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Abstract. An optical coherence tomography (OCT) system with a 2.8-mm beam diameter is presented.
Sensorless defocus correction can be performed with a Badal optometer and astigmatism correction with a liquid
crystal device. OCT B-scans were used in an image-based optimization algorithm for aberration correction.
Defocus can be corrected from −4.3 D to þ4.3 D and vertical and oblique astigmatism from −2.5 D to
þ2.5 D. A contrast gain of 6.9 times was measured after aberration correction. In comparison with a 1.3-mm
beam diameter OCT system, this concept achieved a 3.7-dB gain in dynamic range on a model retina. Both
systems were used to image the retina of a human subject. As the correction of the liquid crystal device
can take more than 60 s, the subject’s spectacle prescription was adopted instead. This resulted in a 2.5
times smaller speckle size compared with the standard OCT system. The liquid crystal device for astigmatism
correction does not need a high-voltage amplifier and can be operated at 5 V. The correction device is small
(9 mm × 30 mm × 38 mm) and can easily be implemented in existing designs for OCT.© TheAuthors. Published bySPIE
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1 Introduction
Optical coherence tomography (OCT) is a noninvasive, high-
resolution optical imaging technique that is based on low coher-
ence interferometry, and it is highly useful for generating cross-
sectional images of turbid media. The first generation of OCT
was in the time domain,1 with depth scan rates up to about
1 kHz, making it difficult to perform in vivo imaging of biologi-
cal samples such as the human retina without motion artifacts.
The introduction of Fourier-domain optical coherence tomogra-
phy (FD-OCT) has improved the imaging speed and sensitivity
over time-domain optical coherence tomography (TD-OCT).2,3

While the first spectral-domain OCT systems operated at depth
scan rates of around 25 kHz, current systems can operate at
speeds of 70 kHz or higher. High acquisition rates come with
one penalty: the shorter acquisition time per depth scan causes
a drop in sensitivity. To maintain image quality, one option is to
increase the power that is incident on the sample. The ANSI
safety rules for safe use of lasers limit the amount of light
that can be sent into the eye.4 Another option to improve
image quality is to increase the photon collection efficiency
of the sample arm. This can be achieved by using a larger
beam size than the ∼1.2-mm beam diameter that is used in
the sample arm of standard OCT instruments. Merits of a larger
beam size are a decreased speckle size and improved lateral res-
olution, which is limited by the diffraction limit set by the beam
size, the focal length of the eye, and the wavelength of the light.

While OCT permits independent control of its lateral and axial
resolutions, an increased numerical aperture limits the confocal
depth of the system, which affects the image quality at depths
above and below the beam waist. Furthermore, with increasing
beam diameter, the aberrations induced by the eye increase as
well.5 To obtain these advantages and minimize the disadvan-
tages caused by a large beam diameter, aberration correction
is essential.

Adaptive optics (AO) is used in the field of astronomical
optics to correct aberrations induced by atmospheric turbulence.
Similar technology can be used for retinal imaging to achieve a
diffraction-limited spot size.6 OCT systems with a large beam
diameter (∼6 mm) use an AO module, consisting of a
Shack–Hartmann (SH) wavefront sensor for aberration sensing
and a deformable mirror (DM) to generate the conjugate
wavefront.7 Unfortunately, these conventional AO-OCT systems
tend to be complex, bulky, and cost-ineffective for use in a
clinic.8 Moreover, while a high lateral resolution of ∼3 μm is
achieved over an isoplanatic patch (the area where the lateral
resolution is diffraction limited)9 of 1.5 deg or 450 μm,10 in a
clinical setting the field of view tends to be much larger, up
to 30 deg by 30 deg.8 While the small spot size and speckle
size help to resolve small features, the Rayleigh length tends
to be fairly small, only covering about half of the depth of
the retina.11

Lower order aberration correction with cheap AO modules is
of commercial interest. Recently, Verstraete et al.12 demon-
strated the correction of defocus and astigmatism with a liquid
defocus lens and rotational cylindrical lenses, respectively. An
SH wavefront sensor was combined with feedforward operation.
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The omission of an SH sensor could further reduce costs in such
a system. AO systems based on wavefront sensorless image
optimization are popular in the fields of microscopy13,14 and
ophthalmoscopy.15,16 Several groups have reported on wavefront
sensorless AO-OCT systems with a DM and algorithm-based
correction.17–20 The algorithms were based on maximization
of a merit function, providing images with high quality at the
diffraction limit. To further reduce the cost and complexity of
DM-based sensorless AO-OCT systems, alternative correction
modules have been studied.21,22 Recently, Bonora et al.21

reported on a multiactuator lens for aberration correction up to
the fourth Zernike order. The multiactuator lens requires a 16-
channel high-voltage driver (�125 V). The lens was tested in an
OCT system for imaging of mice retina, in vivo.21 Due to the lim-
ited defocus correction ability of the multiactuator lens, a second
correction module, a variable focal length, was used specifically
for defocus correction.22 The 4.8-mm-wide aperture of the system
was corrected with five Zernike modes on human subjects.22

In wavefront-sensors-less AO-OCT, a sequential/coordinate
search with a hill climbing algorithm,17–19,21,22 annealing algo-
rithm,23 NEWUOA algorithm,24 and data-based online nonlinear
extremum-seeker (DONE) algorithm25 have been implemented.

In this paper, we report on a system with a 2.8-mm beam
diameter and image-based optimization and a low-cost AOmod-
ule. The relationship between the pupil diameter and the
required correction of aberration orders in terms of Zernike
modes has been explained by Thibos et al.5 For conventional
OCT with a beam diameter of ∼1.2 mm, only defocus needs
to be corrected. At larger beam diameters, the number of
Zernike modes that need to be corrected increases. A conven-
tional AO-OCT system with a 6-mm beam diameter requires the
correction of at least five-orders of Zernike modes. Following
Thibos et al., the present system with a 2.8-mm diameter
beam size requires the correction of at least two orders of
Zernike modes: defocus, vertical astigmatism, and oblique astig-
matism. Comparing standard OCT systems with a 1.2-mm beam
and our approach, the advantages with 2.8-mm beam diameter
are a reduction in speckle size of 2.3 times and an increase in
lateral resolution of 2.3 times. The acceptance angle will be

higher than in conventional OCT systems, which improves
the collection efficiency. The practical imaging depth with a
6.0-mm beam-diameter AO-OCT system is less than half of
the retina, while a 2.8-mm beam-diameter beam system should
provide a practical imaging depth that is sufficiently long to
cover the full retina.8,11 The Rayleigh length (calculated with
a 22.3-mm human eye focal length26 and a 1.36 refractive
index)27 for the 1.2-mm beam diameter system is 269.5 μm;
for a 6-mm beam diameter system, it is only 10.8 μm. A system
with a 2.8-mm beam diameter has a 49.7-μm Rayleigh length.
Using a model eye in Zemax,8 the isoplanatic patch for the 1.2-
mm beam diameter system is estimated at 30 deg× 30 deg for a
6.0-mm AO-OCT system it is 1.5 deg× 1.5 deg9, whereas a
system with a 2.8-mm aperture provides a 10 deg× 10 deg iso-
planatic patch size. These numbers are compared in Table 1.

From Table 1 it can be concluded that the proposed OCT
system fills a gap between conventional OCT systems with a
1.2-mm beam and conventional AO-OCT system with a 6-mm
beam diameter. Further, defocus and astigmatism induce a larger
wavefront error than higher-order aberrations in the human
eye.5,12

In the present work, our AO module contains a motorized
Badal optometer to correct defocus and a liquid crystal (LC)
device to correct vertical and oblique astigmatism. The system
was tested on a model eye with different trial lenses to induce
aberrations and an Air Force target (USAF 1950) was used as a
model retina to test the system’s diffraction-limited resolution
performance, to quantify the contrast improvement and intensity
improvement. For a fair comparison, we aimed at a comparison
with a system without AO and a 1.2-mm beam (1∕e2), but we
did not have the optics in stock to build such a system and com-
promised on a system with a 1.3-mm beam size (1∕e2) instead.
Finally, both systems were tested on a human eye with known
aberrations. Speckle analysis was performed on the results to
quantify the difference in the performance of the two systems.

2 Materials and Methods
For the model eye, the concept uses an image-based optimiza-
tion algorithm with OCT B-scans for feedback to the AO

Table 1 Comparison of the proposed system with conventional OCT system and AO-OCT systems.

Parameter Conventional OCT AO-OCT
Present system with astigmatism

and defocus correction

Beam size (1∕e2) 1.2 mm 6.0 mm 2.8 mm

Lateral resolution,
estimated (FWHM)

23.3 μm 4.6 μm 10 μm

Practical imaging depth Larger than thickness
of retina

Less than half of retina11 Larger than thickness of retina8

Rayleigh lengths 269.5 μm 10.8 μm 49.7 μm

Isoplanatic patch 30 deg×30 deg
(estimated)

1.5 deg×1.5 deg9 10 deg×10 deg8

AO module — SH wavefront sensor
and DMs

Badal optometer and LC device

Number of Zernike orders to be corrected ∼5 orders ∼2 orders (defocus and astigmatism)
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module instead of a wavefront sensor. For human eye imaging,
the prescription determined by a licensed optometrist was used
for correction. Here, we will discuss the individual components
of the setup.

2.1 Motorized Badal Optometer

Optometers are used for measuring the refractive errors of the
eye.28 Where the myopic or hyperopic eye cannot see an object
clearly, optometers compensate defocus by introducing a con-
jugate wavefront to the aberrant eye, thereby removing aberra-
tions and improving vision. A schematic of a Badal optometer is
shown in Fig. 1.

The theoretical defocus introduced by the optometer is28

EQ-TARGET;temp:intralink-;e001;63;601V ¼ −ϕ2ΔZ
1 − ϕΔZð1 − ϕdÞ ; (1)

where ϕ ¼ 1
f5
is the power of the L5 lens, ΔZ is the separation

between the focal points f4 and f5, and d is the fixed distance
between the eye and the lens. When the optometer satisfies the
condition d ¼ f5, and when the distance between the eye (E)
and L5 is constant, this type of optometer is called a Badal
optometer. The defocus generation formula for the Badal optom-
eter is

EQ-TARGET;temp:intralink-;e002;63;479V ¼ −ϕ2ΔZ: (2)

Defocus is linearly dependent on the distance ΔZ and can be
controlled by changing the position of the lens L4. In the present
work, we mounted lens L4 on a motorized stage and controlled
it with the help of a program developed in LabVIEW. This
motorized Badal optometer can generate a defocus ranging
from −4.3 D to þ4.3 D. By adjusting the reference arm length
and the distance between the subject’s eye and fixed ophthalmic
lens (30 D, Volk Optical Inc., Mentor, Ohio), the galvanometer
raster scanning mirror was conjugated with the eye’s pupil.
Since the pupil was not artificially dilated and the images
were not vignetted, pupil wander was kept to a practical
minimum.

2.2 Liquid Crystal Module

Hashimoto29 and Tanabe et al.30,31 showed the potential of LC
devices for dynamic compensation of optical aberrations. In the
present work, we used a transmissive LC device fabricated by
Citizen Technology Center Co., Ltd., to correct for
astigmatism.31 This LC module consists of four LC cells (A,
B, C, D). Cells A and C were used for oblique astigmatism cor-
rection. As these devices are sensitive to the polarization state of
the light, one cell was used to correct the horizontal polarization
state, while the other corrected the vertical polarization state of
the beam. Similarly, cells B and D were used for vertical astig-
matism correction. The dimensions of the LC device are
9 mm × 30 mm × 38 mm (length × width × height). The opti-
cal loss of the four LC cells was ∼38% at 840 nm, quantified
with an Ophir broadband power meter. The thickness of the cell
is 0.6 mm, and its flatness is ∼λ∕10. Its aperture size is about
4.0 mm, and it can be operated in temperatures ranging from
−20°C to 75°C.29 Each of these LC cells was connected with
a transparent electrode, to supply a specific driving voltage
to each cell. These driving voltages are rectangular waveforms
without an offset at 1-kHz frequency, and the magnitude of the

waveform is proportional to the induced astigmatism. The
required operating voltages for the LCs ranged between
1.5 Vrms (root mean square) and 2.5 Vrms, which is less than
5 V, meaning that it can be run by the power supply of a personal
computer without the need for an expensive high-voltage
amplifier.

2.3 Optimization Algorithm

In passive-auto-focusing technology, image quality parameters
such as sharpness or contrast are used to optimize focusing
instead of an external light source and sensor for distance
measurements.32 Liu et al.33 and Sun et al.34 discussed several
optimization algorithms and metrics for autofocusing. The
present work is based on passive autofocusing technology,
and we have coined it “image-based optimization.” We used
two separate aberration-correction modules that both performed
relatively slowly compared with high-speed DMs. We centered
our approach on a sequential/coordinate search with a hill climb-
ing algorithm.17–19,21,22,35–37 While this algorithm is not likely to
perform as well and as efficiently as AO-dedicated algorithms
such as the DONE algorithm,25 the hill-climbing algorithm is
easily implemented and can provide decent correction within
a few iterations.36 We combined the hill-climbing algorithm
with a merit function that used the normalized variance (NV)
of a B-scan as an image-quality-judgment metric. These NV val-
ues were fit with a Gaussian to determine the optimum correc-
tion. The NV of a B-scan can be defined as

EQ-TARGET;temp:intralink-;e003;326;447NV ¼ Varianceðgrayscale values in the B-scanÞ
Meanðgrayscale values in the B-scanÞ : (3)

The NVof a B-scan is resistive to noise fluctuations and gen-
erates a negligible number of local maximums, thereby avoiding
the convergence to local maximums; it improves the conver-
gence accuracy and speed of convergence.33,34

Since the aberrations are treated here as independent Zernike
modes, the correction was done in a sequential manner. In the
initial step of aberration correction, defocus was corrected by
using the OCT B-scan images for feedback and optimization,
followed by vertical and oblique astigmatism correction.

2.4 Experimental Setup

The experimental setup used in this work is shown in Fig. 2,
where LS is a broadband light source (super luminescent
diode SLD-371 from Superlum), with a central wavelength of
840 nm and an optical bandwidth of 51.5 nm [full width at

Fig. 1 Badal optometer, where p is the position of the focus, f5 is the
focal length of fixed lens, d is the distance between the subject and
the fixed lens. E is the eye. Defocus is induced by moving the lens L4.
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half maximum (FWHM)], which can give a theoretical axial
resolution of about 6.1 μm (in the air with n ¼ 1).

2.5 Measurement Procedure on Humans

A protocol for measurements on human subjects was approved
by the Institutional Review Board of Utsunomiya University,
and it adhered to the tenets of the declaration of Helsinki.
Measurements were performed on one human subject. The
eyes of the subject were not dilated. The power of the light inci-
dent on the eye was at all times lower than 600 μW, a power that
is considered safe according to the safety standards up to a time
period of 8 h or more.

3 Results

3.1 Calibration of the Wavefront Aberration
Correctors

To generate conjugate defocus and astigmatism values, we need
to know the aberrations that can be compensated with the Badal
optometer and the LC device. The Badal optometer and LC
device were calibrated with the help of an SH wavefront sensor
(WFS150-5C, Thorlabs). For calibration, the SH wavefront sen-
sor was mounted in the sample arm in close proximity to the
ophthalmic lens (L5) (see setup in Fig. 2). The dual-axis single

mirror galvanometer scanner was kept stationary. When the
Badal optometer was calibrated, the LC device was not used
and vice versa.

By changing the position of lens (L4) (see setup in Fig. 2),
we measured the defocus values with help of the SH wavefront
sensor. The traveling length of the translation stage is about
12 mm, and at 6 mm the defocus was set to 0 D. The measured
defocus values were plotted as a function of lens position, as
shown in Fig. 3. The compensation range of the Badal optom-
eter was −4.3 D to þ4.3 D. One can enhance this range by
choosing a translation stage with a wider range. Similarly,
the compensation range of the LC device for vertical astigma-
tism and oblique astigmatism was tested with various volt-
ages (Fig. 4).

Figures 4(a) and 4(b) show the graphs of vertical and oblique
astigmatism values generated by the LC device as a function of
the Vrms voltage, respectively. The LC can generate −2.5 D to
þ2.5 D of correction for both the vertical and oblique astigma-
tism channels. These values were later used to optimize correc-
tion of astigmatism in sensorless mode and when the instrument
was used on a human subject with a prescription.

The time response of the LC device was measured with
the SH wavefront sensor as well, and it took more than
20 s to achieve a stable correction for a correction of 2 D
(Fig. 5).

Fig. 2 Schematic of the developed OCT system with a 2.8-mm beam and defocus and astigmatism
correction. The light source (LS) is connected to an optical isolator (AC Photonics), which prevents dam-
age to the source by backreflection from the interferometer. After passing the isolator (IS), the light was
fed into an 80∶20 coupler (CO, Gould Fiber Optics). 80% of the light was directed to the reference arm,
and 20% was directed to the sample arm. The reference arm consisted of a 25-mm (L1) focal length lens
for collimation and a 25-mm (L2) lens to focus the beam on the reference mirror (RM). The sample arm
consisted of a collimator lens with a focal length of 13.86 mm (L3). The collimated beam was fed into the
LC device (LC, Citizen Holdings), which was driven by four driving waves generated with two NI PCIe-
6353 input-output (IO) boards, each connected to a BNC-2110 breakout box (both National Instruments).
The output beam from the LC was raster scanned by the dual axis single mirror galvanometer scanner
(GS, T.E.M. Japan), operated through LabVIEW. The output beam from the galvanometer scanner was
directed toward the dichroic mirror (D). From there, the light was reflected toward the Badal optometer,
which comprises a lens (L4) with focal length 30 mm mounted on a motorized translation stage and a
fixed lens (L5) with 30 D optical power (Volk Optical Inc., Mentor, Ohio). The pupil-tracking camera (PTC)
was used to position the beam onto the sample. The backreflected light from the sample and reference
arm combined at the coupler and generated an interference signal. This signal was spectrally dispersed
by the grating in the spectrometer and detected with the line-scan camera (Basler SPL2048). The
detected signal was grabbed with a frame grabber (NI PCIe-1433, National Instruments). When the aber-
ration correction module was switched on, the LabVIEW program controlled the motorized linear trans-
lation stage (Z812B-MT1/M-Z8, Thorlabs) through a translation stage motor driver (TSMD). Defocus was
introduced by changing the position of lens L4. The image-based optimization algorithm searched for the
highest NV values. After correcting defocus, the LC was used to correct vertical and oblique
astigmatisms.
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3.2 Resolution and Contrast Improvement
Quantification

The diffraction-limited performance of the imaging system was
tested with a US Air Force resolution test chart. In the sample
arm, we introduced −1 D of defocus andþ1 D of vertical astig-
matism and −1 D of oblique astigmatism. These aberrations
were corrected automatically with the sensorless correction,
maximizing the NV value. It took 1 min 9 s to finish the aber-
ration correction, but since the amount of correction per step was
smaller than the correction shown in Fig. 5, it was not necessary
to wait for 20 s for each astigmatism correction step.

Figure 6 shows the en face images generated before and
after correction of each aberration correction. These en-
face images were generated by summing the backreflected
intensity data. The theoretical diffraction-limited lateral reso-
lution of the present system is 10 μm. At this resolution, the
fifth group fifth element of the Air Force target should be
resolvable.

After correction of every aberration, the lateral resolution of
the system increases and ultimately reaches the diffraction-lim-
ited resolution (Fig. 7). Figure 7(b) shows the intensity profile of
the fifth group fifth element of a USAF resolution test target data
that is segmented along the vertical direction marked with a red
color line in Fig. 7(a) and normalized with their corresponding
mean value.

In an ideal system, when the diffraction-limited resolution
condition is met, the intensity profile across these line bars
should generate a square wave shape. In Fig. 7(b), one can
observe that these lines are difficult to resolve before correction,
but after aberration correction these lines are easily resolvable,
demonstrating a near-diffraction-limited performance.

The intensity improvement and contrast improvement before
and after aberration correction were quantified for different spa-
tial frequencies, using the resolution test chart. Measurements
were plotted in Fig. 8. In these plots, the maximum intensity

Fig. 4 (a) Vertical astigmatism and (b) oblique astigmatism measured with an SH wavefront sensor as a
function of input voltage. The LC device could generate vertical astigmatism ranging from −2.5 D to
þ2.5 D and an oblique astigmatism ranging from −2.5 D to þ2.5 D.

Fig. 5 The induced astigmatism power as a function of LC device
response time. Most of the correction is achieved over the first
10 s, but it took more than 20 s to achieve a stable correction.

Fig. 3 The induced defocus as a function of the position of the Badal
lens in the Badal optometer. The Badal lens position is shown on the
horizontal axis, and the vertical axis shows the defocus values. The
Badal optometer covered a defocus range from −4.3 D to þ4.3 D.
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across the fifth group first element to fifth group fifth element
[these elements were shown in Figs. 6(a) and 6(d)] are plotted in
Fig. 8(a). In Fig. 8(a), the vertical axis represents the maximum
intensity (in arbitrary units) and the horizontal axis represents
the spatial frequency in terms line pairs per mm (lp∕mm), sim-
ilar to Fig. 8(b). At the cut-off (diffraction-limited) resolution/
spatial frequency after aberration correction, the maximum
intensity improvement is 1.78 times. This shows that the inten-
sity is good after the aberration correction, which helps to gen-
erate brighter OCT images. In Fig. 8(b), the vertical axis
represents the contrast, and the horizontal axis represents the
spatial frequency in terms line pairs per mm (lp∕mm). At the
cut-off (diffraction-limited) resolution, the contrast after final
aberration is higher than the contrast before aberration correc-
tion. This is marked in the figure with a pink color arrow mark.
The contrast values at a cut-off resolution of 10 μm or 50.2 line
pairs per mm (lp∕mm) are 0.05 before correction and 0.33 after
correction, resulting in a contrast improvement of 6.9 times.
This demonstrates that the visibility is better after the aberration
correction, which helps to distinguish small features in OCT
images.

3.3 Dynamic Range Quantification

Amodel eye with a defocus of −1 D was used for quantification
of the dynamic range. A thin black paper sheet, supported by a
flat aluminum plate, was used at the position of the retina in the
model eye. B-scan images of the model eye with the 1.3-mm
beam and 2.8-mm beam diameter systems are presented in
Fig. 9, which shows the results before and after correction of
relevant aberrations. The measured SNR gain that is achieved
with the 2.8-mm beam diameter system compared with the
1.3-mm beam diameter system is 3.7 dB.

3.4 Human Eye Imaging

The present system is equipped for sensorless correction, but
due to the slow response time of the LC device (Fig. 5), the
correction time is too long for the imaging of human subjects.
Even if the subject has a good fixation and does not blink often,
the quality of the retinal images can drop significantly over
1 min, which can affect the NV in the images. However, the
2.8-mm system can also be used without sensorless operation

Fig. 6 (a) En-face image of the Air Force target before aberration correction. (b) The same image after
defocus correction, (c) after vertical astigmatism correction, and (d) after oblique astigmatism
correction.

Fig. 7 (a) En-face image of the Air Force target’s fifth group fifth element profile before aberration cor-
rection, after defocus correction, after vertical astigmatism correction, and after oblique astigmatism cor-
rection. (b) Intensity profiles across the fifth group fifth element before aberration correction, after defocus
correction, after vertical astigmatism correction, and after oblique astigmatism correction.
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Fig. 8 (a) Maximum intensity across the spatial frequencies for before and after aberration correction.
The vertical axis represents the maximum intensity (in arbitrary units) and horizontal axis represents the
spatial frequency in terms line pair per mm. (b) Contrast across the different spatial frequencies before
and after final aberration correction. The vertical axis represents the contrast (in arbitrary units), and the
horizontal axis represents the spatial frequency in terms line pair per mm. The pink color arrow line marks
the cut-off resolution to show the separation of contrasts before and after correction of aberrations.

Fig. 9 (a) B-scan image of the model eye taken with 1.3-mm beam diameter OCT system
(SNR ¼ 48.6 dB). B-scan image of the model eye taken with the 2.8-mm beam diameter system
(b) before aberration correction and (c) after aberrations correction (SNR ¼ 52.3 dB).

Journal of Biomedical Optics 026005-7 February 2017 • Vol. 22(2)

Reddikumar et al.: Optical coherence tomography with a 2.8-mm beam diameter and sensorless defocus. . .



if the refractive error values of the human eye are known. Once
we set these values in the system, the desired conjugate aberra-
tion values can be generated to compensate for aberrations. In
this section, OCT images taken with the 2.8-mm system of the
human retina are compared with OCT images taken with the 1.3-
mm beam diameter OCT system.

The right eye of the human subject was checked by a licensed
optometrist, resulting in a prescription of −1.5 D defocus and
−1.5 D cylinder (vertical astigmatism at 180 deg). The retina
was imaged with a conventional system with a 1.3-mm beam
diameter (1∕e2) with defocus correction and the new system
with a 2.8-mm beam (1∕e2). Here, the prescribed defocus
and vertical astigmatism values were converted using data
from Figs. 3 and 4. The lens position and liquid crystal lens volt-
age values were set with the help of the LabVIEW program. In
Fig. 10, aberration-corrected B-scan images obtained over 5 deg
(a) and 10 deg (b) are shown. The left sides of these images were
generated with the 1.3-mm beam diameter, while the right sides
were made with a 2.8-mm beam diameter. The inserts on the
right show the 2.8-mm beam diameter B-scan images before
aberration correction. Due to the prescription of this subject,
the images are faint without correction. Since speckle analysis
requires a signal that is well above the noise floor for autocor-
relation,38 speckle analysis was only performed on the B-scan
images of the human eye taken after correction with the new

2.8-mm system and a conventional 1.3-mm beam diameter
OCT system. The areas that were used for comparison are high-
lighted with yellow (1) and red color (2) boxes [Fig. 10(a)]. The
speckle profiles are plotted in Fig. 11 and show an improvement
in speckle width of approximately two times for the 2.8-mm
system. Ten B-scans were analyzed to measure the mean speckle
diameter and its standard deviation. The average FWHM of the
speckle diameter with the 1.3-mm beam diameter OCT system
is 22.3� 4.3 μm. For the 2.8-mm beam diameter system, it is
11.5� 1.2 μm (Table 2).

The theoretical diffraction limited airy discs have a diameter
of 21.6 μm (FWHM) for a 1.3-mm beam (1∕e2) and 10 μm
(FWHM) for a 2.8-mm beam (1∕e2). The measured values
are consistent with the theoretical values. The measured speckle
sizes show that the speckle FWHM diameter with the presented
system is ∼2 times smaller than the 1.3-mm beam diameter sys-
tem, giving a better image quality (Fig. 10).

The mean of the intensity occurring in the layers obtained
with both the 1.3-mm and 2.8-mm systems was quantified
and presented in Table 3. All B-scan images were generated
with the same imaging parameters. The areas of interest are
shown in Fig. 10 with dotted boxes colored green (3) for the
1.3-mm beam size system and blue (4, 5) for the 2.8-mm
beam size system. Here, the maximum intensity would be rep-
resented by a value of 256, while the noise floor would be close
to a value of 0. An overview of the measurements is given in
Table 3.

These measurements confirm that the 2.8-mm system col-
lects more photons from the sample, which results in a higher
intensity than the intensity obtained with the 1.3-mm system.

Fig. 10 B-scan images of the human retina. The left side of each
image was taken with a standard OCT system with a 1.3-mm
beam diameter, and the right side image was taken with the new sys-
tem and a 2.8-mm beam diameter after correction of the aberrations
(the inserts show images before aberration correction with the 2.8-mm
system). Half of the image of 5-deg-wide scans (a) and 10-deg-wide
scans (b) are shown. In (a), the yellow (1) and red (2) color highlighted
areas are used for speckle analysis, to determine the width of the
speckle pattern Moreover, areas enclosed by dotted boxes [1.3-
mm beam diameter, green (3); 2.8-mm system, blue (4,5)] were
used for quantification of the retinal layer intensities. More light
seems to return from some of the nuclear layers, in comparison to
the images taken with the 1.3-mm system. This may be due to collect-
ing light over a larger angle.

Fig. 11 The autocorrelation plot of the 1.3-mm beam diameter OCT
system with an FWHM speckle width of 22.3 μm and the plot of the
2.8-mm beam diameter system after aberration correction with an
FWHM speckle width of 11.5 μm.

Table 2 Theoretical and measured speckle diameters.

Pupil diameter
(mm)

Theoretical speckle
diameter (μm) (FWHM)

Measured speckle
diameter (μm) (FWHM)

1.3 21.6 22.3� 4.3

2.8 10 11.5� 1.2
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4 Discussion
In comparison to a traditional AO-OCT system, a retinal imag-
ing system with a 2.8-mm beam diameter requires a relatively
low number of aberrations to be corrected. Here, we presented a
system without a wavefront sensor and without a DMwith a 2.8-
mm beam size. Our system is less complex than a traditional
AO-OCT design, and due to the small size of the LC device
(9 mm × 30 mm × 38 mm), the concept can easily be imple-
mented in commercial systems to achieve diffraction-limited
resolution imaging. Since the LC response is slow (20 s for a
single step in the correction of astigmatism), automatic aberra-
tion correction is not practical on a human subject. This
problem can be overcome by measuring the refractive error
of the human independently, prior to imaging. The refractive
error is routinely measured independently in a clinical environ-
ment. Compensation can then easily be introduced with the
system.

The LC device requires an operating voltage of less than 5 V,
which can be supplied with a PC. DMs or multiactuator lenses21

typically need high voltages that are generated with expensive
high-voltage amplifiers. This system can correct defocus with a
power ranging from −4.3 D to þ4.3 D and vertical and oblique
astigmatism with a power in a range from −2.5 D to þ2.5 D. If
one wants to correct aberration with higher speed and a larger
range, or correct a larger number of orders, for instance for a
system with a larger beam size, a deformable-mirror,19 a multi-
actuator adaptive lens,21 or multiactuator adaptive lens and var-
iable focal lengh22-based sensorless AO-OCT concept may be a
better option. The used defocus correction module is a motor-
ized Badal optometer, which is driven through USB, whereas a
liquid lens for defocus correction requires a high voltage driver
and a graphics processing unit for depth-tracking optimization.39

However, the liquid lens offers a higher correction speed, and
because of its size it is easier to implement than a Badal optom-
eter. In conventional AO-OCT experimentation, aberrations are
determined with a wavefront sensor on (dilated) eyes in a rel-
atively dark environment. In this experiment, a licensed optom-
etrist performed the task of the wavefront sensor and determined
astigmatism and defocus in a light-adapted eye that was not
dilated. Since the optometrist took measurements in a well-lit
room, the eye’s pupil size is likely to have been between 2
and 4 mm,40 which is large enough to accurately quantify
these aberrations.5 During measurements with the OCT instru-
ment, however, which took place in a much darker room, the
eye’s pupil was probably larger than in the optometrist practice.
If the beam was off-centered on this larger pupil, aberrations
may have been incurred that were different from the aberrations

that were measured by the optometrist. Since the 2.8-mm imag-
ing beam was carefully centered without vignetting on the sub-
ject’s undilated pupil, we are confident that defocus and
astigmatism were corrected well. Using a 2.8-mm beam
diameter, higher-order aberrations are expected to have had little
influence as they tend to be small compared with defocus and
astigmatism.5,41

If the correction speed of the LC device can be addressed, the
current approach will be economically interesting as the concept
is much cheaper than deformable-mirror-based systems. The
system is compact, can cover a range of defocus and astigma-
tism that is practical in a clinical setting and can easily be imple-
mented in current designs of commercial OCT systems as the
LC device can easily be inserted directly behind the fiber
collimator (see Fig. 2). Of course, this would also require
motorization of the Badal optometer. The system was used
for measurements over a width of 15 deg, which is an order
of magnitude larger than typically used in conventional
AO-OCT.

5 Conclusion
We presented an OCT system with a 2.8-mm beam diameter and
a Badal optometer for defocus correction and an LC for vertical
and oblique astigmatism correction. This system is less complex
and can be made at a lower cost compared with traditional AO-
OCT systems with a 6-mm beam. While the system does not
achieve the same lateral resolution as provided by state-of-
the-art AO-OCT systems, a lateral resolution of 11.5 μm can
be achieved over a width of at least 15 deg by 15 deg, which
is a factor of 10 larger than traditional AO-OCT systems.
The system can correct the defocus ranging from −4.3 D to
þ4.3 D and vertical and oblique astigmatism ranging from
−2.5 D to þ2.5 D. We showed the performance of the system
at the diffraction-limited resolution with the help of an Air Force
target resolution test chart. A gain of 6.9 times in the contrast
was measured after aberration correction at the cut-off spatial
resolution. We also quantified an SNR gain of 3.7 dB compared
with a conventional 1.3-mm beam diameter OCT system.
Furthermore, we performed imaging on a human subject with
both systems, showing more contrast in the less reflective layers
of the retina. We also performed a speckle analysis, demonstrat-
ing a smaller speckle width compared with a conventional 1.3-
mm beam diameter OCT system.
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