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Abstract: In vivo imaging of the human retina with a resolution that allows visualization of 
cellular structures has proven to be essential to broaden our knowledge about the physiology 
of this precious and very complex neural tissue that enables the first steps in vision. Many 
pathologic changes originate from functional and structural alterations on a cellular scale, 
long before any degradation in vision can be noted. Therefore, it is important to investigate 
these tissues with a sufficient level of detail in order to better understand associated disease 
development or the effects of therapeutic intervention. Optical retinal imaging modalities rely 
on the optical elements of the eye itself (mainly the cornea and lens) to produce retinal images 
and are therefore affected by the specific arrangement of these elements and possible 
imperfections in curvature. Thus, aberrations are introduced to the imaging light and image 
quality is degraded. To compensate for these aberrations, adaptive optics (AO), a technology 
initially developed in astronomy, has been utilized. However, the axial sectioning provided by 
retinal AO-based fundus cameras and scanning laser ophthalmoscope instruments is limited 
to tens of micrometers because of the rather small available numerical aperture of the eye. To 
overcome this limitation and thus achieve much higher axial sectioning in the order of 2-5µm, 
AO has been combined with optical coherence tomography (OCT) into AO-OCT. This 
enabled for the first time in vivo volumetric retinal imaging with high isotropic resolution. 
This article summarizes the technical aspects of AO-OCT and provides an overview on its 
various implementations and some of its clinical applications. In addition, latest 
developments in the field, such as computational AO-OCT and wavefront sensor less AO-
OCT, are covered. 
© 2017 Optical Society of America 
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1. Introduction 

In recent years, optical coherence tomography (OCT) [1] has emerged as a powerful imaging 
technology in biomedicine. OCT fills the previously unoccupied niche in terms of imaging 
resolution that places it between microscopy and larger scale imaging technologies such as 
ultrasound or magnetic resonance imaging. OCT relies on a contrast generated by light 
scattering and allows for imaging with micrometer scale resolution over a depth of several 
millimeters (or even centimeters in low scattering media). Due to relatively fast image 
acquisition speeds, thanks to simultaneous parallel detection of photons scattered from the 
entire imaging depth, OCT does not only provide cross sectional images of tissue but can 
yield full 3D information of the sample within seconds [2]. One of the main fields of 
application of OCT is ophthalmology where this technology revolutionized diagnosis and 
treatment monitoring of many diseases of the posterior segment of the eye, the retina [3,4]. In 
less than 15 years since its commercialization, OCT has become an indispensable diagnostic 
tool and many instruments are nowadays commercially available. 

The highest achievable transverse resolution for retinal imaging is usually limited by the 
optics of the eye because it acts as the objective for any optical retinal-imaging instrument 
including OCT. The main causes for this limitation are the finite size of the eye pupil 
(introducing diffraction to the imaging light) and imperfections of the optical properties of the 
eye [5]. The latter introduces aberrations to the wavefront of the imaging light, both static and 
dynamic, that degrades image quality (sharpness and signal to noise ratio). This effect will be 
more pronounced in the case of instruments that employ imaging beam diameter that use the 
entire pupil of the eye and are close to the maximum dilated eye pupil (~7mm) [6–9]. Thus, 
small imaging beam diameters (below ~2mm) are typically used to minimize the influence of 
aberrations, which comes at the cost of a relatively low transverse resolution (~15µm for a 
typical eye). Associated with this transverse resolution is a large depth of focus (DOF), which 
determines the axial resolution of ophthalmic instruments such as a fundus camera or a 
scanning laser ophthalmoscope [10, 11]. A clear advantage of OCT for retinal imaging 
compared to other optical imaging methods is that axial and transverse resolution is de-
coupled. The high axial resolution results from the coherent detection scheme of OCT and 
depends on the axial coherence length of the OCT light source. As outlined below, the 
coherence length is inversely proportional to the spectral bandwidth of the light source. This 
allows for clinical retinal imaging with high axial resolution (typically below 5 µm) 
independent from transverse resolution. In contrast to other imaging modalities a larger DOF 
is beneficial in OCT as a larger depth range will be imaged sharply. One of the consequences 
of OCT being a coherent imaging technique is that OCT images are modulated by a high 
spatial frequency speckle pattern that is usually reduced by spatial, temporal (in the case of a 
non-stationary sample) or spectral averaging [12–14]. 

To enhance the transverse resolution of retinal optical instruments the fully dilated pupil 
of the eye has to be used for imaging to ensure best possible diffraction limited resolution. 
However, aberrations of the imaging wavefront introduced by the optics of the eye that is 
imaged prevent a diffraction limited performance. This requires compensation or correction 
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of these aberrations. This correction can be achieved with adaptive optics (AO), a technology 
that was originally intended to improve the image quality in ground based telescopes in 
astronomy [15]. Meanwhile, in ophthalmic applications, AO has been combined with fundus 
photography [16], scanning laser ophthalmoscopy [17] and OCT [18]. 

This review gives a short introduction to the underlying technology of AO with specific 
focus on AO-OCT instrumentation for retinal imaging. Since the introduction of AO-OCT 
several reviews have been published to cover the detailed history of instrument development 
and application of this technology [2, 19–24]. Here we provide an overview of the most 
successful implementations combining AO with OCT and review some of the latest 
developments in the field including new AO-OCT applications and new technological 
advances in wavefront sensor less AO-OCT and computational wavefront correction. 

2. AO-technology 

Classical adaptive optics systems require three different components: A wavefront sensing 
component, a wavefront correcting component and a controller (usually a personal computer 
running an AO control software) that links the first two elements together and allows 
aberration correction through minimization of the residual wavefront error. In some AO 
systems, the wavefront sensor (WFS) is not used and instead the correction feedback is 
provided by the quality of acquired images (total intensity or sharpness). These systems are 
often called wavefront sensor-less AO or sensor-less AO. 

2.1 Wavefront sensing 

The amount of light that can be delivered safely to the eye is limited by potential photo 
thermal, photomechanical or photochemical damage and corresponding laser safety standards 
need to be fulfilled to ensure safe imaging [25, 26]. To allow wavefront sensing, part of the 
imaging light or a separate light beacon (guide star) is used. AO is not an imaging modality 
per se. It is a supporting technology providing enhanced performance to retinal imaging 
modalities like fundus camera, scanning laser ophthalmoscopy (SLO) or OCT. Thus, the light 
power that needs to be dedicated to wavefront sensing should be kept to a minimum. 
Although there are several types of wavefront sensors, all wavefront sensor based AO-OCT 
instruments published so far rely on a Shack Hartman wavefront sensor (SHWS) [27]. The 
SHWS consists of an array of lenslets placed at the focal distance in front of an area detector 
(charge coupled device (CCD) or complementary metal–oxide–semiconductor (CMOS)). A 
planar wave that is incident on the SHWS is used as the reference to produce spots on the 
camera each corresponding to one of the illuminated lenslets. Any deviations from this 
reference wavefront will produce displacements of each spot that can be represented in the 
Cartesian coordinate system of the camera as Δx in x and Δy in y direction. These 
displacements are directly proportional to the average slope within the area of a lenslet of the 
wavefront W (x,y) that is incident on the SHWS pupil (lenslet array) and depend on the focal 
length f of the lenslet array. 

 
( ) x, y x

x f
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W∂ Δ=
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The reconstruction of the wavefront can then be performed by direct integration of Eq. (1) 
or through an approximation of the wavefront using a set of polynomials (usually Zernike 
polynomials) and least square fitting. AO correction does not necessarily require the 
reconstruction of the wavefront, as minimizing of the slopes (i.e. spot displacements) is 
sufficient to minimize the wavefront aberrations. As is very common in ophthalmic AO 
systems, this procedure also requires excluding the influence of tip and tilt. For diffraction 
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limited imaging removal of tip/tilt is not necessary as it results in a simple lateral shift of the 
image. There are several critical issues for the choice of the SHWS. First of all, individual 
subject aberrations strongly vary and in some cases large aberrations are present [9]. Thus a 
high dynamic range of the wavefront sensor, which can be accomplished, with a short focal 
length of the lenslets, will be beneficial. On the other hand, the precision of the wavefront 
measurement will be improved by a longer focal length of the lenslets which usually leads to 
a compromise between these influences. Since large aberrations (mainly defocus) may be 
compensated by trial lenses or other means (e.g. Badal-system), longer focal lengths are 
usually preferred in order to allow for a more precise wavefront measurement. Another issue 
is the sensitivity of the SHWS to higher radial order wavefront aberrations. The total number 
of lenslets (that samples the pupil of the eye) determines the highest aberration (such as 
highest Zernike mode) that can be measured. Ideally, this number matches the number of 
actuators of the correcting device in order to minimize the amount of light that is needed for 
wavefront sensing. However, this requires an exact alignment of the lenslets in respect to the 
location of the actuators. A more practical approach requires an oversampling of the lenslets 
by a factor of 2 [28]. 

Light detected by the SHWS might originate from different sample depths. This may 
cause problems in wavefront sensing for samples that highly scatter light over an extended 
depth range (such as imaging the optic disc in humans or in experimental animals, rat or 
mouse, with relatively thick retinas and varying levels of pigmentation). Thus, some groups 
proposed the use of a coherence gated wavefront sensor that provides a similar depth 
resolution for the wavefront measurement as is known for OCT [29, 30]. 

2.2 Wavefront correction 

A variety of different devices are available for shaping the wavefront of an imaging beam. 
The most common correcting device used in AO-OCT is a deformable mirror (DM) with a 
continuous mirror membrane [18, 31–35]. However, other correcting devices such as a liquid 
spatial light modulator [36] or segmented mirrors [37, 38] have been used as well. The high 
variability of ocular aberrations in the population sets specific demands on the correcting 
device. Some groups proposed the use of two DMs with different specifications in order to 
account for this [39, 40]. Thereby, a DM that consists of few actuators but has a large stroke 
is implemented to correct for larger amplitude low order aberrations (such as defocus and 
astigmatism). The second mirror consists of many actuators with lower stroke, which enables 
the correction of higher order aberrations. Together these two deformable mirrors can 
compensate a large variety of aberrations. Because of the similarity to the extension of the 
frequency range for loudspeakers this configuration is often referred to as “woofer (first DM)-
tweeter (second DM)” system. Nevertheless, a dual DM configuration increases instrument 
complexity and costs. In general there are several specific requirements for all wavefront 
correctors applied in retinal imaging and these requirements also apply to AO-OCT systems 
[41]. 

2.3 Wavefront sensor based AO-correction 

For an efficient AO-correction the wavefront exiting the eye pupil needs to be carefully 
imaged onto the SHWS, the DM and the detection pupil (collimator lens in the sample arm of 
the OCT system). In addition, the pupil plane of the eye needs to be imaged (optically 
conjugated) onto the pivot axes of the x and y scanners. To achieve this condition optical 
telescopes (based on spherical mirrors [32] or on lenses [42]) are used which are placed 
usually in 4f configuration between the individual components. Since aberrations introduced 
by the eye vary with time [43], it is desirable to control the AO system at high AO correction 
bandwidth during imaging (10 Hz or more) [44]. This bandwidth is limited by the exposure 
time of the SHWS (which amongst others depends on the amount of light that is dedicated for 
wavefront sensing) and the computational efforts for AO correction. The response time of the 
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mirrors typically lies in the kHz range. Apart from few early AO-OCT systems [18, 36] most 
recent systems use AO correction in a closed loop mode operating at several Hz. In order to 
determine the correction efficiency of an AO system the root mean square (RMS) error of the 
residual wavefront can be estimated by the SHWS. In principle, direct far field measurements 
of the point spread function (PSF) can be performed as well [45]. Figure 1(a) shows a typical 
RMS wavefront error measurement during AO-correction with a 2 DM AO-OCT system at 
840nm [39]. The initial RMS error value of 0.4µm can be reduced to values around 0.06µm 
after a few iterations. This corresponds to reduction of aberrations to the level of diffraction-
limited imaging. According to Maréchal criterion a RMS value below λ/14 ( = 60nm for 
840nm central wavelength) is considered as diffraction limited [46]. 

 

Fig. 1. a.) Evolution of the RMS error of the measured wavefront during AO-correction of a 
dual DM AO-OCT system operating at 840nm (adapted from [39] with the permission of the 
Optical Society of America). b) Search result for optimum aberration correction in a wavefront 
sensor less AO OCT system. Changing the amplitude of the consecutive Zernike modes alters 
the wavefront at the pupil plane. The DM introduces these while changes in image intensity are 
monitored. (Reproduced from [47], with permission from Wolters Kluwer Health, Inc). 

2.4 Wavefront sensor less AO correction 

For most wavefront sensor less AO-OCT systems the OCT image itself (acquired in real time 
by the AO-OCT system) is used to assess the effect of changing the wavefront (shape of the 
DM) [48–52]. Therefore, the image quality itself replaces the wavefront sensor as sensing 
element of these AO systems. Thereby, different image metrics such as intensity or sharpness 
can be used. Wavefront sensor less AO holds promise of great simplification of AO-OCT 
systems because there are no restrictions on the use of optical elements for imaging. Lenses 
usually give rise to unwanted reflections on the wavefront sensor and thus erroneous 
wavefront measurements that can only be eliminated by implementation of additional optics 
such as polarization sensitive components [53]. One drawback of retinal wavefront sensor 
less systems is that aberrations (usually decomposed into individual Zernike modes) are 
commonly compensated serially, which makes these systems rather slow. Thus, the ability to 
correct for temporally varying aberrations is greatly reduced. This limitation implies that the 
temporal performance of wavefront sensor less AO systems needs to be greatly improved in 
order to fully replace hi-end WFS based AO-OCT. New algorithms are currently developed 
that significantly shorten the time that is needed for sensor less wavefront correction [54]. In 
combination with low cost correcting devices (such as an adaptive lens [52]) these systems 
might be able to provide sufficient improvement of image quality at costs that can be 
commercially feasible for next generation clinical OCT systems [55]. Another aspect that 
needs to be considered is the requirement of higher total light exposure of the retina during 
the AO-correction process by wavefront sensor less AO, due primarily to the longer AO 
correction time required. In this respect, the use of a separate light beacon for the sensor in 
SHWS systems can also be beneficial because it allows in principle to turn off the imaging 
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light until full correction is achieved. Wavefront sensor less AO has recently been 
implemented in wide-field retinal OCT to enhance imaging of targeted regions [56]. A similar 
concept has been applied for defocus and astigmatism correction using a Badal optometer and 
a liquid crystal device, respectively [57]. Figure 1(b) shows a representative result of a search 
of aberrations in a human subject with a wavefront sensor less AO OCT instrument. 

2.5 Computational wavefront correction 

As coherent imaging technique, OCT has access to the phase of the light field allowing 
detection of the full electric field returning from the sample. Hence the phase can be 
manipulated in post-processing which in principle would eliminate the need of a correcting 
device in the optical setup. There are an increasing number of papers investigating the 
possibilities of the so-called “computational” or “digital” correction of aberrations in OCT 
data [58–62]. The algorithm can be applied either to OCT B-scans or OCT volume data. 
However, phase stability during data acquisition is a fundamental requirement of these 
techniques. While this can be easily achieved in microscopy settings, it is very challenging for 
in vivo retinal imaging because this requires very high acquisition speeds (volume acquisition 
rates in the order of hundreds of Hz). The combination of swept source OCT with full field 
OCT yields high acquisition rates and efficient data acquisition due to a lack of confocal 
detection (which otherwise results in rejection of out of focus light during data acquisition). 
This allowed for efficient correction of ocular aberrations for retinal images acquired in vivo 
using post processing techniques [62]. Recently, an interesting effect could be observed when 
using full field OCT in combination with a spatially incoherent light source [63]. In such a 
system, aberrations will affect only the signal intensity and not the image sharpness. 

A clear advantage of computational methods is the possibility to correct for defocus for 
each imaging depth. Thus, the limited depth of focus, inherent to high-resolution systems, 
may be overcome and 3D volumes with high resolution can be computed that maintain 
sharpness throughout imaging depth. One clear drawback of these methods is the requirement 
of very high imaging speeds. Thus the sensitivity is in general quite low which is impractical 
for most clinical OCT applications. In addition, it might be necessary to pre-compensate for 
large aberrations (such as defocus or astigmatism) using for example corresponding trial 
lenses. Nevertheless, first proofs of principle are promising and future developments in the 
field may result in the construction of clinically applicable next generation AO-OCT systems. 

3. AO-OCT technology 

3.1 Axial and transverse resolution of AO-OCT 

The axial resolution of OCT (Δz) is defined as the full width at half maximum (FWHM) of 
the double pass coherence length of an OCT system. In the case of a Gaussian shaped 
spectrum the axial resolution can be calculated via [64] 
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where λc denotes the central wavelength of the light source and Δλ the corresponding FWHM 
bandwidth. Implementation of AO-correction requires several additional elements in the 
sample arm of an OCT interferometer. Apart from matching the optical path length which can 
be several meters long, dispersion and the corresponding degradation of axial resolution [65] 
are a critical issue. Thus, dispersion needs to be compensated by introducing corresponding 
material into the reference arm of the OCT interferometer. For an OCT system operating at 
840nm and a FWHM bandwidth of 50nm the theoretical axial resolution is 4.5µm in tissue 
(assuming a refractive index of 1.4). 

Typically, OCT uses light emitted from a single mode fiber, which will have a Gaussian 
intensity profile. Thus, it is common in OCT to define the transverse resolution via Gaussian 
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beam optics [64]. However, in AO-systems, the full (dilated) pupil of the eye (corresponding 
to the objective lens in microscopy) will be illuminated. As such diffraction will occur at the 
pupil edge, which deteriorates the Gaussian beam. Therefore, the transverse resolution needs 
to be defined via diffraction theory [66]. In truly confocal systems a confocal pinhole that is 
much smaller than the size of the Airy disc is used in order to increase the lateral resolution 
compared to classical microscopy. The transverse resolution Δxconfocal can then be calculated 
using the focal length f of the objective lens, the central wavelength of the light source λ0, the 
entrance pupil diameter D and the refractive index n [66]: 

 0 00.44 0.88
x

NA n Dconfocal

fλ λ⋅ ⋅ ⋅
Δ = ≈

⋅
 (3) 

In this equation we approximated the numerical aperture NA with nD/2f. In order to 
define the lateral resolution in a similar way as the axial resolution of OCT, the FWHM of the 
lateral point spread function can be calculated by [66]: 

 00.37
FWHM 0.84 x

NAconfocal confocal

λ⋅
= Δ =  (4) 

which yields the same expression as can be found in the OCT handbook [67]. However, 
the collimator in the illumination/detection arm of an OCT interferometer has a higher or a 
same numerical aperture than the single mode fiber in order to increase the collection 
efficiency of the fiber. Thus, the system cannot be considered truly confocal anymore (the 
confocality depends on the size of the detector [68]) which degrades transverse resolution 
down to the level of a classical microscope [69, 70]. Using the same definition via the FWHM 
of the lateral point spread function the lateral resolution in OCT (without confocality) can 
then be expressed via 

 0 00.51 1.02
x

NA n DOCT

fλ λ⋅ ⋅ ⋅
Δ = ≈

⋅
 (5) 

It should be noted that Eq. (5) refers to the FWHM of the lateral point spread function of the 
intensity. Owing to the interferometric detection scheme of OCT, the axial resolution as 
defined in Eq. (2) refers to the FWHM of the axial point spread function of the OCT 
amplitude. Figure 2(a) shows the calculated (using Eq. (5)) diffraction limited transverse 
resolution in the eye in dependence of the pupil diameter for different wavelength regions 
(assuming that the pupil is the limiting aperture of the system). Thereby, a focal length of 
22.2mm and a refractive index of 1.33 were assumed for the eye. With a pupil diameter of 
7mm and 840 nm imaging wavelength a transverse resolution of 2µm is achieved. The 
transverse resolution for the same pupil size is degraded to 2.55µm for a 1060nm imaging 
wavelength. Associated with the high transverse resolution is a limited depth of focus. The 

depth where the transverse resolution is degraded by a factor of 2  (which can be 
neglected) is approximated through Gaussian beam optics via the Rayleigh range zR: 
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π
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where we considered the transverse resolution xOCTΔ as the minimum beam waist. For a 7 

mm pupil the DOFOCT are 30µm and 39µm for the 840nm and 1060nm wavelength range, 
respectively. Associated with the relatively small DOFOCT for larger pupils is the problem that 
only a small portion of the retina will be in focus and imaged sharply. Correspondingly, 
several OCT volumes with different focus position have to be recorded in order to visualize 
different structures that are separated in depth such as photoreceptors or nerve fiber bundles. 
Some approaches have been introduced to overcome the limitation of a small DOF using 
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multiple beams [71] or an axicon lens [72]. However, these methods have been applied 
mainly to skin imaging and a translation of these techniques to retinal imaging is not straight 
forward. 

 

Fig. 2. a) Diffraction limited transverse resolution of AO-OCT in the retina in dependence on 
the pupil size of the eye for different wavelength regions (assuming that the pupil of the eye is 
the limiting aperture of the system). b) Depth of focus (DOF) of AO-OCT in dependence on 
the pupil size of the eye. 

Figure 3 shows the effect of different transverse resolutions on the retinal image quality 
for “standard” clinical OCT images (acquired with a ~1.5 mm imaging beam diameter at the 
pupil) and AO-OCT images (acquired with a ~7 mm imaging beam diameter and AO 
correction). The effect of reducing the average speckle diameter as well as the limited depth 
of focus for images acquired with AO-OCT is clearly visible as a shift in the focal plane is 
needed to image different depth structures in the retina sharply and with high signal to noise 
ratio. 

3.2 Chromatic aberration 

AO corrects for monochromatic aberrations. OCT uses light with a broad spectral bandwidth 
in order to achieve high axial resolution (cf. Equation (2)). Therefore, only the central 
wavelength is corrected optimally and chromatic aberrations need to be considered as well. 
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Fig. 3. OCT B-scans of the retina obtained with different imaging techniques. (Top) Clinical 
OCT acquired over 5 mm; (bottom left) AO high-resolution spectral-domain OCT (0.5 mm 
scanning range) with focus set at photoreceptor layer; (bottom center) enlarged area (0.5 mm) 
from the clinical OCT; and (bottom right) AO high-resolution spectral-domain OCT (0.5 mm 
scanning range) with focus set at ganglion cell layer. The corresponding areas of the bottom 
images are similar. (Reproduced from [2], with permission from Wolters Kluwer Health, Inc.) 

Chromatic aberration affects the axial position of the focus (longitudinal chromatic 
aberration (LCA)) [73] as well as the different refraction during scanning (transverse 
chromatic aberration (TCA)) or when imaging the eye at an off chromatic axis position [74]. 
Both effects cannot be neglected when imaging is done at 840nm with bandwidths that are 
much larger than ~50nm [75]. In the visible range LCA can be as large as ~2.5 diopters 
between 400nm and 700nm [73] while in the infrared region this value is reduced to ~0.4 
diopters between 700nm and 900nm [75]. In order to compensate for LCA in OCT imaging 
an achromatizing lens can be employed [35, 76]. This lens introduces a wavelength dependent 
defocus of the imaging beam that will be compensated by the chromatic aberrations of the 
eye. Thus high transverse resolution can be achieved even for very large bandwidths. Similar 
to LCA, TCA depends on the separation between imaging wavelengths and can be quite 
pronounced when visible light (543-711nm) and infrared light (842nm) is used 
simultaneously [77]. For TCA compensation the eye needs to be displaced laterally [76]. 
However, for typical OCT imaging in the 840nm wavelength range (using ~50nm bandwidth) 
TCA is relatively small and can be neglected for small scanning angles (~1°). 

3.3 Field of view and motion correction 

The field of view (FOV) of all AO instruments is limited to a few degrees on the retina. The 
main reason is a limited iso-planatic angle [78]. Within this angle aberrations introduced by 
the eye vary within a range that will not deteriorate the wavefront below diffraction limit. Its 
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averaged value can be considered as constant and thus will be properly corrected using AO. 
For larger scanning angles, the aberrations will vary across the field and cannot be 
compensated for the entire FOV at once without additional efforts. The iso-planatic angle 
strongly depends on the subject (and pupil size) as well as the imaging wavelength and varies 
from 0.5° up to 2° for a pupil size of 6mm [78]. For a smaller pupil size, aberrations will be 
less pronounced and the iso-planatic field will be larger. The usable FOV may be increased 
using multi conjugate AO [79]. Another limiting factor for the FOV in AO-OCT is the 
available A-scan rate. This issue will be most relevant if volumetric imaging is desired. 
Typical AO-OCT instruments provide transverse resolution of 2µm for a field of view of 
~1°x1° which corresponds to an area of ~300x300µm2 on the retina. In order to provide a 
sufficient sampling of this area, according to Nyquist theorem, a spacing of ~1µm or smaller 
between A-scans is required. Thus, a minimum A-scan rate of 90 kHz is required to scan the 
region within 1 second. A doubling of the scanning angle would require 4x90 kHz = 360 kHz 
A-scan rate. In addition, distortions introduced by eye motion will be more pronounced with 
higher magnification (especially in the en face imaging plane) which sets further demands on 
AO-OCT volume acquisition rates. Residual motion can be even observed in images of AO-
SLO instruments that operate at much higher en face frame rates (~30 frames per second or 
more) [80]. However, most of these image distortions can be corrected in post processing 
[80]. To achieve a comparable sampling density and en face (volume) recording time an A-
scan rate of 30x90 kHz = 2.7 MHz needs to be used. Such high speed has been achieved in 
OCT only without AO using high speed swept laser sources [81]. Recently an instrument has 
been introduced that achieves 1MHz A-scan rate for AO-OCT using an optical switch and 4 
separate spectrometer [82]. However, at these high speeds the achieved sensitivity was rather 
low (~70-73dB) which may be problematic for visualization of inner retinal layers. 

Several methods have been proposed in order to correct for eye motion in AO-OCT. Some 
of these are based on image post processing [83], implementation of an additional AO-SLO 
channel [42, 84] or dynamic retinal tracking [85]. Nevertheless, the efficiency of all these 
methods increases with image acquisition speed. 

3.4 AO in combination with different OCT techniques 

There are a variety of different OCT techniques available. Most of them have been combined 
with AO. The first demonstration of AO-OCT has been performed with time domain 
techniques, a coherence gated AO fundus camera [86] and a scanning OCT system [18]. The 
latter was operated at very low speeds (125-250 Hz), which prevented 3D imaging within 
reasonable time. Imaging speed could significantly be improved with the implementation of 
Fourier Domain OCT technology because this technique provides higher sensitivity than its 
time domain counterpart [87–89]. In 2005 three independent groups demonstrated spectral 
domain OCT in combination with AO using a standard scanning [32, 36] or a parallel line 
field approach [31]. In order to show the benefit of AO correction, a representative AO-OCT 
image recorded in a healthy volunteer is displayed in Fig. 4. The focus was set to the 
photoreceptor layer, which resulted in rather blurred inner retina layers. The zoom in to the 
photoreceptor layer (cf. Figure 4(b)) shows a discrete spacing of high reflective spots in the 
IS/OS and the COST bands that correspond to individual cone photoreceptors. For a 
justification of the labeling of the outer retinal bands we refer to previous work of R. Jonnal et 
al. [90]. It should be noted that the axial position of individual cone photoreceptors varies. 
The signal originating from the RPE corresponds to a diffuse speckle pattern. Since the A-
scan rate of these systems was limited, mainly B-scans or very small volumes have been 
recorded. 
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Fig. 4. A) Representative AO-OCT B-scan with the focus set to the photoreceptors recorded in 
a healthy volunteer at 4.5 nasal eccentricity from the fovea (logarithmic intensity grey scale). 
B) 2x enlargement of the region marked with the white rectangle displayed on a linear 
intensity scale (some inner and outer segments of cones are marked with red and yellow 
rectangles, respectively). The retinal layers are labeled as follows: RNFL retinal nerve fiber 
layer, GCL ganglion cell layer, IPL inner plexiform layer, INL inner nuclear layer, OPL outer 
plexiform layer, ONL/HFL outer nuclear layer/Henle’s fiber layer, ELM external limiting 
membrane, IS/OS junction between inner and outer segments of cone photoreceptors, COST 
cone outer segment tips, RPE retinal pigment epithelium (adapted from [76] with the 
permission of the Optical Society of America). 

For high resolution applications that are associated with a low DOF other OCT 
approaches such as en face OCT [91] may proof advantageous. The en face recording time of 
these systems is typically very fast (several frames per second) and analogous to SLO 
imaging. Thus, both imaging modalities can be used simultaneously, which simplifies motion 
correction [33, 92]. Slow scanning in en face OCT is performed along the depth direction 
which enables the implementation of a dynamic focus [93] and thus the maintenance of high 
transverse resolution throughout imaging depth. However, the main drawback of this 
technique is the requirement of a high-speed axial eye tracker [94, 95]. The combination of en 
face OCT/SLO with AO allows the visualization of rods and foveal cones [42]. Figure 5 
shows representative images of the fovea region recorded with an en face OCT system. 
Owing to the high dynamic range of the cones in this area of the retina, the images are 
displayed on a logarithmic intensity scale as has been proposed by A. Dubra et al. for AO-
SLO images [96]. The pixel-to-pixel correspondence between AO-SLO and AO-OCT allows 
for a direct comparison of both imaging modalities. The cone mosaic in the fovea area where 
the packing density is highest can be clearly seen in the images recorded with both 
techniques. 

With the development of faster OCT systems, 3D imaging based on scanning Fourier 
domain OCT became feasible [39, 97]. Currently most AO-OCT systems are based on the 
Basler camera, which allows for A-scan rates between 100 and 250 kHz [98–101]. Using four 
independent spectrometers (and 4 separate cameras) in combination with an optical switch, 
the duty cycle of the system can be optimized to 100% and A-scan rates of 1MHz have been 
realized [82]. 

Most of the AO-systems reported so far used light in the spectral range around 750-950 
nm. Application of shorter wavelengths is associated with higher transverse resolution (cf. 
Equation (5) and is thus preferable from a pure imaging resolution standpoint. However, 
shorter spectral regions lie already in the visible range and the subjective perception of the 
light power will increase manifold (the absorption spectra of the photo-pigments in the retina 
have their corresponding peaks in the visible range) leading to discomfort of the imaged 
subject. In addition the laser safety standards describing light tissue interaction for visible 
wavelength regions require that in addition to a photo-thermal limit a photochemical limit 
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needs to be considered. Thus, the total light power that can be applied safely to the eye is 
greatly reduced in this wavelength region, which results in a reduced sensitivity of the system. 

 

Fig. 5. Representative en face images of the fovea of a healthy volunteer recorded with an AO-
SLO/OCT instrument. (a) AO-SLO-image, (b) depth integrated AO-OCT image including 
following outer retinal layers: ELM, IS/OS, COST, and RPE. The images are displayed on a 
logarithmic scale in order to account for the high dynamic range of the image. Scale bar: 30µm 
(adapted from [42], with the permission of the Optical Society of America). 

The use of light at longer wavelength regions is associated with less scattering in tissue 
but with higher absorption by water (the main constituent of tissue). The wavelength region 
around 1060nm lies within a local minimum of the water absorption bands and is widely used 
to enhance the penetration depth of retinal OCT imaging [102, 103]. However, light detection 
at this wavelength region requires line scan cameras that are based on a different material 
(InGaAs instead of silicon). The commercial use of these cameras is less widespread and thus 
these cameras are much more expensive than their silicon based counterpart. A first proof of 
concept of AO-OCT at this wavelength region together with a comparison of AO-OCT at 
840nm has been presented in 2010 [104, 105]. The concept was then extended for imaging of 
choroidal vessels [106]. At the 1060nm wavelength region the use of swept source OCT 
certainly is more attractive as the sensitivity roll off with depth is less pronounced (or even 
eliminated) with this technology. This roll off arises from the finite pixel size of the line scan 
detector in the spectrometer and the dispersion of the recorded spectrum in the wavelength (λ) 
domain. In order to eliminate this roll off, the spectrum needs to be recorded in the 1/λ 
domain as can be achieved with SS-OCT [107]. SS-OCT at 1060nm has been combined with 
AO in a multimodal instrument [105] and a wavefront sensor less approach [108]. Finally, 
many different combinations of the above mentioned AO-OCT systems with complimentary 
imaging modalities have been presented [33, 34, 40, 84, 92, 105]. 

4. AO-OCT in healthy volunteers 

4.1 Imaging of outer retinal layers 

The high axial resolution provided by OCT allows for a clear separation between the different 
outer retinal layers. This is a clear advantage compared to AO-SLO or AO-fundus camera 
imaging. Figure 6 shows representative images of different retinal layers in the foveal region. 
The cone mosaic is clearly visible at IS/OS and at COST indicating wave-guiding properties 
of cone photoreceptors. Light is coupled into a cone inner segment (“wave-guide”) and 
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changes in the refractive index within the cone (at IS/OS junction and at the tip of the OS) 
give rise to these distinct reflections. Wave guiding of cones has been proposed earlier 
because of the observed directionality of light reflected from cones (or light that may enter 
cones) which is also known as optical Stiles Crawford effect of the first kind [109] and has 
been investigated using OCT [110]. This effect has severe implications for determining the 
cone density in patients as due to changes in elevations of the photoreceptor layer (drusen) 
and the Stiles Crawford effect the reflectivity of cones can be very weak and as such be 
misinterpreted as missing cones. Within the RPE a faint regular structure with a lower spatial 
frequency can be seen indicating the presence of the RPE cell mosaic [42, 101]. In order to 
improve the visibility of RPE cells, averaging over several AO-OCT volumes recorded at 
different time points (separated by several minutes) is required. A recent study showed the 
RPE mosaic visualized with an AO-OCT system in six healthy subjects and at two different 
eccentricities [111]. The status of the RPE is indicated as a key factor in the development of 
many outer retinal diseases such as age related macular degeneration (AMD), one of the 
leading causes for blindness in the industrialized world. Although AO-SLO using dark field 
detection schemes or autofluorescence imaging yields similar images of the RPE mosaic, AO-
OCT is capable of providing simultaneously additional information on the depth extension of 
these structures and overlying cone photoreceptors [111]. 

 

Fig. 6. Representative AO-OCT images of different posterior retinal layers recorded in the 
fovea region of a healthy volunteer. ELM external limiting membrane, IS/OS junction between 
inner and outer segments of cone photoreceptors, COST cone outer segment tips, RPE retinal 
pigment epithelium. All images are displayed on a logarithmic intensity scale. (Scale bar: 
30µm, image adapted from [42], with permission of the Optical Society of America). 
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At larger eccentricities from the fovea rod photoreceptors are present and the size as well 
as the spacing between cones is increasing. The increasing cone size results in changes in the 
corresponding wave guiding properties as several wave-guiding modes can be exited [42, 
112]. This effect can be seen in some of the cones displayed in Fig. 7(a). The image was 
recorded with an en face AO-OCT instrument at ~8° eccentricity from the fovea at the IS/OS 
layer. As is known from histology [113] and from ultrahigh resolution OCT imaging [114], 
the outer segments of cones are slightly shorter than the outer segments of rods. Thus the 
contribution from both layers can be separated using the depth sectioning capabilities of AO-
OCT. Figure 7 shows a composite false color image of the COST (red) and rod outer segment 
tips (ROST, green) layers. 

 

Fig. 7. AO-OCT images recorded at ~8° eccentricity from the fovea. a) Segmented junction 
between inner and outer segments of cone photoreceptors showing distorted intensity patterns. 
Some patterns are enlarged (inset) and show intensity distributions that are typical to 
multimodal wave propagation. b) Composite image of different retinal layers recorded at the 
same retinal location and displayed in a false color scale. COST layer is indicated in red, rod 
outer segment tips (ROST) layer is indicated in green. (Scale bar: 30μm, images adapted from 
[42], with permission of the Optical Society of America). 

Changes in the reflectivity of cones at IS/OS or COST provide information on 
physiological processes of cones. The changes in reflectivity of both layers is not correlated 
[115] and are believed to depend on the cone renewal process that includes disc shedding and 
phagocytosis of these discs by the RPE. These processes have been studied in detail in the 
animal model only because of the invasiveness of the procedure. However, using AO 
technology this process can now be investigated in vivo [116, 117]. A recent study used AO-
OCT to investigate specifically the disc shedding process in more detail [118]. 3D volumes of 
the cone photoreceptors were recorded during a period of 90 minutes and individual cones 
were tracked over time. Thereby, some cones exhibit the absence of the COST reflection for a 
period of ~18 minutes. After reappearance of the COST reflection the outer segment length 
was reduced by ~2-3µm clearly indicating the disc shedding process of the photoreceptors by 
the RPE. Very recently, Hillman et al. reported direct in vivo measurements of changes of the 
axial length of the cones OS due to visible light stimulation [119]. The possible explanation 
for this process as osmotic swelling of OS due to G-protein activation has been recently 
proposed [120]. All of these reports suggest that AO-OCT might provide a new and very 
exciting opportunity to study the function of photoreceptors in vivo. 

4.2 Imaging of inner retinal layers 

The high sensitivity and axial resolution provided by AO-OCT allows for visualization of 
different inner retinal layers. Of specific interest are the retinal nerve fiber layer (RNFL) and 
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retinal vasculature. The RNFL plays an important role in Glaucoma diagnosis. The higher 
transverse resolution of AO-OCT allows for visualization of individual nerve fiber bundles 
and measurement of corresponding cross sectional profiles [121]. Figure 8 shows 
representative AO-OCT data where the focus was set to the anterior retinal layers. In Fig. 8(a) 
individual nerve fiber bundles are clearly visible. In addition small capillaries (indicated with 
black arrows) can be seen in the enlarged region of interest in Fig. 8(b). Figure 8(c) shows an 
AO-OCT B-scan recorded with a wavefront sensor less AO instrument [47]. The colored lines 
show the depth range over which the intensity is averaged in order to produce en face maps. 
The topmost layer (area between the red lines) clearly shows individual nerve fiber bundles 
(cf. Figure 8(d)). Some of these are indicated with white arrows in Fig. 8(d). 

 

Fig. 8. Representative AO-OCT images of a healthy volunteer with the focus set to the anterior 
layers. a) Averaged (10 frames) B-scan showing individual nerve fiber bundles. b) Enlarged 
region (by a factor of 2) of interest indicated with the white rectangle in a). The individual 
bundles are marked with the white circles. The black arrows indicate micro capillaries in the 
inner retina. c) Intensity B-scan recorded with a sensor less AO instrument showing different 
segmentation layers (indicated with different colors). d) En face projection of the layer 
indicated with red lines in c). White arrows point to individual nerve fiber bundles. The dashed 
horizontal line indicates the location of the B-scan shown in c). a) and b) are reproduced from 
[76], c) and d) are adapted from [47]. 

A higher numerical aperture of AO-OCT instruments provides increased contrast of 
highly scattering blood vessels to the surrounding (weakly backscattering) tissue [32, 95, 122, 
123]. However, the contrast can be further increased using angiographic methods as is 
implemented in standard OCTA imaging [124]. Thereby, several B-scans are recorded at 
exactly the same retinal location and changes between these images (caused by motion within 
the capillaries) are visualized. A first proof of concept of AO-OCT angiography (AO-OCTA) 
has been presented in 2012 [106]. Figure 9 shows a direct comparison between an AO-OCT 
intensity B-scan and an AO-OCTA B-scan. In the AO-OCTA image static tissue is greatly 
suppressed and the visibility of small capillaries (some are indicated with a white arrow) is 
greatly enhanced. Due to the high numerical aperture of the AO-OCT system, shadowing 
artifacts [125] within the angiographic image as commonly observed in standard OCT 
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imaging are mitigated. The high resolution of AO-OCTA requires higher B-scan rates 
compared to OCTA in order to compensate for eye motion that otherwise will cause image 
distortions. However, the sensitivity to slow flow speeds (as is the case in capillaries) remains 
the same because the smaller focus of the imaging beam allows to detect changes on a smaller 
scale than in standard OCT [126]. 

 

Fig. 9. OCT B-scans recorded with a compact AO-OCT instrument. a) Intensity image (4 
frames averaged) showing different segmentation layers (indicated with color bars and labeled 
with 1-4. b) OCTA B-scan with increased contrast of capillaries. White arrows point to 
representative capillaries in c) and d) (Images adapted from [126], with permission of the 
Optical Society of America). 

Figure 10 shows en face projections (generated by depth integration over the regions 
indicated in Fig. 9) and provides a direct comparison of vessel contrast between AO-OCT 
intensity images and AO-OCTA images. Although the vessels show good contrast in the 
images, the application of OCTA processing further increases the contrast [126]. Especially 
for tissue regions with high signal intensity from surrounding tissue (such as the nerve fiber 
layer) the increased contrast is essential for visualizing the vasculature. 

 

Fig. 10. Comparison between AO-OCT intensity images and AO-OCTA images extracted at 
different depths. a-d) intensity images generated through depth integration of the depths 
indicated with numbers 1-4 in Fig. 8. The green arrow indicates an artifact caused by 
accommodation (and according shift of focus position) of the subject. e-h) Corresponding AO-
OCTA images extracted at the same locations as in a-d. (The red arrow in e) points to a vessel 
that clearly shows increased contrast in this image compared to the intensity image. The red 
arrow in h) indicates areas with low signal intensity (reprinted from [126], with permission of 
the Optical Society of America). 

Figure 11 shows a comparison of a larger field of view between images recorded with an 
AO-OCTA and a clinical grade OCTA system in the same healthy volunteer. The larger field 
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of view of the AO-OCTA was generated through stitching of 25 images that were recorded 
separately. The higher resolution provided by AO allows resolving of finer details of the 
vasculature. Since the transverse resolution of standard OCT is around 15µm the true 
diameter of small capillaries cannot be determined. In addition, projection artifacts are 
mitigated which enables simplified segmentation of a single vasculature layer. 

 

Fig. 11. Comparison of vasculature recorded with different instruments. The images were 
generated through depth integration of region 2 in Fig. 8 and are displayed on an inverted grey 
scale. (a) Mosaic AO-OCTA image containing 25 images. (b) OCTA image recorded with a 
commercial instrument. Field of view: ~7° × 7°. (adapted from [126], with permission of the 
Optical Society of America). 

It would be very interesting to visualize different cell types (such as ganglion cells) of the 
inner retina. AO-OCT does provide sufficient resolution. However, the contrast of these cells 
to surrounding tissue is too poor for a clear visualization of such cells. Thus additional 
techniques are needed in order to provide sufficient contrast. One of these techniques could 
be polarization sensitive OCT [127]. A first demonstration of PS-OCT in combination with 
AO has been presented a couple of years ago [128]. 

5. Clinical applications of AO-OCT 

Due to the limited availability of AO-OCT instruments in clinical settings, the clinical 
potential of AO-OCT is yet still not fully explored. Because of the high magnification of AO-
OCT motion artifacts will be much more pronounced which makes imaging of patients with 
poor fixation capabilities challenging and requires very high imaging speeds. Many diseases 
severely influence the image quality in AO-OCT such as media opacities, age related miosis 
or retinal distortions. This greatly reduces the variety of patients that can be imaged. 
Nevertheless, there is a growing amount of reports on clinical studies using research grade 
AO-OCT systems due to its potential in diagnoses and treatment monitoring. Several 
examples are presented below to illustrate the potential clinical value of this imaging 
technology. 

In order to be clinically successful, an imaging technique needs to provide additional 
insights into frequently occurring eye diseases. One of these eye diseases is AMD that affects 
people aged 50 years or more. AMD mostly harms the outer retinal structures 
(photoreceptors, RPE, Bruch’s membrane) in the macula. Because of relatively poor fixation 
capabilities of these patients and frequently present media opacities, imaging of this group of 
patients with AO-OCT is challenging. Figure 12 shows imaging examples of a patient in a 
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late stage of AMD, where the macula area already presents with a geographic atrophy (GA) 
[129]. Several standard clinical tests (see figure caption) were collected on the same eye and 
are shown in the figure to allow a better assessment of the structural and functional changes 
of the retina. 

 

Fig. 12. Application of AO-OCT for evaluating a patient with geographic atrophy. Panel A is 
the color fundus photograph (CF) with the multifocal electroretinogram (mfERG) traces and 
micro perimetry (mP) sensitivity superimposed. Panel B shows the mfERG response density 
map; panel C shows the mP sensitivity map superimposed on the Fundus Auto Fluorescense 
(FAF), and panel D is the FAF image. The three numbered green lines in panel D correspond 
to the three B-scan montages shown below. The magenta arrow in B-scan 1 shows the 
preferred retinal locus of the patient. The red, blue and yellow bars on the B-scans correspond 
to ELM, IS/OS and RPE loss, respectively. The magnified B-scan section shows remaining 
RPE that corresponds to the location of the preferred retinal locus [129]. (Reproduced with 
permission from the Association for Research in Vision and Ophthalmology, Inc (ARVO)) 

Earlier forms of AMD involve the development of Drusen. The formation and appearance 
of Drusen and subretinal Drusenoid deposits (SDD) have been investigated with AO-OCT in 
various stages of AMD [100]. 

Diabetic retinopathy (DR) is regarded as another frequently occurring eye disease that 
affects in the US roughly one third of patients with diabetes [130]. In these patients, the 
visualization of the retinal vasculature is of high clinical interest. AO-OCT angiography is 
capable to provide detailed images of this vasculature [126]. 

In other reports AO-OCT was used to study various optic neuropathies, a group of eye 
diseases that damage the optic nerve, including Glaucoma [131]. Glaucoma is the most 
common form of optic neuropathy that presents with characteristic loss of visual field due to 
ganglion cell death. This leads to a thinning of the retinal nerve fiber layer and an excavation 
of the optic disc. Both parameters are routinely measured using standard OCT. The 
implementation of AO-OCT bears the potential to visualize the area and volume of individual 
nerve fiber bundles [121] or to reveal changes in the photoreceptor layer that are accompanied 
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with the neuropathy [132]. A recent review article discusses the value of AO-OCT for clinical 
diagnosis of Glaucoma in more detail [133]. 

Apart from these studies there have been reports of using AO-OCT to investigate 
inherited degenerative eye diseases. One example is retinitis pigmentosa (RP), a disease that 
causes abnormalities of photoreceptors (rods and cones) that finally result in a corresponding 
loss of these cells. AO-OCT studies revealed atrophic regions in the photoreceptor layer with 
‘drusen like’ appearances [134]. 

Another disease that has been evaluated by AO-OCT is retinopathy of prematurity (ROP), 
a potentially blinding disorder that alters the development of the central retina and primarily 
affects prematurely-born infants [135]. This study revealed significant differences to the 
healthy eye at the fine structural level of the foveal microvasculature. Similarly, changes of 
the inner retina that are caused by pathologically dilated blood vessels (telangiectasia) near 
the fovea in idiopathic juxtafoveal macular telangiectasia (MacTel) have been reported [136]. 
In MacTel, disease progression involves scarring of the retina and accumulation of liquid-
filled cysts that in turn compromise photoreceptors and can lead to permanent vision loss. 

Apart from a more detailed insight into these retinal diseases, AO-OCT might be of value 
in cases of vision loss whose cause cannot be determined by standard clinical examination. 
Initial results in some cases showed, that the greater details provided by AO-OCT, allows for 
a localization of the source of visual dysfunctions when other methods failed [76]. 
Additionally, there has been one case report evaluating a patient presenting with multiple 
evanescent white dot syndrome [137]. 

Another interesting application of AO-OCT could be to diagnose and study different 
conditions of color blindness. Normal human color vision relies on three spectrally distinct 
cone classes. Color vision deficiency, mainly an inherited defect, is usually caused by the 
absence of one of the classes. The deficiency can also be accompanied with retinal disease 
and dysfunction of photoreceptors. First imaging results with AO-OCT have been reported in 
patients with red/green color deficiency due to a Cys203Arg genetic mutation [101]. 

Finally, we want to emphasize another potential clinical application of AO-OCT: The 
possibility to monitor structural changes on a cellular level that are associated with stem cell 
therapy. First image results that show the long term temporal evolution of retinal structures 
during treatment are promising [134]. 

6. Commercialization of AO-OCT technology 

The impact of OCT in the field of Ophthalmology can certainly be compared with the 
invention of the direct ophthalmoscopy more than 150 years ago. This is partly due to the 
very rapid commercialization of this technology. Although OCT instruments are still more 
expensive than other ophthalmic instruments the success of this technology is based on the 
applicability to a wide range of patient population and on the cross sectional imaging 
capability that no other technology can provide. Meanwhile a variety of companies sell OCT 
instruments and the market is still increasing. On the other hand, the commercial interest in 
AO-OCT seems to be quite limited. Currently there is only one company that sells research 
grade AO-OCT instruments [105]. There might be several reasons for that. One is the 
significantly higher cost of such instruments because additional equipment such as 
deformable mirrors or wavefront sensors is needed. Both components are still very expensive 
which puts a commercial AO-OCT instrument at the high price end of ophthalmic 
instruments. In addition, most of the research grade instruments require a lot of space and 
highly trained personnel to operate and maintain the instruments in order to achieve the 
optimum imaging performance. Since space is always very limited in a clinical environment 
this certainly is an issue. Some groups have addressed this problem by providing compact 
AO-OCT systems that are of similar size than commercial OCT instruments [40, 138]. 
Difficulties in commercialization seem to exist for all AO assisted instruments. Currently 
only an AO assisted fundus camera is commercially available. Although a variety of AO-SLO 
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instruments are tested in a clinical environment, many of them are research grade systems and 
only a few of them might evolve into a commercial prototype. Another aspect is the currently 
limited applicability of the technology to a wide range of patients which is outlined in the 
next section. 

7. Discussion and conclusion 

Since the first demonstrations of AO-OCT more than 10 years ago, the technology has been 
significantly improved in several aspects. Profiting from independent and rapid development 
of OCT technology, the imaging speed has been increased by an order of magnitude. The 
stability and resolution of AO-OCT systems has been improved resulting in the visualization 
of single cells such as cones, rods or RPE cells. Based on the high data acquisition speeds of 
OCT and increased computational power of state of the art PC’s computational aberration 
correction methods have been developed. It must be noted, however that in young healthy 
subjects cellular resolution (visualization of the cone mosaic at larger eccentricities from the 
fovea) can be achieved without the use of adaptive optics as has been demonstrated with 
fundus photography and OCT [139,140]. Thus the advantages of computational aberration 
correction methods over hardware based methods (using a DM) remains, at the current stage, 
unclear. Up to now the cone mosaic has been visualized with these techniques only at larger 
eccentricities from the fovea and in healthy volunteers. In order to properly compare these 
two approaches imaging at diffraction limited resolution at full-dilated pupil size (including 
the visualization of rods and foveal cones) needs to be demonstrated with computational AO. 

 

Fig. 13. AO-OCT images recorded in close proximity to the optic disc. The left image shows a 
fundus photo overlaid with the fundus projections of the different regions of interest that have 
been imaged with AO-OCT. The right hand side shows representative B-scans and C-scans 
(the location of the C-scan is indicated with the horizontal white line in the B-scans) retrieved 
from the OCT volume (reproduced from [145], with permission of the Optical Society of 
America). 

AO-OCT imaging has been mainly performed in the macula area. Imaging close to the 
optic disc with AO is more difficult because the retinal structures are heavily distorted in this 
area. This influences the wavefront sensing capabilities of the system. In the macula, light 
that is backscattered from the photoreceptor/RPE band contributes most to the signal of the 
SHWS, which results in a reliable wavefront measurement. At the optic disc, the lamina 
cribrosa, nerve fiber layer and photoreceptor bands will contribute almost equally to the 
wavefront signal, which will influence the wavefront measurement. Figure 13 shows 
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representative images recorded in a healthy volunteer of the region close to the optic disc. The 
high resolution enables the visualization of the pores of the lamina. Changes in the geometry 
of pores may be an indicator for glaucoma [141]. The pores are a three dimensional structure 
and changes with depth can be observed using AO-OCT [142–144]. 

Apart from human retinal imaging experimental animal imaging with AO-OCT has 
gained interest in recent years [37, 40]. Many retinal diseases can be investigated in 
corresponding animal models. Non-invasive imaging methods such as AO-OCT will thereby 
play a key role in animal studies as the same animal can be observed over time, which yields 
more accurate results and greatly reduces the amount of animals that need to be sacrificed for 
these studies. 

Up to now retinal AO-OCT has been mostly used to image mice. There are several 
challenges of designing an AO system for an eye that is ten-fold smaller than a human eye. In 
addition, the availability of highly developed ex vivo histochemical retinal imaging methods 
reduced the clinical demand for non-invasive methods in the animal model. Thus, the 
development of such instruments started with some delay. AO-imaging of the mouse eye can 
be seen as part of an ongoing revolution in biological imaging, which is aimed at visualizing 
cellular structure in vivo which allows for studying of retinal function. Remarkably, the 
mouse eye has an AO-corrected numerical aperture of ~0.5, exceeding that of the human eye 
by ~2.5-fold, affording exquisite submicron resolution. Figure 14 shows representative image 
data of the retinal nerve fiber layer of a mouse eye using a sensor less AO system. The 
wavefront correction increases the signal to noise ratio of the image and improves the 
visibility of small structures in the image (indicated with white arrows in Fig. 14(b) and 
14(c)). 

 

Fig. 14. Representative AO-OCT of the nerve fiber layer of the mouse retina recorded with a 
wavefront sensor less AO-OCT instrument. a) B-scan showing individual nerve fiber bundles. 
The red brackets indicate the depth extension that was used for averaging in order to generate 
the corresponding en face images. b) En face image of the nerve fiber layer before adaptive 
optics correction. c) En face image of the nerve fiber layer after adaptive optics correction. The 
white arrows point to structures that are hardly visible in b) but can be clearly seen in c). The 
scale bar is 25µm (adapted from [38], with permission of the Optical Society of America). 

Currently, AO-OCT is still regarded as basic research tool as only few research grade 
instruments are available worldwide. Nevertheless, with the help of this technology, 
fundamental aspects on the anatomy and physiology of the healthy human eye could already 
be investigated. These included in vivo assessment of cone density, RPE cell density, retinal 
vasculature and the observation of cone renewal, cone function or the disc shedding process. 
Due to the broader use of other imaging technologies including microscopy (ex vivo) as well 
as in vivo methods such as AO-SLO or AO fundus camera (which is even commercially 
available), cell densities have already been measured in a larger population. The aim is to 
generate a large normative database that allows determining disease related cell packing 
density changes. However, measurements of these quantities in patients is quite challenging 
because of the severe changes from the normal retinal structure. The depth sectioning 
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capabilities of AO-OCT might provide a clear benefit here, as highly scattering structures 
from other layers that greatly influence these measurements can be excluded. 

OCT provides access to the phase of the light returning from the retina. As mentioned 
above, this can be used to correct for aberrations in post processing. In addition the 
information enables measuring subtle changes in the optical path length (such as changes of 
the outer segments length of cones) with high precision [98]. Combining this technology with 
optical stimulation of the retina provides insights into physiological responses of the retina 
[119]. 

All together these aspects will improve our understanding of retinal physiology as these 
processes can now non-invasively be monitored in vivo. This additional information provided 
by AO-OCT will aid to investigate early stages of a disease and to understand the complex 
process of disease development. Finally, disease progression can be monitored on a cellular 
level, which may allow for an earlier assessment of therapeutic success. 

However, the development of AO-OCT is still an ongoing process. Advances in 
technology are likely leading to new insights and new discoveries in retinal function and 
retinal pathogenesis. In addition the clinical applicability of these instruments will be 
improved. Since it is unlikely that a large area of the retina is routinely imaged with AO-
OCT, standard techniques such as OCT or SLO are required to determine the region of 
interest. AO-OCT can then be used to provide a detailed view of this region including 
functional information on the tissue. 

In conclusion, we believe that AO-OCT has the potential to play a key role in treatment 
development, disease diagnosis and even routine screening of the population in order to 
prevent disease progression at a very early stage of the disease. 
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