and
the performance becomes unstable.
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2.2.2 Adaptive-optics

2.2.2.1 Wavefront aberration measurement

The wavefront aberration was measured by SHWS (HASO32, Imagine Eyes) using a laser
diode with a 700-nm center wavelength as a beacon (700-nm laser diode, HL7001MG,
Thorlabs Inc., NJ). The specification of Haso32 is summarized in Table 2.3.

Since high-order aberrations over than 10th Zernike order is negligible with a pupil
diameter of 7 mm [10], the required number of sub-apertures for 10th Zernike order is
calculated as 66 (see Section 1.3). However, it is noticeable that the pupil is required
to be more oversampled than this estimated number of sub-apertures, since the reliable
maximum number of Zernike coefficients is degraded by several factors such as the effect of
tear-film and pupil boundary errors. In our setup, the measured number of sub-apertures
is typically over than > 300, when the eye pupil is dilated. It means that the pupil is
oversampled 4-5 times than the required number of sub-apertures. The corresponding
pupil diameter is 2.4 mm, which is mainly limited by the clear aperture of the DM and
not by the eye pupil.

The specular reflections from the sample’s surface and the surfaces of refractive-optics
components overlapped the SHWS image and reduced the accuracy of wavefront aberra-
tion measurement. In order to avoid this problem, two linear polarizers (LP1 and LP2),
whose orientations were orthogonal to each other, were placed after L9 and in front of the
SHWS, respectively. In addition, a stop (ST) blocks the undesired stray light including
the specular reflection, which is installed in front of L5, as shown in Fig.2.1.

In order to avoid the light integration of the SHWS during the pull-back action of
the galvanometric scanner, the wavefront measurement is synchronized to vertical scan.
Further, this scanning configuration reduces the speckles on the CCD camera [95] and
hence the measurement become more stable. However, it should be noted that it is relevant
only if the scanning FOV is within an isoplanatic patch [96].

2.2.2.2 AO beacon

A laser diode with a 700-nm wavelength was used as a beacon, though the probe beam
is originated from a 1-µm SLD light source (Superlum diode, Ireland). This is because
the 1-µm probe beam is not suitable for the ocular aberration measurement: the detector
sensitivity of a silicon CCD is low at 1-µm wavelength, and higher depth penetration
into the tissue results in relatively large depth scattered field of the SHWS image. In
addition, the wavefront aberration measured by the beacon can be utilized effectively for
the probe beam, since the wavefront measurement of the SHWS is basically achromatic
and independent from the temporal coherence of the light source (see Section 1.3).

However, in practice, the longitudinal chromatic aberration (LCA) between the probe
and beacon cause the difference of defocus of the eye, which is approximately 0.5 D [93],
in addition to that of the refractive optics. It results in a longitudinal focal shift between
the probe and beacon. In order to cancel the longitudinal focal shift, we adjusted the
lens distance between the relay lens in front of the SHWS (L4 and L5). In addition, the
residual chromatic aberration was canceled by applying an additional defocus to the target
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Parameters values

Aperture dimension 3.6 × 3.6 mm2

Number of sub-apertures 32 (X) × 32 (Y)
Number of lens-let (N) 1024
Spatial resolution ∼ 110 µm
Focal length of lens-let 5 mm
Diffraction limited FWHM of SHWS spot ∼ 4.5 pixels
Number of pixels 492 (X) × 492 (Y)
Number of pixels/sub-apertures ∼ 15 (X) × ∼ 15 (Y)
Wavefront measurement accuracy < λ/100
Maximum Zernike order ∼ 10th order

Table 2.3: Specification of Haso32

Parameters Mirao52e High-speed DM-97

Number of actuators 52 97
Maximum wavefront (PV) +/- 50 µm (tilt PV) +/- 60 µm (tilt PV)
Mirror surface quality 0.006 µm RMS < 0.007 µm RMS
Effective diameter 15 mm 13.5 mm
Bandwidth > 200 Hz > 750 Hz

Table 2.4: Specifications of Mirao52e (Imagine Eyes) and High-speed DM-97 (ALPAO)

wavefront profile of an AO closed loop (see Subsection 2.2.2.4).
In order to extend DOF and reduce the double pass effect [60, 97], the smaller beam

diameter was selected, which is 3.2 mm on the cornea.

2.2.2.3 Wavefront aberration correction

A magnetic deformable mirror (Mirao52e or High-speed DM97-15) was used to correct the
measured wavefront aberrations. Mirao52e and High-speed DM97-5 were used in Subsec-
tions 2.2.4.4 and 2.2.4.3, respectively. The specifications of these deformable mirrors are
described in Table 2.4. It should be noted that the reflected light have twofold aberrated
wavefront than the deformed mirror surface. In other words, the wavefront quality is
2-times worse than the mirror surface quality.

The mirror shape was controlled by applying voltages for each actuator. The command
vector was calculated by an integral controller as described in Section 1.3.

2.2.2.4 Adaptive-optics controller

The AO control software was implemented using LabVIEW SDK (Imagine Eyes). The
standard integral controller was used (see Section 1.3). In order to obtain the influence
matrix A, positive and negative unit voltages were applied to each actuator of the DM,
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and recorded slope vectors for each unit voltage. Note that the fiber collimator is placed
at the position of the eye, and the beam enters the system in an opposite direction.

In the measurement, the AO closed loop was configured to have a gain of 0.3 or 0.4.
Abnormal wavefront measurement values, which caused by the vignetting, blinking, or
other factors, were rejected before the calculation of root-mean-square (RMS) wavefront
errors and command voltages. The closed-loop was driven at a reputation frequency of 12
Hz.

The wavefront aberration modulation was realized by using the integral controller (Eq.
(1.12)), any arbitrary wavefront can be set as a target wavefront and reconstructed by the
AO closed-loop. However, in practice, its performance is limited by the fitting error. As
described in Appendix, the achievable smallest residual wavefront error will be given by
Eq. (4.6). Therefore, a large and high-order target aberration results in unavoidable large
RMS error.

2.2.2.5 Extended depth of focus

In order to extend the DOF, we introduced a 3rd order SA by modulating the wavefront
aberration [79]. Shortly, we intentionally create the SA on the pupil plane in addition to
cancellation of ocular and system aberrations. As a result, a longitudinal aberration (LA)
helps to extend the DOF.

In practice, the SA was required to be balanced by applying the additional defocus
to shift the optimal focus position [79, 98]. We call this additional defocus as “counter
defocus”. In the geometrical optics, the minimum circle is positioned at 0.75 LA [98].
However, the optimal focus depends on not only the SA but also the intensity distribution
on the pupil. In the numerical simulation, we found that the optimal focus was positioned
at 0.25 LA. In the experiment, we found the counter defocus by recording the defocus
coefficients, which provide the maximum OCT signal, for the every SAs (from -1.0 µm to
1.0 µm with 0.1-µm step). It was found that the counter defocus shift was closed to 0.25
LA as predicted by the numerical simulation.

Thus, the total amount of additional defocus coefficient was determined by the addi-
tion of the counter defocus and defocus cancellation of the residual LCA (see Subsection
2.2.2.2).

Numerical simulation In order to theoretically estimate the extension of DOF, we
numerically simulated the polychromatic PSFs for SA = +0.4, 0.0, and -0.4 µm by using
Zemax. In addition, in order to confirm the effect of chromatic aberrations, the numerical
simulation was also performed with or without the achromatizer. Here, the Zemax model
of the human eye is selected for the simplicity. The system and ocular aberrations are
corrected by inserting the Zernike standard phase surface. The Strehl ratio was optimized
larger than 0.99 at a center wavelength of 1020 nm. We calculated the theoretical depth-
resolved PSF at each depth over +/- 1000 µm on the retina, where peak intensity reaches to
maximum at the depth of 0 µm (counter defocus was considered). Here, it is noticeable that
the counter defocus is no longer at 0.75 LA, but 0.25 LA due to the Gaussian apodization.

PSF was calculated based on the Huygens-Fresnel principle. We set the pupil and
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Figure 2.4: Peak intensity profiles for SA = +0.4, 0.0 and -0.4 µm without the achromatizer
(a) and with the achromatizer (b).

image sampling sizes at 256 pix × 256 pix. The lateral spacing of the simulation was
set at 0.5 µm. We calculated incoherence sum of the PSF at 5 difference wavelengths of
967 nm, 993 nm, 1020 nm, 1046 nm and 1073 nm, which were adopted as representative
wavelengths of the broad band light source of a 1-µm SLD. The PSFs are divided by the
peak intensity of diffraction limited PSF. The lateral resolution of the system was defined
by 1/e2 beam width. The DOF was defined by the FWHM of central peak intensity profile
along the depth.

In the case of SA = 0.0 µm (without SA), the profile of PSF was almost symmetric with
respect to the focal plane as shown in Figs. 2.4. However, the depth profile of the PSF
becomes asymmetric when SA was applied. When positive SA was applied, the transversal
width of PSF was smaller at closer to the lens than farer from the lens, although some side
peaks appeared. Wen negative SA was applied, the transversal width of PSF was smaller
at farer from the lens than closer to the lens, and at the same time side peaks appeared.
The DOFs with the achromatizer were 165 µm, 68 µm, 161 µm for SA = +0.4, 0.0, -0.4
µm, respectively. The DOF was extended 2.4 times with SAs. The 1/e2 beam widths with
the achromatizer were 8 µm, 6 µm, 8 µm for SA = +0.4, 0.0, -0.4 µm, respectively. The
lateral resolution becomes worse 1.3 times.

If we simply reduce the beam diameter to have an m-times longer DOF, we should
shrink the beam diameter in 1/

√
m times. And hence, the lateral resolution is reduced

in
√
m times worse. Here, to have the same 2.4 times longer DOF, the lateral resolution

should decrease in 1.55 times. It means that the lateral resolution is 1.2 times better with
SA with the same DOF.

The effect of chromatic aberration in the DOF was significantly smaller than the the
effect of the SA. In fact, the DOFs without the achromatizer were 176 µm, 80 µm, 186
µm for SA = +0.4, 0.0, -0.4 µm, respectively. This is approximately 1.2 times longer than
that with the achromatizer, though the SA extends the DOF 2.4 times. In addition, there
were no difference in lateral beam width in this numerical simulation. The peak intensity
was slightly improved with achromatizer from 0.42 to 0.50. Thus, the achromatizer can
be used to maximize the peak intensity and more effectively extend the DOF.
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2.2.3 Spectral domain OCT

The SDOCT subsystem uses an SLD light source (Superlum diode, Ireland) with 1.02-µm
center wavelength and a spectral bandwidth (FWHM) of 106 nm. The theoretical axial
resolution is 4.7 µm in air and 3.4 µm in tissue.

Light from the source is divided and delivered to a sample arm and a reference arm
by a 50/50 fiber coupler. In the sample arm, light is delivered to the retina via the AO
retinal scanner. Backscattered light from the retina is recoupled into the fiber and sent
back to the fiber coupler, where the backscattered light is recombined and interfered with
the light from the reference arm.

The recombined light is delivered to the spectrometer, in which the light is collimated
by an achromatic lens (AC254-050-B, Thorlabs Inc., NJ), diffracted by a reflective grating
(GR50-1210, 1200 lp/mm, Thorlabs) and focused by a lens pair (AC508-050-B and AC508-
150-B, Thorlabs) on an InGaAs 1024-pixel line-scan camera driven at a line rate of 91,911
lines/s (SUI1024LDH2, Sensors Unlimited Inc., NJ).

The sensitivity of the system was measured to be 81.5 dB with a sample power of
1.26 mW. Sensitivity was measured with a cat’s eye consisting of an achromatic dou-
blet (AC254-060-B, Thorlabs) and a mirror at an optical conjugated plane of the retina.
Note that during this measurement the deformable mirror of the AO retinal scanner was
flattened. This could result in underestimation of the sensitivity.

Alternatively, we also measured the sensitivity with aberration correction by an indirect
method as follows. First, the system aberration was corrected with a model eye using a
paper (scattering target) as a retina. Second, we replace the paper to a mirror (reflector)
and realigned it. The defocus and tilts were adjusted to have the maximum re-coupling
efficiency to the optical fiber of the interferometer. Finally, the sensitivity was measured.
As a result, the sensitivity with aberration correction was 85.9 dB, which is 4.4 dB larger
than the sensitivity without the aberration correction.

2.2.4 Measurement protocols

2.2.4.1 Subjects

As a static sample, a model eye was used to characterize the system performance. Here,
the model eye comprised of a lens with a focal length of 16 mm or 30 mm and a paper
(scattering) target which mimicked the refractive optics of the eye (cornea and crystalline
lens) and retina, respectively.

For in vivo experiments, four eyes of 4 healthy subjects were examined in this study.
The participants’ characteristics are summarized in Table 2.5. Informed consents were
obtained from all subjects. The protocol conformed to the Declaration of Helsinki, and
it was approved by the Institutional Review Board of the University of Tsukuba. Prior
to measurement sessions, two drops of 0.5% tropicamide and 0.5% phenylephrine were
applied for pupil dilation and cycloplegia.
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ID Sph Cyl L/R Axial eye length Age

A -7.3 D -0.3 D R 26.24 mm 26
B -6.6 D -0.4 D R 27.52 mm 25
C -1.2 D -0.1 D R 24.53 mm 32
D -4.0 D -0.3 D R 25.73 mm 27

Table 2.5: Participants’ characteristics. ID is the subject ID, Sph and Cyl are spherical
and cylindrical refractive errors in diopters and L/R indicates the left (L)/right (R) eye.

2.2.4.2 Safety limit

The optical powers were 1.3 mW for the probing beam and 90 µW for the beacon beam.
According to the safety limits defined by the American National Standard Institute [99],
the maximum permissible radiant powers are 1.7 mW for the probing beam and 399µW for
the beacon beam with an exposure time of 10 seconds, assuming the eye was illuminated
by only one of the two beams. In order to account for the simultaneous multiple beam
exposure, the total fractional powers respect to the maximum permissible radiant power
should be less than 1.0. In our case, it was 1.3 mW/1.7 mW + 90µW/399µW = 0.99.
And hence our measurement configuration satisfies the safety standard.

2.2.4.3 High-resolution OCT imaging

In order to experimentally evaluate the imaging performance of AO-OCT, the USAF test
target was measured with or without AO. In addition, in vivo photoreceptor imaging has
been demonstrated with AO.

Resolution target In the model eye experiment, the USAF test target was measured.
First, the system aberration was corrected with the model eye, which comprised of a lens
with a focal length of 16 mm. Second, we replace the paper to the USAF test target and
realigned it to the focus plane. The defocus and tilts were carefully adjusted to have the
maximum OCT signals, because the DOF is quite narrow. Here, we scanned 1 degree ×
1 degree (235 µm × 235 µm, 512 pix × 512 pix) FOV.

In vivo photoreceptor imaging In the human eye experiment, three eyes of 3 healthy
subjects (A, C, and D) are examined. the eccentricity was set at from 1 to 5 degree Nasal.
The imaged region on the retina was controlled by a fixation target, which was a grid
pattern on a piece of paper. Volumetric measurements were performed at dimensions of
0.65 degree × 0.65 degree (128 × 128 A-lines). Nine sequential volumes were acquired at
a speed of 5.6 volumes/s in a single dataset.

For the image comparison, we generated en face averaged projection images of the
photoreceptor layer (PRL) with a projection thickness of 52 µm (21 pixels). The images
were normalized by taking 0.1% and 99.7% percentiles. The outliers were forced to be zero
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or 255. Here, the representative volumes which appeared with less involuntary eye motion
artifacts are selected from the volumes taken at several datasets. Because the most severe
reason for blurring image was the involuntary eye motion artifacts, the manual selection
process was necessary.

2.2.4.4 Extended depth of focus

In order to experimentally evaluate the performance of 3rd-order SA, the ability of wave-
front aberration modulation was first evaluated by a static model eye. The focal range
with or without 3rd-order SA was evaluated by directly measuring the beam profile along
the optical axis. Finally, in vivo photoreceptor imaging was demonstrated with or without
SAs, and its performance was qualitatively and quantitatively evaluated.

Performance of wavefront aberration modulation In the model eye experiment,
we measured the maximum OCT signals and the RMS wavefront error as altering the
applied SA. The backscattered light from the thin paper target was recorded by OCT.
The maximum OCT signal was defined as the average of maximum signals of 100 A-lines.
The residual RMS wavefront errors were recorded by the wavefront sensor. The SA under
consideration ranged from -1 µm to +1 µm with 0.1-µm step.

Beam profile measurement A scanning slit optical beam profiler (BP104-IR: Thor-
labs) was employed in this study. However, the slit size is 2.5 µm, and the minimum
measurable diameter for this beam profiler is 10 µm, which is significantly larger than the
transform limited spot size of our standard model eye, 5.4 µm. Hence, we utilized another
eye model with a lens with 30-mm focal length (AC127-030-B: Thorlabs) as an alternative.

In the experiment, we measured the intensity profile by the beam profiler at each
depth. We set a target resolution at 1.2 µm. Note that intensity profile represents the
integrated profile over the entire slit. After the acquisition, the measured intensity profiles
were normalized at each depth location by the maximum intensity. This is because there
was a significant intensity fluctuation by a rotational slit profiler at each depth. Then, we
plotted the entire profiles for SA = +0.7, 0.0, and –0.7 µm. The measurement range was
+/- 1000 µm with a 20-µm step, and the 0-µm depth was set so that the beam diameter
reaches a minimum at this depth. The counter defocus obtained by another experiment
was added for this measurement.

The variation of the lateral resolution as a function of the depth was then fitted to the
following function, which is parameterized by w0, w0 and w0:

w(z) = w0

√
1 + ((Z − Z0)/zR)2 (2.1)

where w0 is the minimum lateral resolution, z is depth position, Z0 is depth position with
the minimum lateral resolution, and zR is the Rayleigh length. zRis used as a parameter
to assess the focal range.

In vivo photoreceptor imaging with SA In the human eye experiment, three eyes
of 3 normal subjects (A, B, and C) were examined, whose demographics are summarized
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in Table 2.5. The imaging region was set at 5 degree superior. In this study, we applied
SA of +/- 0.4 µm and its associated counter defocus to have 3-times longer focal range
(156 µm) in theory. This is because, in our case, the maximum applicable SA was 0.4 µm.
In other words, AO-closed loop cannot converge with a target aberration larger than this
maximum. Because there is the inevitable residual wavefront error discussed in Appendix.
Here, the defocus was adjusted to focus on the photoreceptors.

Then, volumetric measurements were performed at dimensions of 0.8 degree × 0.8
degree (128 × 128 A-lines). Nine sequential volumes were acquired at a speed of 5.6
volumes/s in a single measurement session.

For the image comparison, we generated en face averaged projection images of the
photoreceptor layer (PRL) with a projection thickness of 52 µm (21 pixels). The images
were normalized by arbitrary taking maximum and minimum values to have a better image
quality. The representative volumes which appeared with less involuntary eye motion
artifacts are selected from the volumes taken at several measurement sessions. For the
quantitative assessment of the image quality, we calculated the RMS value of en face
projection image of PRL.

2.3 Results

2.3.1 High-resolution OCT imaging

2.3.1.1 Resolution target

The lateral resolution of OCT was improved with AO as shown in Fig. 2.5. The USAF
test target with AO have a shaper image than that without AO. The estimated resolution
was 181 lp/mm with AO (Group 7, Element 4, line width = 2.76 µm), and the theoretical
resolution was 186 lp/mm, which line width is equal to the optical resolution 2.69 µm.
Without the aberration correction, the RMS wavefront errors were typically 0.56 µm. With
the aberration correction, the RMS wavefront errors were reduced to 0.01 µm, which was
measured with a paper and before replacing it to the USAF test target.

However, it should be noted that there were subtle fluctuations in the galvanometric
scanner and resulting in the lateral shifts in the images. In addition, the image was skewed
due to the off-axis optics.

2.3.1.2 In vivo photoreceptor imaging

En face projection images of the photoreceptor layer (PRL) are shown in Figs. 2.6 and
2.7. Typically, measured RMS wavefront errors were ranged from 0.06 µm to 0.1 µm with
AO, though the diffraction limited imaging is guaranteed less than 0.07 µm.

The photoreceptor images were clearly observed at 4 and 5 degree Nasal. However,
photoreceptor cells are not clearly observed at more closer to the fovea, where cone-
photoreceptor cells are more densely packed [100].
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Figure 2.5: (a) The USAF test target without AO. (b) The USAF test target with AO.
The measured FOV is 235µm × 235 µm. The black bars indicate 50 µm.

Figure 2.6: Photoreceptor images in linear scale. The FOV is 0.62 degree (H) × 0.52
degree (V).
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Figure 2.7: Photoreceptor images in logarithmic scale. The FOV is 0.62 degree (H) × 0.52
degree (V).

2.3.2 Extended depth of focus

2.3.2.1 Performance of wavefront aberration modulation

The maximum OCT signals are plotted as a function of applied SA, as shown in Fig. 2.8(a).
The maximum OCT signal was found at SA of around 0.0 to 0.1 µm. The possible reason
of the tiny positive shift would be the system induced SA originated from the detection
path and/or wavelength differences between the probe and beacon beams. The residual
RMS error was increased as a function of the coefficients of applied SA, as shown in Fig.
2.8(b). Numerical simulation results showed the similar tendency with the experimental
results. The discrepancy between the experiment and simulation would be explained by
measurement error which did not take into account in the simulation (see Appendix).

2.3.2.2 Beam profile measurement

We compared the transversal intensity profiles in cross section at several depths, as shown
in Fig. 2.9. When positive SA was applied, the transversal width of intensity profile was
smaller at closer to the lens. When negative SA was applied, the transversal width of
intensity profile was smaller at father from the lens. The estimated zR were 172 µm, 126
µm, and 173 µm for SA = +0.7, 0.0, and –0.7 µm, respectively. The DOF was extended
1.4 times with SAs. Both of positive and negative SAs showed the extension of focal range.
The minimum lateral resolutions w0 were 16.6 µm, 14.2 µm, and 16.2 µm for SA = +0.7,
0.0, and –0.7 µm, respectively. The lateral resolution would become worse 1.2 times with
SAs.

These results indicate first that the effective focal range can be extended by applying
SA. Second, lateral resolution was well preserved with SAs.
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Figure 2.8: The maximum OCT signals for each SA is shown in (a). The RMS wavefront
errors for each SA is shown in (b). The “+” and “×” dots indicate the experimental and
simulation results, respectively.

Figure 2.9: Normalized intensity profiles for SA = +0.7, 0.0, and –0.7 µm in linear scale.
The Black arrows and numbers indicate the full width at half-maximum (FWHM).
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Figure 2.10: En face projection images on PRL of Subject A, B and C are shown in the
first, second and third row, respectively. Images in the first, second and third columns
are taken with +0.4-µm SA, 0.0-µm SA, and -0.4-µm SA, respectively. FOV of cropped
images was 0.64 degree × 0.64 degree (102 pixels × 102 pixels).

2.3.2.3 In vivo photoreceptor imaging with SA

Figure 2.10 shows en face projection images of the PRL. We qualitatively observed better
image quality with -0.4-µm SA for all subjects than 0-µm or +0.4-µm SA. To more quantify
the image, RMS of the image, i.e. the mean signal energy of the image was obtained.
Comparable or higher RMS values were found with -0.4-µm SA than without SA as shown
in Fig. 2.10. The image quality with +0.4-µm SA was worse than the others. The residual
RMS wavefront errors for each SA are shown in Fig. 2.11(b). Without SA, RMS wavefront
errors were less than 0.1 µm for all subjects. Introduction of SA increases the RMS error
up to around 0.16 µm (results ranged from 0.1 µm to 0.16 µm). Despite this increasing
RMS error, we also found that the image quality for all subjects was better or comparable
with -0.4-µm SA than without SA.

2.4 Discussions

2.4.1 In vivo photoreceptor imaging

Although the lateral resolution was improved with AO as shown in Figs. 2.5, almost of
cone-photoreceptor cells were not well observed especially at closed to the fovea, which
were clearly observed with 840-nm AO-SLO and AO-OCT systems [59,61,72].
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Figure 2.11: RMS values of en face projection images for SA = +0.4, 0.0 and -0.4 µm are
shown in (a). Residual RMS wavefront errors for = +0.4, 0.0 and -0.4 µm are shown in
(b). The “+”, “×”, and “*” indicate subject-A, -B, and-C, respectively.

For the retinal imaging, the involuntary eye motion artifacts were the most severe
problem, and they are random and not predictable. Hence, it is difficult to discriminate
between the effects of involuntary motion artifacts from the other factors: residual aber-
rations, wavelength dependent contrast [101], structural differences including the axial
eye length, system imperfection and so on. Nor surprisingly, in order to quantitatively
analyze the individual photoreceptor cells, the current imaging speed (5.6 volumes/sec) is
insufficient. More faster image acquisition is necessary. High-speed OCT imaging tech-
nology [81,82] would overcome this issue.

2.4.2 Extended depth of focus

2.4.2.1 In vivo photoreceptor imaging with SA

Through the measurement, we qualitatively and quantitatively observed the equivalent
or higher contrast of cone mosaic with 0.4-µm SA than without SA, though there were
no statistically significant differences. The reasons would be explained by the larger fluc-
tuation of the OCT signal intensity than the effect of SA. For instance, the OCT signal
intensity gain with SA was found only 1–2 dB in the phantom imaging. However, for the
human retinal imaging, there are large fluctuations from the other factors: involuntary
motion artifacts, structural changes, and OCT signal decay. More details analysis of the
effect of SA apart from other factors based on larger population would be a future study.

2.4.2.2 Benefit for retinal imaging

Proper alignment of the depth position of the focus is essential for high contrast imag-
ing. There are several uncontrollable factors in this alignment. For instance, multi-layer
structures in the retina cause a relatively large depth scattered field of a wavefront sensor
images, hence the exact depth position of wavefront sensing is not predictable. In addition,
micro-fluctuations of the accommodation also result in fluctuations in the depth position
of the reference of the wavefront measurement [95,102].
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Involuntary eye motion could also be a cause of turbulence. In AO retinal imaging,
the depth position of the focus is aligned based on an en face image. This maneuver is
easy and practical for AOSLO and a flood illumination AO fundus camera. However, it
is not totally compatible with AOOCT because AOOCT, with the exception of T-scan
time domain AOOCT, required a full volumetric acquisition to obtain an en face image.
In this circumstance, a long focal range obtained by intentionally induced SA becomes
beneficial. This benefit might be resulted in the slight differences of image contrast were
observed among several SA values as mentioned in Subsection 2.3.2.3.

2.5 Summary

In summary, we successfully enhance the lateral resolution of ophthalmic OCT by devel-
oping 1-µm AO-OCT from the optical design. In vivo photoreceptor cells were resolved
at 4–5 degree Nasal, which were rarely observed without AO.

In addition, we further enhance the imaging ability of AO-OCT by modulating the
wavefront aberrations. Here, we introduced the SA to extend the DOF of AO-OCT.
Although experimental results of the model eye indicate the extension of DOF, the evident
difference was not observed in in vivo photoreceptor images. We only qualitatively found
that the negative-SA of 0.4 µm in RMS provides slight better image contrast than non-and
positive-SA of 0.4 µm in RMS.
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Chapter 3

High-contrast micro-vascular
imaging

3.1 Introduction

Abnormal vascular network disturbs our visual function [7, 103–106]. Hence, the vascular
imaging is an important for the diagnosis in the field of ophthalmology. Especially, the
capillaries have an unique function to directly exchange the oxygen, nutrients, carbon
dioxide, and cellular waste products with the surrounding tissues. Therefore, the capillary
imaging is one of the important keys for the better diagnosis.

Several OCT-based angiographic methods were successfully used for a non-invasive
three-dimensional micro-vascular imaging [15–29], Nowadays, these techniques have been
utilized for the detection of abnormal blood vessels [107].

However, the image quality of the OCT-based angiography is limited by the involuntary
motion artifacts and low signal to noise ratio (SNR). In addition, the capillary have a small
diameter of 5-µm [7]. Therefore, the capillary flow velocity is slow and approximately 1–3
mm/s [105,108]. Hence, high-resolution and high-sensitive methods are required.

In this study, we used multiple-volumes to further enhance the vasculature contrast
of several OCT-based angiographic methods (see Section 3.2.1). Here, we calculated av-
eraged intensity, amplitude decorrelation, and averaged power of Doppler shift. Then,
three-dimensional retinal and choroidal micro-vascular imaging has been demonstrated
using a phase-stabilized swept-source OCT (SS-OCT) and 1-µm AO-OCT as described in
Subsections 3.3.1 and 3.3.2, respectively.

3.2 Method

3.2.1 OCT-based angiographic method

3.2.1.1 Image registration

Since multiple volumes are taken at a single retinal location, the volumes are registered
to each other semi-automatically.
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Shortly, first the axial motions along slow-scan are corrected by taking cross-correlation
coefficients between neighboring A-scans. Here, we used averaged displacements along
slow-scans. This enables smooth flattening. Second, the axial motions along fast-scan,
mainly tilt, are corrected by cross-correlation. Here, we used averaged displacements along
fast-scans. Then, each volume are flattened. Here, the depth position of each volume is
detected by employing customized edge detection and an iterative smoothing algorithm.

The transversal shifts among volumes are detected and corrected using a phase correla-
tion based registration algorithm. In detail, en face slices of photoreceptors are extracted
from each volume. Then, the en face images are segmented into several strips along the
fast-scan axis. The transversal motion of the strips relative to a proper reference image
is detected by the phase-correlation based registration algorithm. Some segmented strips
with small correlation coefficients are rejected. Finally, a set of motion-corrected volumes
is obtained.

3.2.1.2 Multiple-volume OCT-based angiographic algorithms

After the image registration, set of B-scans taken at the same location but in different
volumes are averaged with a certain inclusion criteria. In this study, e used intensity av-
eraging (averaged intensity, Eq. (3.1)), amplitude decorrelation (amplitude decorrelation,
Eq. (3.2)), and weighted averaged Doppler power (averaged Doppler, Eq. (3.3)).

Averaged intensity The averaged intensity represents the axial profile of backscatter-
ing light from the sample as described as

log
(
Ī
)

= log

(∑N
n=1 In (x, y, z)Tn(y)∑N

n=1 Tn(y)

)
, (3.1)

where N is the number of volumes utilized.

Amplitude decorrelation The amplitude decorrelation represents the amplitude fluc-
tuation during fixed time interval [28, 29], which is defined by the number of A-scans per
B-scan. Hence, the amplitude decorrelation is independent from the phase fluctuation
and derived only from scattering information of OCT signals. The amplitude correlation

coefficient is given by ρamp =
E[|Γi(z, t)||Γ∗

i+1(z, t + ∆t)|]
E[|Γi(z, t)|2]

. Here, the expected value can

be calculated by averaging them with certain threshold, which is described as

σ2
Amp.Decorr.B−B = 1 −

∑N
n=1

(∑M
m=1 |Γm||Γ∗

m+1|
)
Tn(y)T ′

n(x, y, z)∑N
n=1

(∑M
m=1

(
Im+Im+1

2

))
Tn(y)T ′

n(x, y, z)
, (3.2)

T is a 0, 1 function which takes zero if the corresponding OCT B-scan frame failed the vol-
ume registration, and hence only B-scans in volumes which were successfully co-registered
with the other volumes were utilized for the calculation. T ′

ρamp
is also a 0, 1 function which

takes zero if the magnitude of correlation function of corresponding pixel from the noise
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floor 10 log
∑M

m=1 |Γm(r)Γ∗
m+1(r)|

Mσ2 is less than 10 dB. M is the number of B-scans to be aver-

aged and the superscript * denotes the complex conjugate. If
∑N

n=1 TT
′ ≤ 1, the result is

set to be zero.

Averaged Doppler The averaged Doppler represents the amount of phase-shift caused
by moving scatterers during fixed time interval, which is again defined by the number of
A-scans per B-scans [20–22, 46]. Hence, it requires high phase-stability and bulk motion
correction. The weighted averaged of Doppler power is described as

∆ϕ2
B−B =

∑N
n=1

(
Arg

(∑M
m=1 Γm,nΓ∗

m+1,n

))2
Tn(y)T ′

n(x, y, z)∑N
n=1 Tn(y)T ′

n(x, y, z)
, (3.3)

where ∆ϕB−B is the phase-difference between OCT B-scans after the bulk motion correc-
tion, which is described in the following paragraph. If

∑N
n=1 TT

′ ≤ 1, the result is set to
be zero.

A constant phase offset ϕbulk owing to sample bulk motion and unstable scanning,
disturbs the Doppler measurement. Methods that use the mode or mean of the Doppler
shift to detect and cancel the bulk motion have been demonstrated [45,109–111].

However, with the long time separation such as that in our protocol, many small
capillaries can be detected, and hence the static regions become small. This disturbs
the above-mentioned standard methods for bulk motion correction. This is because the
detection accuracy of the constant phase offset relies on the selection of the static tissues.
In other words, by selecting the static regions effectively, we can improve the estimation
accuracy. Here, we used the OCT signal intensity as a weight function to effectively select
the static tissue [45]. In addition, this estimator was extended into a complex form to have
higher robustness. The weight function provides an appropriate selection of the static
tissues of the eye for the following reasons. First, the OCT signal is, in SD-OCT, weaker
in a dynamic region with stronger motion, such as in blood vessels [41, 112]. Second, the
static retinal structures including photoreceptors, the retinal pigment epithelium (RPE),
and nerve fiber layers are strong scatterers and hence have high OCT signal intensity. For
instance, the photoreceptors and RPE typically have a mean signal-to-noise ratio (SNR)
larger than 20 dB, while the choroid and retinal capillaries has an SNR of around 15 dB or
less. Third, because the random phase noise depends on the SNR [113], the phase value is
more reliable with the higher SNR. Under the above circumstances, the intensity-weighted
mean estimator is a good candidate for the bulk motion correction.

Another problem associated with the Doppler measurement protocol using a long time
separation is frequent phase wrapping. This is because the measurable maximum Doppler
velocity is small. Although this is not problematic in the case of the mode estimator [109],
the phase wrapping disturbs the mean estimation [45] and it should be corrected by some
means. And hence, in this paper, we calculated the mean value in complex form, because
this complex mean is robust for the phase wrapping.
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We used a mean estimator, which is described as

ϕbulk = Arg[
∑
j

Γi(j)Γ
∗
i+1(j)], (3.4)

ϕbulk is the estimated sample bulk motion, Γ(j) is the complex OCT signal at the j-th
depth pixel in the i-th A-line. It is noteworthy that the amplitude of Γi(j)Γ

∗
i+1(j) is

used as a weight of this mean calculation. This weight takes a larger value for a stronger
OCT signal. This is equivalent to a part of bulk motion correction as proposed by Lee et
al. [114], which is called as an axial global phase fluctuations.

This proposed method has additional advantages other than the robustness to the
phase wrapping occurred by a large bulk motion. First, the estimation is robust even
in the case with large blood vessels, in which the blood flow velocity far exceeds the
maximum velocity range. Since, in such large blood vessels, the phase values appear
as random values with a zero-mean, the complex mean estimator is less sensitive to the
blood flow but selectively sensitive to the bulk motion of the eye. Second, it is significantly
faster in computation than the mode estimator and the other recently proposed iterative
methods [21,22,109]. Third, it does not need to apply intensity threshold, and hence is a
totally linear operation [111].

In order to reduce the noise, several number of B-scans are averaged form for the
averaged Doppler and amplitude decorrelation (see Eqs.(3.2) and (3.3)). In Subsection
3.3.1.1, the number of averaged B-scans M is set to 6. In Subsection 3.3.2.3, M is set to
3. However, in Subsections 3.3.2.1 and 3.3.2.2, the B-scans were not averaged.

3.2.1.3 En face projection

To generate en face projections, we first segmented the retina and choroid into several
layers by employing a customized algorithm for edge detection and smoothing. The follow-
ing layer interfaces are automatically or manually segmented; i.e., the interface between
the inner limiting membrane and nerve fiber layer (ILM/NFL), the interface between the
NFL and ganglion cell layer (NFL/GCL), the interface between the inner plexiform layer
and INL (IPL/INL), the interface between the inner nuclear layer and the outer plexiform
layer (INL/OPL), the interface between inner and outer segment of photoreceptor (IS/OS)
and the interface between the retinal pigment epithelium and choroid (RPE/choroid).

In Section 3.3.1, the following en face projections are generated. In the retina, we
generate en face projections of two retinal layers, which are denoted as Retinal and INL
projections, on the basis of the segmentation. Here, Retinal projection is generated by
integrating 50 pixels (182 µm in tissue), which includes almost all of the retina. INL
projection is generated by integrating 20 pixels (72 µm in tissue), which includes almost
all of INL. In the choroid, we generate en face projections of two independent layers, which
are denoted as projections Ch1 and Ch2. These projections are segmented and numbered
from the RPE/Choroid interface, and the thickness of each projection is seven pixels (26
µm in tissue). To enhance the image contrast and ignore the outliers, the projection
images of the averaged intensity and averaged Doppler images were normalized by taking
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ID Sph Cyl L/R Axial eye length Age

A -5.6 D -1.0 D R 26.88 mm 37
B 0 D -3 D R 23.49 mm 32
C -7.3 D -0.3 D R 26.24 mm 26
D -1.2 D -0.1 D R 24.53 mm 32
E -4.0 D -0.3 D R 25.73 mm 27
F -6.2 D -0.2 D R 25.7 mm 30

Table 3.1: Participants’ characteristics. ID is the subject ID, Sph and Cyl are spherical
and cylindrical refractive errors in diopters and L/R indicates the left (L)/right (R) eye.

0.1% and 99.7% percentiles, though that of the amplitude decorrelation was normalized
by taking 20% and 99.7% percentiles. These parameters are empirically determined.

In Section 3.3.2, the following en face projections are generated. In the retina, on
the basis of the segmentation, we generate en face projections of four independent retinal
layers, which are denoted as an NFL, GCL+IPL, IPL/INL, and INL/OPL projections. In
the choroid, we generate en face projections of four independent choroidal layers, which
are denoted as projections CC1 to CC4. These projections are segmented and numbered
from the RPE/choroid interface, and the thicknesses of each projection is three pixels (7.4
µm in tissue) in Section 3.3.2.1, and four pixels (9.9 µm in tissue) in Section 3.3.2.2.

In order to further denoise the en face projections of vascular images, a transversal
moving average filter was applied with kernel size of 3 pix (4.5 µm, fast) × 3 pix (4.5
µm, slow) in Sections 3.3.2.1, and 3 pix (4.5 µm, fast) × 5 pix (3.8 µm, slow) in Section
3.3.2.3. Further, the projection images of the averaged intensity and averaged Doppler
images was normalized by taking 0.1% and 99.9% percentiles, though that of the amplitude
decorrelation was normalized by taking 15% and 99.9% percentiles. These parameters are
empirically determined.

On the other hand, no moving average filter was applied in Section 3.3.2.2. All pro-
jection images were normalized by taking 0.1% and 99.9% percentiles.

3.2.2 Measurement protocols

Six eyes of 6 healthy subjects are involved in this study. The participants’ characteristics
are summarized in Table 1.1. Informed consent was obtained from all subjects. The
protocol conformed to the Declaration of Helsinki, and it was approved by the Institutional
Review Board of the University of Tsukuba.

In this study, we first demonstrated in vivo micro-vascular imaging by SS-OCT. The
measurement protocols are described in Section 3.2.2.1. Next, we demonstrated in vivo
capillary imaging by using the 1-µm AO-OCT, which is previously described in Chapter
2. The measurement protocols are described in Section 3.2.2.2.
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3.2.2.1 In vivo micro-vascular imaging by SS-OCT

In Section 3.3.1.1, to investigate the general trend of multiple-volume OCT-based angio-
graphic algorithms, six eyes of 6 subjects were examined by SS-OCT [22]. No eye-drops
were applied before the measurement. The macular region was measured with the scan-
ning protocol D, as described in Table 2.1. Since it has a standard imaging resolution, the
imaging field of view (FOV) is much wider than the that of AO-OCT, as shown in Fig. 3.1.
Ten volumes were acquired separately, and five representative volumes were used to gen-
erate the OCT-based angiographic images: averaged intensity, amplitude decorrelation,
and averaged Doppler (Eqs. (3.1), (3.2) and (3.3)).

Phase-stabilized swept-source OCT In order to have a wide FOV and standard non-
AO imaging resolution, we used a custom built swept-source optical coherence tomography
(SS-OCT) for this study, which have several advantages for the retinal and choroidal
imaging in terms of high-penetration, high-speed, and low signal roll-off. The details of
the system are described in Ref. [22].

Shortly, SS-OCT uses an 1-µm swept laser source (Axsun Technologies Inc., MA) with
center wavelength of 1060 nm, a spectral bandwidth of 100 nm, and a scanning speed
of 100,000 A-scans/s. Light from the source passes through a polarization controller and
a polarization independent circulator. Then, the light from the source is divided and
delivered to a sample arm and a reference arm by a 50/50 filter coupler. Backscattered
light from the retina is recoupled into the fiber and sent back to the filter coupler, where
the backscattered light is recombined and interfered with the light from the reference arm.
The recombined light is detected by balanced photodetector (PDB130C, Thorlabs Inc.).
The measured depth resolution was (-6dB width) 11.0 µm in air and 8.0 µm in tissue.
The optical power on the cornea were 1.85 mW, which is below the safety limits defined
by the American National Standard Institute.

In order to measure Doppler phase-shift correctly, phase changes due to spectral shift
and bulk motion were numerically corrected by using a two step algorithm [22]. Then, it
enables significant improvement of in vivo Doppler measurement.

3.2.2.2 In vivo capillary imaging by AO-OCT

In Section 3.3.2, prior to measurement sessions, two drops of 0.5% tropicamide and 0.5%
phenylephrine were applied for pupil dilation and cycloplegia. Three types of scanning
protocols A-C were used, as described in Table 2.1.

In Subsection 3.3.2.1, to show the application of depth-resolved capillary imaging by
1-µm AO-OCT, we scanned subject A with scanning protocol A. Nine sequential volumes
were acquired at a speed of 5.6 volumes/s in a single measurement data set and were used
to generate the averaged intensity and averaged Doppler projections (Eqs.(3.1) and (3.3)).
The eccentricity was set to be 3.0-degree inferior and 1.5-degree nasal.

In Subsection 3.3.2.2, to show a potential to image choriocapillaris by 1-µm AO-OCT,
we scanned subject B with the scanning protocol C. Because of larger FOV and more
dense sampling, it requires long measurement time and results in larger involuntary mo-
tion artifacts. Hence, only a single volume was obtained by chance. Intensity, power of
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Protocol
ID

Image size [pix]

(fast × slow)

FOV [degree]

(fast × slow)
Speed
[vol/s] N δx

dwidth

Min. velocity
[mm/s]

A 128 × 128 0.65 × 0.65 5.6 9 0.25 0.029
B 256 × 512 1 × 1 0.7 1 0.097 0.010
C 128 × 256 0.65 × 0.65 2.8 5 0.13 0.023
D 128 × 1024 5 × 5 0.7 5 0.22 0.013

Table 3.2: Summary of scanning protocols. The fractional displacement δx
dwidth

is the

separation between adjacent B-scans with respect to the 1/e2 beam diameter of the probe.
N is the total number of volume in a dataset. The minimum velocity is estimated for an
SNR of 20 dB.

Figure 3.1: Measured area in fundus image. Typical retinal image size of AO-OCT (0.65
degree × 0.65 degree FOV) and SS-OCT (1.5 mm × 1.5 mm) is shown.

Doppler and amplitude decorrelation projections are generated using a single volume. The
eccentricity was set to be 5-degree Nasal.

In Section 3.3.2.3, enhanced capillary imaging performance was assessed by examining
4 eyes of 4 healthy subjects. The images are acquired more rapidly than the scanning
protocol B to suppress the involuntary motion artifacts. Five sequential volumes were ac-
quired and were used to generate the OCT-based angiographic images: averaged intensity,
amplitude decorrelation, and averaged Doppler (Eqs.3.1, 3.2 and 3.3). The eccentricity
was set to be 5-degree Nasal.
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Figure 3.2: Representative B-scan images with segmentation results are shown in (a) by
1-µm AO-OCT and (b) using the SS-OCT. The corresponding depths are indicated by
black arrows.

3.3 Results

3.3.1 In vivo micro-vascular imaging by SS-OCT

3.3.1.1 Enhanced contrast micro-vascular imaging

In order to image the depth-resolved capillary network, the layer segmentation was per-
formed as shown in Fig. 3.2(b).

Retinal and INL projections of micro-vasculature are shown in Figs. 3.3(a) and (b),
respectively. Overall, the scattering information tend to provide better visibility of retinal
micro-vasculature.

The choroidal projections of micro-vasculature are shown in Figs. 3.4(b). The choroidal
capillary networks in the Sattler’s layer are more clearly observed in the averaged Doppler
algorithm than the others. Similarly, moderate contrast was observed in the amplitude
decorrelation images.

3.3.2 In vivo capillary imaging by AO-OCT

3.3.2.1 Depth-resolved capillary network

In order to image the depth-resolved capillary network, the layer segmentation was per-
formed as shown in Fig. 3.2(a).

The retinal capillaries were observed in the averaged intensity and averaged Doppler
images as shown in Fig. 3.5(a). In the GCL and IPL projection, a relatively large blood
vessel was imaged. No corresponding structure was observed at deeper projections. At the
IPL/INL boundary, the retinal capillary bed was more observed in the averaged Doppler
image than the corresponding intensity image. At the INL/OPL boundary, the high
contrast retinal capillary bed was observed in both the averaged intensity and averaged
Doppler images. Here the hyper scatterers, which would mainly be red blood cells, had
sufficient contrast to discriminate the capillaries from the static tissue.

On the other hand, in the choroid, the averaged intensity and averaged Doppler images
had different contrasts as shown in Fig. 3.5(b). Although the averaged Doppler images
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Figure 3.3: (a)En face projections of retinal layer. (b)En face projections of INL. The
averaged intensity is in linear scale. The retinal image size is 1.5 mm × 1.5 mm.
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Figure 3.4: (a)En face projections of choroidal micro-vasculature in Sattler’s layer. (b)En
face projections of choroidal micro-vasculature in Sattler’s layer. The averaged intensity
is in linear scale. The retinal image size is 1.5 mm × 1.5 mm.
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Figure 3.5: (a) En face projections of retinal capillaries. (b) En face projections of the
choriocapillaries layer and choroidal capillary in the Sattler layer. The averaged intensity
images are shown in logarithmic scale. A black bar indicates 100 µm.

showed the capillary patterns in projections CC1 and CC2, the corresponding patterns
were rarely visible in the averaged intensity images.

3.3.2.2 Choriocapillaris imaging

En face projections of INL/OPL boundary and photoreceptor layer are shown in Figs.
3.6(a) and (b), respectively. The retinal capillaries and cone-photoreceptor cells are visual-
ized, and the results indicate the improvement of lateral resolution. At the same time, en
face projection of choriocapillaris layer is shown in Figs. 3.6(c)-(e). Obviously, the cap-
illary pattern was rarely visible in the intensity image as shown in Fig. 3.6(c). However,
averaged Doppler images show clear capillary pattern as shown in Fig. 3.6(d). Amplitude
decorrelation images show moderate capillary pattern, as shown in Fig. 3.6(e). It is clear
that choriocapillaris have a more dense capillary network than the retinal capillaries.

3.3.2.3 Enhanced contrast capillary imaging

The retinal capillaries and choriocapillaries are successfully observed for all eyes. The
success rates were 83%, 58% 85%, and 78% for subject A, C, D, and E, respectively. Here,
the success rate was defined as following exclusion criteria: First, the images should be
successfully acquired, in other words, there are no operational errors. Second, the images
can be registered each other, in other words, the effect of significant transversal motions
(saccade) was not dominant or negligible in the dataset, and the reference image has no
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Figure 3.6: (a) En face projection of INL/OPL boundary in linear scale. (b) En face
projection of photoreceptor layer in linear scale. (c)-(e) En face projections of the chori-
ocapillaries layer. No moving average filter was applied. A black bar indicates 100 µm.
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Figure 3.7: En face projections of retinal capillaries at the INL/OPL boundary (0.65
degree × 0.65 degree FOV). The averaged intensity is in linear scale.

significant transversal motions.
En face projections at the boundary INL/OPL are shown in Figs. 3.7. In the averaged

intensity images, the retinal capillaries were clearly observed. However, average Doppler
and amplitude decorrelation images have rather discontinuous patterns.

En face projection of choriocapillaris is shown in Fig. 3.8. The capillary pattern was
hardly observed in the intensity images. However, the average Doppler and amplitude
decorrelation images show clear capillary pattern. Some amplitude decorrelation images
show the signals from inter-capillary regions, although the average Doppler does not.

3.3.3 Selections of threshold level

3.3.4 Contrast stretching

In order to enhance the image contrast, en face images are normalized by taking certain
percentiles (see Subsection 3.2.1.3). However, the amplitude decorrelation have a larger
background than the others. Hence, the lower percentile of the amplitude decorrelation
was only different from the others.

The effect of this different lower percentile is shown in Figs. 3.9(a) and (b). It was found
that the effect of different lower percentile was more obvious in the choroidal capillary and
choriocapillaris images. However, it has a little effect to improve the visibility of the
capillary network.

3.3.5 Threshold function in the angiographic algorithms

The important part of the angiographic algorithms is the threshold function T ′ (see Section
3.2.1.2). Here, the effect of threshold level was examined. For that purpose, we defined
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Figure 3.8: En face projections of choriocapillaris layer (0.65 degree × 0.65 degree FOV).
The averaged intensity is in linear scale.

several threshold functions and calculated the angiographic images.
For the averaged Doppler and amplitude decorrelation, we applied following threshold

functions, T ′
6dB, T ′

8dB, T ′
10dB and T ′

12dB. We rejected the pixels if the magnitude of correla-

tion function from the noise floor 10 log
∑M

m=1 |Γm(r)Γ∗
m+1(r)|

Mσ2 is less than 6, 8, 10 and 12 dB,
respectively. On the other hands, for the averaged intensity, we applied simple intensity

masks, T ′′
6dB, T ′′

8dB, T ′′
10dB and T ′′

12dB. We rejected the pixels if the SNR 10 log |Γm|2
σ2 of

corresponding pixels is less than 6, 8, 10 and 12 dB. In practice, the difference between T ′

and T ′′ was negligible.
In addition to the angiographic images, several en face images of intensity mask T ′′

were generated for each threshold level, which is denoted as “Mask” in Figs. 3.10. We
selected a single en face image of a single volume, which are positioned at the middle of
INL/OPL projection and CC1 projection.

Overall, figures 3.10 show that the effect of threshold level was more significant in
the averaged Doppler and amplitude decorrelation. The averaged intensity was nearly
identical though the different threshold levels were applied.

It should be noted that, in the retina, the intensity mask T ′′
12dB and averaged intensity

can discriminate the retinal capillaries as shown in Figs. 3.10(a). However, the higher
threshold level suppress the overall signals in the averaged Doppler and amplitude decor-
relation. In addition, the vessel images become discontinuous. On the other hands, in the
choroid, the choriocapillaris was not discriminated by the intensity mask and averaged
intensity. The different threshold levels have a little effect on the averaged Doppler and
amplitude decorrelation.

As mentioned in Subsection 3.3.2.3, with the threshold level 6 dB, the artificial signals
in the inter-capillary region of retinal capillaries and choriocapillaris were more obvious in
the amplitude decorrelation images than the averaged Doppler. The details are discussed
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Figure 3.9: (a) En face projections of retinal and choroidal layers which is imaged by
SS-OCT (1.5 mm × 1.5 mm FOV). The amplitude decorrelation images only are shown
in different normalization parameters. (b) En face projections of retinal and choroidal
layers which is imaged by AO-OCT (0.65 degree × 0.65 degree FOV). The amplitude
decorrelation images only are shown in different normalization parameters.
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in Subsection 3.4.1.

3.4 Discussion

3.4.1 Equivalence and difference between angiographic algorithms

The correlation function ⟨Γ(r, t)Γ∗(r, t + ∆t)⟩ is a fundamental quantity to represent the
temporal variance of interferometric signals. For instance, the attenuation of the correla-
tion function represents the temporal changes of complex OCT signals [47, 48]. Further-
more, if we focused on the amplitude variance of the correlation function ⟨|Γ(r, t)||Γ∗(r, t+
∆t)|⟩, it is equivalent to measure time-varying speckles [28,29]. On the other hands, if we
focused on the phase-shift of correlation function Arg

(
⟨Γ(r, t)Γ∗(r, t + ∆t)⟩

)
, it is equiv-

alent to measure Doppler frequency shift [42–45]. Thus, it is known that the approaches
between time-varying speckle and Doppler measurement are nearly identical in the mea-
surement of line-of-sight velocity [40].

However, this equivalence is true if the moving sample is a mirror or homogeneous
scattering sample. In practice, the sample have a heterogeneous structure, the effective
number of scatterers and spatially varying speckles also contributes the speckle contrast
[115]. In addition, the other intensity fluctuation cause the speckle variance. They make
a difference between the algorithms.

For example, the amplitude decorrelation is known to be useful to detect in-plane
flow velocity. However, it is also affected by other amplitude fluctuations: incident beam
power, incident beam angles, spatially-varying speckles and effective number of scatterers
which contributes the interferences. It might result in the background signals in the inter-
capillary region (see Subsections 3.3.2.3 and 3.3.5) and moderate image qualities (see
Subsections 3.3.1.1 and 3.3.2.2).

On the other hand, the Doppler OCT measures the subtle sub-pixel axial displacement.
Although the phase wrappings occurred, the detection of Doppler shift is nearly identical
to that of time-varying speckles. The important point is that the intensity variation does
not alter the Doppler shift though phase noise is dependent on the SNR. Since the intensity
threshold is applied, the more reliable signals are extracted from multiple-volumes. This
maneuver allows to suppress the phase noise.

Amplitude decorrelation Amplitude decorrelation is derived from a correlation func-
tion of amplitude of OCT signals. And hence, it is essentially equivalent to measure the
time-varying amplitude of the sample. In fact, the amplitude decorrelation is equivalent
to the amplitude differentiation as

∆|Γ| =
N∑
i

(
1 − 2|Γi||Γi+1|

Ii + Ii+1

)

=

N∑
i

(|Γi| − |Γi+1|)2

Ii + Ii+1
, (3.5)
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Figure 3.10: En face images of INL/OPL projection (a) and CC1 projection (b), which is
imaged by 1-µm AO-OCT (0.65 degree × 0.65 degree FOV). The intensity mask, averaged
intensity, averaged Doppler and amplitude decorrelation images are generated.
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Averaged Doppler It should be noted that the averaged power of Doppler phase-shift
is essentially equivalent to the phase-shift variance with the large number of samples.
Here, the phase-shift variance is described as [26,27]

σ2
∆ϕ(z) =

1

N

N∑
i

(
∆ϕ(z) − 1

N

N∑
i

∆ϕ(z)

)2

, (3.6)

If N is sufficiently large, the mean of phase-shift approaches to zero, since the capillary
velocity and phase noise are random. Hence, the averaged Doppler phase-shift is now
described as

lim
n→∞

1

N

N∑
i

∆ϕ(z) ≈ 0, (3.7)

and hence,

σ2
∆ϕ(z) ≈ 1

N

N∑
i

(∆ϕ(z))2 , (3.8)

Thus, the mean subtraction does not significantly change the results. The averaged power
is more simple and computationally inexpensive.

3.4.2 Choriocapillaris

Although choriocapillaris imaging has been reported using FA [116] and ICGA [117], nei-
ther of the methods provide the microscopic structure of the choriocapillaris. In addition,
the limited depth resolution of FA and ICGA prohibits the three-dimensional investiga-
tion of the choroidal capillary network. Furthermore FA and ICGA are not noninvasive
methods and induce some adverse reactions. The issues of the limited transversal and
depth resolutions can be overcome by AO-OCT. Torti et al. demonstrated choriocapillaris
imaging by AO-OCT [71]. However, the imaging was only performed with intensity OCT
and not with Doppler OCT. In our result, intensity OCT showed only limited contrast,
and the choriocapillaris were rarely visible. Alternatively, the averaged Doppler and am-
plitude decorrelation images showed capillary patterns more clearly. Especially, averaged
Doppler, which is derived from phase-information of OCT, was found to be more suitable
for the choroidal micro-vasculature imaging.

The reasons of the limited contrast in the intensity images can be explained by the
scattering properties of tissues. According to the histology, the inter-capillary region
contains collagen fibers [118]. Except the special case of cornea, collagenous tissue, such
as sclera and lamina cribrosa, appeared with hyper-scattering in the OCT intensity image.
Since the capillary is also hyper-scattering, this scattering property of the inter-capillary
region would degrade the contrast of the choriocapillaris in the intensity images.
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3.4.3 Limitations

The current study has several limitations. The most severe limitation is again that of
involuntary eye motion. For high-sensitivity Doppler imaging, a highly dense scanning
protocol (i.e., a protocol with a smaller fractional displacement) is required. Since the
higher density of scanning requires a longer measurement time, the imaging is more easily
disturbed by involuntary eye motion. However, this problem would be overcome by high-
speed OCT imaging technology [81,82].

The imperfection of image registration causes the larger variance and results in arti-
facts. The more accurate image registration algorithm will allow more stable results and
reduce the total datasets and calculation time.

The capillary images are observed qualitatively and not quantitatively. The capillary
segmentation algorithm is required for the quantification. The robust and fast algorithm
are essential for the volumetric quantification.

3.5 Summary

In summary, we successfully enhance the vasculature image contrast using several multiple-
volume OCT-based angiographic algorithms. The results of the SS-OCT showed high-
contrast retinal micro-vascular images for all eyes. The slight change of vascular contrast
was found between the angiographic algorithms. However, in the case of the choroid,
the choroidal capillary networks in the Sattler’s layer were more clearly observed in the
averaged Doppler image than the others.

The similar tendency was observed in the images taken by AO-OCT. The choriocap-
illaris was more visualized by averaged Doppler shift and amplitude decorrelation. The
choriocapillaris were rarely visible in the averaged intensity image.

In conclusion, Doppler technique was found to be useful especially for the detection of
choriocapillaris and choroidal capillary network in the Sattler’s layer.
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Chapter 4

Conclusion

In conclusion, we successfully enhances the capillary imaging performance of ophthalmic
OCT by developing 1-µm AO-OCT and using several multiple-volume OCT angiographic
algorithms. To the best of our knowledge, we are the first to demonstrate the AO-OCT
combining with the OCT-based angiographic methods. This enables the detailed investi-
gation of a three-dimensional capillary network in the retina and choroid.

In vivo photoreceptor cells were resolved at 4–5 degree Nasal by 1-µm AO-OCT, which
were rarely observed without AO. Although the involuntary motion artifacts were signifi-
cant, the lateral resolution and OCT signals were improved with AO.

Multiple-volume OCT angiographic algorithms further enhance the vasculature im-
age contrast. The retinal capillaries have been successfully imaged by averaged inten-
sity, amplitude decorrelation, and averaged power of Doppler shift. The choriocapillaris
and choroidal capillary network in the Sattler’s layer were more highly contrasted by the
Doppler technique than the others. It was found that the combination of Doppler tech-
niques and AO-and SS-OCT is especially useful for the detection of choriocapillaris and
choroidal capillary network. In addition, the combination of the SS-OCT and 1-µm AO-
OCT is capable of a more comprehensive vascular imaging in addition to the structural
imaging.
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Appendix

Limitation of wavefront modulation

The achievable smallest residual wavefront error increases by introducing a target slope.
The residual wavefront error, or so-called a target reconstruction error, increases roughly
in proportion to the difference of the shapes of deformable mirror at the initial state
and the state which perfectly generates the target wavefront. This theoretical limit on
the target reconstruction error is discussed in this Appendix. The theoretical limit is
important because the practically applicable amount of SA of our method was limited by
this factor.

Assume AO closed loop is driven by an integral controller. The measured slope vector
at n-th iteration of the AO closed loop se will be given by

se(tn) = sf − sv(tn−1) (4.1)

where t is time, n is the number of iterations of the AO closed loop, sf is a constant slope
vector which represents the static total aberration of the system and the aberration of a
sample when the deformable mirror is flattened, and sv is a reconstructed slope vector
which is defined as

sv(tn) = Av(tn−1) − αAA+(se(tn) − starget) (4.2)

where A is an influence matrix of the AO-setup, A∗ is the Moore-Penrose pseudo inverse
matrix of A, and α represents a closed-loop gain. starget is a target slope vector.

As described in Section 1.3, a command vector at the time of tn with the target slope
vector is defined as

v(tn) = v(tn−1) − αA+(se(tn) − starget) (4.3)

From Eqs. (4.1)-(4.3), the expected slope vector can be rewritten as

se(tn) = sf − αAA+
n−1∑
i=0

(se(ti) − starget) (4.4)

Here, the expected slope vector after subtraction of the target slope vector is defined as
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residual error s′e(tn)

s′e(tn) ≡ se(tn) − starget

= sf − αAA+
n−1∑
i=0

(se(ti) − starget) − starget

= (I− αAA+)nsf − (I− αAA+)n−1starget (4.5)

In Eq. (4.5), if n is sufficiently large and the sample is static, residual error s′e(tn) can
expressed as

s′′e(tn) ≡ lim
n→∞

s′e(tn)

= (I−AA+)(sf − starget) (4.6)

where the following relation was used

lim
n→∞

(I− αAA+)n = lim
n→∞

(I−AA+ + (1 − α)nAA+)

= I−AA+ (4.7)

Equation 4.6 indicates that if AA+ is unity, the target reconstruction error is always
zero. However, in practice, AA+ ̸= I. Under this practical condition, residual aberration
becomes larger as the change of the deformable mirror from its initial state is larger.

This means when we start the closed loop with a flattened deformable mirror, a larger
target slope raises a larger minimally achievable residual error.

Note that this discussion is based on an assumption that the sample has a constant
aberration in time. If the sample has a dynamic aberration, this effect becomes more
severe, which can be modeled by converting sf to sf (tn) in the Eq. (4.1), although sf (tn)
is not predictable.
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[86] P. Dufour, M. Piché, Y. De Koninck, and N. McCarthy, “Two-photon excitation
fluorescence microscopy with a high depth of field using an axicon,” Applied Optics
45, 9246–9252 (2006).

[87] E. Botcherby, R. Jvskaitis, and T. Wilson, “Scanning two photon fluorescence
microscopy with extended depth of field,” Optics Communications 268, 253–260
(2006).

[88] Z. Ding, H. Ren, Y. Zhao, J. S. Nelson, and Z. Chen, “High-resolution optical
coherence tomography over a large depth range with an axicon lens,” Opt. Lett. 27,
243245 (2002).

[89] R. A. Leitgeb, M. Villiger, A. H. Bachmann, L. Steinmann, and T. Lasser, “Ex-
tended focus depth for fourier domain optical coherence microscopy,” Opt. Lett. 31,
24502452 (2006).

[90] A. Burvall, K. Ko lacz, Z. Jaroszewicz, and A. T. Friberg, “Simple lens axicon,”
Applied optics 43, 4838–4844 (2004). PMID: 15449470.

[91] L. Xu, J. Li, T. Cui, A. Hu, G. Fan, R. Zhang, H. Yang, B. Sun, and J. B. Jonas,
“Refractive error in urban and rural adult chinese in beijing,” Ophthalmology 112,
1676–1683 (2005).

[92] A. Sawada, A. Tomidokoro, M. Araie, A. Iwase, and T. Yamamoto, “Refractive
errors in an elderly japanese population: The tajimi study,” Ophthalmology 115,
363–370.e3 (2008).

[93] E. J. Fernández, A. Unterhuber, B. Považay, B. Hermann, P. Artal, and W. Drexler,
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