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Abstract: Optical microscopy is a vital tool for visualizing the cellular and sub-cellular structures of
biological specimens. However, due to its limited penetration depth, its biological applicability has
been hindered. The scattering and absorption of light by a wide array of biomolecules causes signal
attenuation and restricted imaging depth in tissues. Researchers have put forth various approaches
to address this, including designing novel probes for imaging applications and introducing adaptive
optics (AO) technology. Various techniques, such as direct wavefront sensing to quickly detect
and fix wavefront deformation and indirect wavefront sensing using modal and zonal methods to
rectify complex aberrations, have been developed through AO paradigms. In addition, algorithmic
post-processing without mechanical feedback has been utilized to correct the optical patterns using
the matrix-based method. Hence, reliable optical imaging through thick biological tissue is made
possible by sensorless AO. This review highlights the latest advancements in various AO-based
optical microscopy techniques for depth-resolved imaging and briefly discusses their potential in
various biomedical applications.
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1. Introduction

Optical microscopes are crucial equipment in a variety of scientific disciplines and
are widely employed in the life sciences to visualize cellular architecture and intracellular
processes. In this regard, confocal and multiphoton microscopes are especially significant since
they provide three-dimensional views of objects [1]. However, the optical characteristics of the
specimen frequently negatively impact the resolution of optical microscopes and the image
quality declines considerably because of aberrations introduced by the spatial heterogeneity
and the differences in the samples’ refractive index (RI). A solution for this issue is necessary
for imaging deep into dense biological specimens, as it is limited to a few cellular layers close
to the surface [2]. This is a significant drawback to studying the cellular interactions and
processes in their natural environment rather than in the artificial conditions of a laboratory.

The introduction of AO into microscopes has enhanced image quality by correcting the
aberrations [3,4]. The aberrations caused by the sample are corrected by an adaptive com-
ponent integrated into the microscope, including a deformable mirror (DM) or spatial light
modulator (SLM). The Shack–Hartmann sensor is the most popular technique for measuring
wavefront aberrations, though other techniques include interferometric, holographic, and
LCSLM methods. Although interferometric approaches offer the highest accuracy, they are
only useful for a limited set of issues and cannot be considered an ideal and all-encompassing
tool for identifying optical wave field distortions because of their limits. However, the Hart-
mann technique is frequently inapplicable in certain situations since it requires reconstructing
the phase from its spatial derivative. Wavefront-sensorless AO techniques in microscopes
are also a typical strategy. When a series of preset distortions are applied with the adaptive
element, these approaches use a sequence of images to deduce the input aberrations and
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estimate the optimal correction for the microscope. The best design for such AO approaches
heavily depends on the type of aberrations and how the microscope forms images [5]. Thus,
it is necessary to have knowledge of existing aberration correction methods to design a new
modality by incorporating adaptive elements into optical microscopic systems for deep tissue
imaging. This paper is therefore aimed at providing a comprehensive summary of the recent
advancements in AO along with their pros and cons.

2. Aberration Correction

Aberrations can be detected indirectly from images or most directly using a specialized
wavefront sensor. These two methods are known as direct and indirect sensing, accordingly.
Since there is no specific wavefront sensor, the indirect approach is frequently termed
sensorless AO. When assessing the degree of the aberrations present and the necessary cor-
rection, indirect approaches are much more time-consuming than sensor-based approaches
due to a large set of images. As opposed to milliseconds for a specialized wavefront sensor,
indirect approaches typically consume seconds to minutes, depending on the imaging
speed, to identify the necessary correction. High-resolution AO retinal imaging suffers
significantly from continuous and rapid eye movement, resulting in intraframe distor-
tion. Tremors, drifts, and microsaccades are the three types of ocular motion that can
impact imaging [6]. Tremors are periodic movements that have an amplitude of less than
1 arcminute (~5 m) and a frequency of 40 to 100 Hz [7]. Drifts are sluggish self-avoiding
random walks that have an amplitude of 1 to 8 arcminutes (5 to 40 m) with a speed below
30 arcminutes per second (~150 m/s) [8]. Microsaccades are jerk-like movements with
amplitudes of 30 arcminutes (150 µm) and durations of 25 ms (~40 Hz) or less [9]. Accord-
ing to the Nyquist theorem, the ideal imaging acquisition speed should be at least 200 Hz
because eye movement frequency can reach 100 Hz [7]. To reduce the errors caused due to
rapid eye movement, sophisticated hardware-based retinal trackers or imaging stabilizers
have been designed [10] along with software for image registration [11]. However, there is
a need for a high-speed AO imaging system to reduce this artifact significantly. Indirect
approaches are better equipped for this discipline since most distortions in microscopy are
static. Due to the benefit of not requiring additional sensing hardware, indirect approaches
have also been utilized to a certain degree in ophthalmic applications. Here, some of the
most widely used sensors are described briefly also, the advantages and disadvantages of
various approaches of AO are shown in Table 1.

Table 1. Comparison of the various approaches of adaptive optics.

Approaches Advantages Disadvantages References

Direct wavefront sensing

Deformable mirror,
Shack–Hartmann wavefront
sensor, Liquid crystal-spatial
light modulator

• High optical efficiency
• White light capability
• Can be used with a continuous or

pulsed laser
• Sensitivity and accuracy over a

wide dynamic range of instruments.
• Dual path correction enabled

using a single DM
• Works with low

illumination intensity

• Setting up the system is a
complex process

• DM and LC-SLM are polarization
and wavelength dependent

• SHWS requires a point-like
reference source

• LCSLM is not suited for
unpolarised light such as
fluorescence light

• Detrimental effects of
out-of-focus light

• Operation is limited in speed to a
few kilohertz

• High chance of non-common path
errors in the system

• Dual pass nature is detrimental

[3,12–16]
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Table 1. Cont.

Approaches Advantages Disadvantages References

Indirect wavefront sensing

Zonal approach and
Modal approach

• Model-based algorithms such as
Zernike polynomials significantly
cut down the number
of measurements.

• Speed of operation is excellent
• Minimized the photobleaching

and phototoxicity
• Cost-effective
• Direct image quality-based metric

• Model-free stochastic algorithms
need a large number
of measurements

• Limited to bright
point-like objects

• Optimization algorithms require
multiple iterations

[7,16–19]

2.1. Optical Components Used for Aberration Correction
2.1.1. Deformable Mirror (DM)

Generally, optical systems were primarily built of static elements, with moving or actuated
components used exclusively for necessary functioning (e.g., focusing, scanning, etc.) [20]. As
a result, attaining excellent optical efficiency has required sophisticated and costly optical
designs comprised of a vast number of optical components together with precise fabrication
and alignment. The first DM was constructed using Babcock’s theory and evaluated metal-
coated glass panels attached to an array of piezoelectric actuators. The methods and
components were expensive and challenging to build, however, they are used in astronomy
because they fulfill Babcock’s prediction of greater telescopic resolution [21]. DM is the
simplest yet most effective component to incorporate into any adaptive optical imaging
setup since they are user-friendly and economical. The main advantages of these mirrors
over other sensors are undoubtedly their reflecting property, which alleviates loss of radiant
energy flow [22]. As a result, DM is the preferred correction device in retinal imaging
and other biomedical applications where the light intensity must be kept low to fulfill
safety standards. There are several kinds of DM’s, which are often categorized based on
how well their surfaces deform. Segmented mirrors are made up of many mirrors that
act independently of one another (as shown in Figure 1C). Electrostatic mirrors are the
popular forms within the monolithic class, perhaps because of their affordable price and
good performance. The electrostatic mirrors work by applying various voltages to a group
of electrodes beneath the membrane, which induces the necessary deformation across the
reflected surface, and is typically grounded and maintained at a fixed voltage. The control
process for choosing the range of voltages that guide the mirror to the correct shape is the
key practical issue with DM.

The technology behind manufacturing these DMs are microelectromechanical systems
(MEMS), which are miniature sensors and actuators built from silicon wafers using thin-film
fabrication with pliable or movable elements [23]. MEMS devices are made in three phases:
coating a thin film, patterning the film with a temporary mask, and peeling the film through
the mask. Each procedure is recycled until the multiple-layered structure has been created.
Coated films alternate between structural layers, preferably made using polycrystalline
silicon and sacrificial layers of phosphosilicate glass. In the final manufacturing phase, these
phosphosilicate glass layers are dissolved using a hydrofluoric acid glass etching procedure,
resulting in a fully built, released silicon device [24]. This technology was employed by the
Boston university group to design and develop both continuous and segmented-mirror
configurations (as shown in Figure 1C). The schematic of this DM comprises a metal-coated
thin-film mirror (gold) connected to an array of electrostatic actuator membranes (blue)
via silicon posts (green). Actuator movement is then regulated by providing distinct
voltages to a wafer substrate array (black) of stiff silicon actuator electrodes (red). The
electrostatic pull between the charged actuator electrodes and the electrically grounded
actuator membrane accurately and continuously deflects the actuators, shaping the mirror
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precisely. A real photo of the DM manufactured by Boston Micromachines Corporations is
shown in Figure 1D.
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Figure 1. (A) DM in an AO system operating in an open loop configuration and (B) DM operating
in a closed loop configuration using feedback from a wavefront sensor to control the mirror shape.
(C) Schematic of continuous (top) and segmented (bottom) deformable mirrors. (D) A real photo of a
fabricated deformable mirror with 140 active actuators. (C,D) reproduced from [24] with permission.

2.1.2. Shack–Hartmann Wavefront Sensor (SHWS)

The SHWS is a classical model of a wavefront sensor consisting of a microlens array
stacked adjacent to a detector array. The SHWS is made up of two main components: a
lenslet array and a position-sensing detector. The lenslet array splits the incoming light
into a series of small samples before focusing it on the detector array. As a result, the lenslet
array produces a number of distinct focal spots of light on the detector. The basic principle
is that the position of these focal spots is correlated to the average wavefront slope across
the lenslet. As a result, measuring the focal spot position defines the wavefront slope,
which can then be computed by comparing them to a reference and reconstructing the
wavefront from the array of wavefront slopes [25]. Expressing the wavefront gradients in
terms of finite differences and numerically integrating the data is one way to reconstruct the
wavefront. This is known as the zonal approach since the integration is carried out zone by
zone. In contrast, the wavefront is defined in terms of functions with analytical derivatives
in the modal reconstruction approach [26]. The derivative of these functions is then fitted
to the measured slope data, enabling a straightforward inference of the wavefront from
the fitting coefficients. Each lenslet concentrates light in the middle of a predetermined
group of pixels in the array positioned at the focal spot of the lenslet array when a plane
wavefront impinges on the sensor. The focus spots exist in various places within the pixels
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connected to each lenslet when a distorted wavefront is an incident on the microlens array
(as shown in Figure 2). By evaluating the positions of the individual dots on the array, it
is possible to identify the pattern of the wavefront incidence on the detector array. This
information can then be used to calculate the shape of the DM surface required to correct
the aberration.
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2.1.3. Spatial Light Modulator (SLM)

The SLM is a device that controls light by changing the amplitude, phase, or polariza-
tion of light waves in two dimensions of space and time to produce the desired results [27].
Furthermore, the SLM can be incorporated into the excitation path of the microscope, where
it can affect the image contrast by adjusting the Fourier elements of illumination as it exits
the pupil [28]. The SLM can simulate the Zernike phase contrast, for instance, by applying
a phase shift between the 0th and 1st Fourier orders. Changing the phase mask on the
SLM allows for the development of numerous contrast-enhancing approaches. In addition,
the SLM can be configured to adaptively resolve the distortions induced by the optical
components used in the optical system [29] by combining the SLMs into a single setup,
i.e., one in the illumination path and another in a Fourier plane of the imaging path. This
makes it possible to align the illumination pattern with a certain Fourier filter, which can
lead to the development of completely novel contrast mechanisms. Zernike modes are an
infinite series of polynomials that are used to measure wavefront distortions in optics with
a circular aperture. Zernike polynomials are defined in a polar coordinate system, with
radius ρ and angle θ, and are orthogonal in a continuous fashion over the interior of a unit
circle [30,31]. Radial order ‘n’ and angular order ‘m’ serve as the distinctive characteristics
of each Zernike polynomial.

Zm
n ( ρ, ϕ) = Nm

n . Rm
n (ρ) . Am(ϕ) . zm

n

Nm
n Normalization term

Rm
n (ρ) Radial polynomial

Am(ϕ) Angular term
zm

n Zernike coefficient

The wavefront is frequently represented as a set of Zernike polynomials. Defocus and
astigmatism are indicated by lower polynomials. The higher-order coefficients relate to a
spherical aberration (as shown in Figure 3) which develops from system-induced distor-
tions [32]. The wavefront expansion coefficients in orthogonal Zernike polynomials enable
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the calculation of the mean square error of the wavefront’s departure from the aberration-
free wavefront. The aberrations that lead to the greatest distortion of the wavefront will
naturally be shown by the coefficients with high absolute values.
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Figure 3. Zernike polynomial set through the sixth order in the wavefront expansion. The set includes
Z1 (piston), Z2/3 (tilt), Z4 (defocus), Z5/6 (astigmatism), Z7/8 (coma), Z9 (spherical aberration),
Z10/11 (elliptical coma or trefoil), Z12/13 (oblique spherical aberration or secondary astigmatism),
Z14/15 (fifth order aperture coma or secondary coma), and Z16 (fifth-order spherical aberration or
secondary spherical aberration). The ϕ-polynomials to be explored include Z5/6, Z7/8, Z10/11,
Z12/13, and Z14/15. Figure reproduced from [33] with permission.

2.2. Sensorless Adaptive Optics

The majority of AO implementations in microscopes have used sensorless distortion
correction tools rather than a wavefront sensor [34]. One explanation for this could be that,
in various microscopy applications, the 3D architecture of the specimen makes it difficult to
perform direct wavefront sensing. Light is emitted from a wider 3D region of the specimen
instead of the focal point, which the sensor should ideally be able to detect. The sensor data
can be misleading since most wavefront sensors lack a method for differentiating between
in-focus and out-of-focus light. The distortions are determined indirectly in these systems
by optimizing image intensity. Even though aberrations affect the image resolution, some
details about the basic pattern of the distortions must be encoded in the images [35]. As a
result, some of these details should be expected to be extracted implicitly from distorted
images; this is the underlying principle of sensorless AO. Indirect wavefront sensing is the
direct relationship between the optimized metric and the picture quality since the correction
is derived from the image quality metric. Compared to sensor-based correction, using the
image resolution alone for aberration correction has many benefits, including being less
expensive and not demanding additional hardware for a specialized wavefront sensor. The
type of distortions and the selection of the adaptive components influence the choice of the
appropriate sensorless technique. The necessary correction is performed using the modal
approach by fitting the data from a series of image measurements with applied aberrations.

Sensorless AO refers to two common categories: zonal and modal. Zonal approaches
are often performed with segmented DM or phase-only liquid crystal SLMs. Depending
on the compensator, the tip and tilt can be regulated using either a piston-only or a piston.
The wavefront shape across the entire pupil is then systematically altered in the modal
condition [28]. A continuous surface is thus more suited for this strategy. A Zernike
polynomial, for instance, might represent every mode. In each instance, images are taken
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as the adaptive element is given different parameters for describing hybrid techniques that
apply aberrations to specific zones that go beyond tip, tilt, and piston.

The holographic modal wavefront sensing (HMWFS) method can speed up the dis-
tortion correction procedure by enabling a sensorless AO approach [36]. HMWFS is made
possible by a computer-generated hologram (CGH) that encodes all aberration modes that
need to be detected, allowing for the real-time estimation of several modes with a single-
shot image. The set-up consists of an array of CCD camera detectors for the collection of a
deviated spots array (as shown in Figure 4) [37]. In comparison to the conventional optical
process, digital holography methods offer more chances for assessing the amplitude and
phase of an optical field, and they permit the integration of a holographic wavefront sensor,
which adds to the method’s versatility [38].
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3. Applications
3.1. Two-Photon Fluorescence Microscopy (TPFM)

TPFM is a renowned modality for depth-resolved imaging compared to confocal
microscopy [39]. However, aberrations induced by the imaging system and the specimen
restrict the possible fluorescence signal-to-noise ratio and resolution. In the case of in vivo
imaging, organs such as the brain, made up of a heterogeneous tissue mass, cause light
scattering, which results in strong background noise rather than the signal (fluorescence
or light intensity) from the deeper regions of the brain. Eventually, this brings down the
signal-to-noise ratio. In addition, there is a high possibility of missing vital information
due to light scattering. Further, the refractive index mismatch between the objective
immersion medium and tissue induces spherical aberration. Cumulatively these two effects
are crucial in deciding the resolution and quality of the image; hence, to nullify these effects,
AO has been introduced into two-photon microscopy to facilitate deep tissue imaging.
Different wavefront correction techniques have also been reported and applied to TPFM.
In most cases, the wavefront is optimized and corrected for excitation light rather than the
fluorescence emission signal [40–42]. A sensorless method could overcome the limitations
of sensor-based correction. In such a case, the wavefront of the excitation beam is modulated
and the optimal wavefront is determined by quantifying the properties of the acquired
TPFM image in a feedback loop. However, sensorless corrections have suffered from long
optimization times, the introduction of fluorescent markers, etc.

The experimental arrangement of wavefront sensorless AO-based TPFM is shown
in Figure 4. As shown, an inverted confocal microscope is modified for the AO imaging
setup and a femtosecond laser oscillator is used as the excitation light source. The center
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wavelength is set at 860 nm and has a pulse width of ~100 fs, with an average power
of ~650 mW and a repetition rate of ~80 MHz. The laser beam is then expanded (10×)
to match the input window of LC-SLM. The beam reflected from the LC-SLM is Fourier
transformed by a 300 mm focal length achromatic lens and forms a first image of the target
intensity onto a mirror. A 75 mm focal length achromatic lens completes the optical setup
so that the LCOS SLM plane is conjugated with the back focal plane of the microscope
objective lens. After entering the microscope, the laser beam is reflected by a dichroic mirror
(690 nm filter) before propagating through the objective lens. The fluorescence signal is
collected through the excitation objective, in a 550/50 nm spectral window, by a descanned
photomultiplier tube (PMT).

Understanding the structural architecture and cellular mechanism of the brain during
various physiological and pathological conditions is of greater importance since it offers
knowledge in finding treatment strategies and the pre-diagnosis of neuronal disorders.
However, optical imaging of the brain has some critical drawbacks since the tissue orga-
nization of the brain is heterogeneous and hinders the penetration of light to the deeper
regions of the brain. This inconvenience is holding back the scientific community from
digging deeper into the brain to understand the key sub-cellular mechanisms playing a
crucial role in maintaining the normal physiology of an organism. Even though advanced
techniques such as TPFM have considerable advantages over other traditional imaging
modalities, they still suffer from both system and sample-induced aberrations. To overcome
these major setbacks, the introduction of AO into the TPFM setup (as shown in Figure 5A)
for aberration estimation and correction either through direct sensing or indirect sensing
is a significant step towards achieving aberration-free images from depths beyond 1 mm.
There is some evidence that AO introduced into the TPFM improved the resolution and
enhanced the depth penetration while imaging the brain [43].
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(B) TPFM images of soma layer (top row) and apical dendrite layer (bottom row) of hippocampal
CA1 pyramidal neurons in Thy1-GFP mice with only system correction (left column) and with full
correction plus subsequent deconvolution (right column). Depth range of projection for soma layer:
90 to 120 µm; apical dendrite layer: 160 to 190 µm. The images with system correction were enhanced
for better visualization. Figure reproduced from [44] with permission. (C) AO correction via direct
wavefront sensing improves functional calcium imaging deep inside the cortex of a living mouse.
The scale bar represents 20 µm. Figure reproduced from [45] with permission.

TPFM is renowned for its deep tissue imaging potential since it utilizes near infra-red
illumination which eliminates the light scattering effects and also has inherent optical
sectioning properties. To overcome these pitfalls, AO was introduced into microscopy
settings. DM or an SLM and SHWS are typically used in wavefront correction systems
to detect and rectify wavefront distortions. A study by Matsumoto et al. showed that
the incorporation of SLM into the TPFM setup to resolve the depth-induced spherical
distortions arose due to RI differences between the medium and specimen [46]. In addition,
wavefront aberrations can be resolved by the combination of DM and SHWS. As a result,
the observed fluorescence image has better depth resolution. This combination can also
be utilized to adjust sample-induced distortions and the optical path [47,48]. Wang et al.
studied functional imaging at a depth of 700 µm in a mouse brain by the direct wavefront
sensing method to visualize the calcium response from the primary cortex of the brain (as
shown in Figure 5C) [45]. Additionally, Figure 5C shows the calcium transient signatures
induced due to stimulation from the visual cortex before and after the AO correction.

Recent advances in optical technology have enabled the miniaturization of AO two-
photon endomicroscopy with the aid of special optics such as a gradient refractive index
lens (GRIN) for the in vivo functional imaging of the mouse brain. A study by Qin et al.
employed a direct wavefront sensing method to visualize dendrites and soma layers from
the hippocampus region in elucidating the association between the somatic and dendritic
functions of pyramidal neurons [44]. The microstructures of somata and dendrites are able
to be visualized from the hippocampal CA1 region at synaptic resolution (as shown in
Figure 5B). In Figure 5B, the left panel images show the soma layer (on the left top) and
apical dendrite layer (left bottom) only after resolving the system-induced aberrations. In
contrast, the resolution increased beyond 300µm in full AO correction and deconvolution
mode, showing the fine structures with enhanced resolution (see Figure 5B right panel).

3.2. Coherent Anti-Stokes Raman Scattering (CARS) Microscopy

CARS microscopy is a label-free imaging technique that employs the unique vibra-
tional signatures of molecules for visualization with superior sensitivity and chemical
selectivity [49]. Its success is due to its real-time image acquisition at a video rate. To
achieve maximum imaging depth and reduce photodamage, most CARS imaging systems
operate in near-IR radiation [50]. The experimental setup is depicted in Figure 6A. Pump
and Stokes pulses overlap in space and time to generate a CARS signal at the focal plane.
Then, a half waveplate is added to create p- and s-polarized pulses used for sample and
reference beams, respectively (as shown in Figure 6A). The pump and Stokes pulses both
pass through the SLM and are then transferred to the microscope and guided by galvano
mirrors for 2D scanning. The SLM is first utilized as a plane mirror to quantify aberrations;
then, a distortion correction map is produced for deep-tissue CARS imaging [51]. In another
work, Wright et al. experimentally demonstrated the incorporation of AO into the CARS
imaging system for correcting the system-induced aberrations and enhancing the CARS
signal. The imaging system comprised an optical parametric oscillator (OPO) for splitting
the input beam into two outputs called ‘signal’ and ‘idler’, which are further used as the
pump and Stokes beam for CARS signals generation [52]. Birefringent filters were used
in the optical path to fine-tune the wavelength. A set of lenses (L1 and L2) were used to
expand the incident laser beam, and a half waveplate was placed before the polarizing
beam splitter (PBS) for attaining uniform polarization. Quarter waveplates changed the
polarization by 90◦. The PBS reflected light coming from DM towards the scanning unit and
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the L3 and L4 lenses aided in guiding the beam to the scan mirrors by adjusting the beam
width [53]. A Zygo interferometer was used to measure the deformation, and the random
search optimization algorithm tracked the mirror movement for aberration compensation.

Evans et al. conducted in vivo chemical imaging at a video rate with the aid of a
rotating polygon mirror and a galvano mirror for assessing the lipid composition in dif-
ferent cellular compartments [54]. Further, CARS were also employed in differentiating
between the normal and malignant tumors of brain tissue, and the extent of tumor pro-
gression has been evaluated using the chemically selective contrast of low CARS signals
(as shown in Figure 6B) [55]. However, because of tissue heterogeneity, the penetration
depth was limited to 50 µm [56], which necessitates enhancing the optical penetration
depth beyond 500 µm for effective visualization of sub-cellular neuronal structures. More-
over, image contrast offered by CARS microscopy is slightly lower in comparison with
multiphoton modalities due to background noise [2]. These drawbacks have hindered the
widespread application of CARS in clinical diagnostics. Integrating AO into the imaging
system is a comprehensive solution to overcome these pitfalls. Generally, AO comprises
wavefront sensors, such as SHWS [18], an interferometer [57], and wavefront compensators
such as DM [58] or SLM [20] for measurement and pre-shaping the light for wavefront
compensation, respectively.
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of astrocytoma in a SCID mouse sacrificed 4 weeks after inoculation with tumor cells. The figure
demonstrates the microscopic infiltration at the boundary between the tumor and normal tissue.
Figure reproduced from [55] with permission. (C) CARS and closed-loop accumulation of single
scattering (CLASS) CARS images. The invisible myelin fibrils are made visible (green arrowheads)
and the image contrast is significantly enhanced (white arrowheads). The scale bar represents 10 µm.
Figure reproduced from [51] with permission.

CARS microscopy can also be employed to examine brain anatomy and pathology ex
vivo [55]. This study demonstrated the potential of in vivo CARS vibrational signatures as
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a diagnostic aid for neuropathological diagnosis by distinguishing normal brain structures
and glioma in fresh, unprocessed ex vivo neuronal tissue. It also helped in tracing the
boundary between the normal and cancerous neuronal tissue (as shown in Figure 6B).
Another work shows that vibrational imaging of lipid-rich compounds such as myelin
inside the mouse brain can be performed beyond the thick and transparent cranial bones
(as shown in Figure 6C).

3.3. Ophthalmoscope

The introduction of AO for ophthalmological applications has become a boon for the
field with its impeccable potential to resolve the minute details of retinal architecture and
help in developing advanced clinical treatment strategies for various eye disorders. Rapid
advancements in optical imaging, in the form of aberration correction tools, showed a
way to enhance the resolution of the image significantly. The first-ever experimental use
of AO in retinal imaging by Dreher and his colleagues during the late 1980′s explored
the newer dimension of AO by introducing it into the area of ophthalmic imaging. The
study demonstrated the usage of DM as an effective tool for aberration correction [59].
Almost a decade later, Liang et al. found an efficient way of measuring the distortions
in the wavefront by introducing the SHWS; this study also showcased the use of Zernike
polynomials for wavefront estimation to rebuild the actual wavefront in the human eye [60].
This innovation led to the use of AO in a clinical setting for the first time to diagnose
cone-rod dystrophy (CRD) [61]. Over the years, advancements in AO technology have
contributed significantly to the amalgamation of AO with various other imaging modalities
for developing an improved ophthalmic imaging tool [62]. To better understand retinal
pathology, AO can be used in conjunction with other ophthalmic imaging techniques,
including spectral-domain OCT, fundus autofluorescence (FAF), fundus fluorescein angiog-
raphy (FFA), indocyanine green angiography (ICG), etc. [63]. It is also feasible to upgrade
the existing ophthalmic techniques with AO to enhance the resolution and contrast of
the image.

3.3.1. Adaptive Optics Fundus Camera (AO-FC)

The fundus camera (FC) has a huge demand in the area of ophthalmology since
it is extensively used in clinical settings for diagnosing ophthalmic disorders. It also
contributed significantly to retinal imaging with the aid of flood illumination and high
throughput detectors. However, detectors such as CCDs failed to enhance the contrast of
the retina reasonably because they detect the signals from the background [64]. The major
drawback that hinders the applicability of the FC is the limited lateral resolution, estimated
to be around 10 µm. The integration of AO into the FC optical system can enhance
the working resolution and correct the ocular aberration and was first experimentally
proved by the research group at the University of Rochester in 1997 [63]. Another study,
by Liang et al., used a krypton flash lamp as the flood illumination source, SHWS to
measure the aberration [12], DM for wavefront compensation, and a CCD camera for the
acquisition of retinal images. This system enabled the visualization of minute structures
of the human eye, such as rods and cones, with improved spatial resolution. Further,
Feng et al. proposed a standardized imaging protocol for the quantification of retinal
cone density using a flood illumination AO set-up [65]. The development of a flood-
illumination-based AO-FC imaging system, RTX1, was commercially successful and used
in clinical ophthalmic settings to study the severity of retinopathy in type 2 diabetic
patients [66,67] and to visualize cone photoreceptors during normal as well as various eye
disease conditions [68–70]. Overall, AO-FC has stood out as a reliable ophthalmic imaging
tool since it is advantageous over other existing conventional techniques.

3.3.2. Adaptive Optics Scanning Laser Ophthalmoscope (AO-SLO)

The commercialization of lasers has played a pivotal role in the development of
diagnostic tools and has assisted in advancing treatment strategies in healthcare settings.
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Disadvantages associated with flood illumination-based fundus imaging have paved the
way for developing laser-scanning ophthalmoscopes. Pioneers in the development of SLO
include Webb et al., who used a point-focused laser beam for illumination and obtained
images by raster scanning the backscattered light from the region of interest in the retina [71].
In addition, sensitive detectors such as a PMT and avalanche photodiode were used, unlike
the CCDs used in the fundus camera. Further upgradation of the LSO with a confocal
setting has reasonably enhanced the ability of optical sectioning and the use of a pinhole
significantly reduced the background noise destroying the image quality [72]. However,
the ocular aberrations still degraded the contrast and resolution of the image; hence, to
overcome these flaws, in 1989 Dehler et al. applied AO technology to SLO and built an AO-
SLO system for aberration-free retinal imaging [56]. Upgrading this imaging system to the
more advanced AO-SLO has helped significantly in ophthalmology (as shown in Figure 7A).
Over the years, AO-SLO technology has been extensively used in diverse ophthalmic
applications, such as retinal pigment epithelium (RPE) imaging for tracing the progression
of various eye diseases [73–75], to study the role of age-associated macular deterioration in
disruption of photoreceptors [76], and to quantify the retinal cone photoreceptor density to
study the effect of myopia advancement in infants [77]. For example, a patient with category
III AMD was seen to have substantial photoreceptor damage accompanied by significant
coalescent drusen (as shown in Figure 7B). Additionally, Gray et al. demonstrated that
organelles smaller than the somas of ordinary retinal cells can be accessed in vivo by using
AO-SLO on ganglion cells (as shown in Figure 7C) [78]. Lastly, a study conducted by
Adam et al. showed the qualitative comparison of retinal morphology between clinical and
research retinal imaging systems using composite AO-SLO images [75].
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Figure 7. (A) Schematic of AO scanning laser ophthalmoscopy. Figure reproduced from [79] with
permission. (B) Near-infrared fundus reflectance images with corresponding spectral domain optical
coherence tomography cross-sections (position noted by the horizontal green line). The AO-SLO cone
photoreceptor mosaics shown are represented by the blue rectangles. The small scale of the images
demonstrates the effect of disease progression on cone photoreceptors for a representative patient
from each category. The scale bar represents 200 µm. Figure reproduced from [75] with permission.
(C) Fluorescence AO-SLO images of primate retinal ganglion cells in vivo. The scale bar represents
50 µm. Figure reproduced from [78] with permission.

3.4. Optical Coherence Tomography (OCT)

OCT is regarded as a promising potential imaging tool for high-resolution, 3D, cross-
sectional image acquisition from the subsurface microstructures of biological specimens [80].
Ever since its first medical application was witnessed way back in 1995 [81–83], it has gained
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significant popularity as a reliable medical imaging technique as the technique achieved
more depth resolution [84], speed [85,86], and sensitivity [87,88] in comparison with its
peers. The enhanced optical sectioning capabilities of OCT, achieved by leveraging the short
temporal coherence of a polychromatic illumination, allow scanners to observe sub-cellular
features in tissue at depths beyond the reach of conventional optical microscopes. The
quantification and correction of retinal monochromatic distortions over a dilated pupil were
used to achieve diffraction-limited imaging. These are most typically implemented using
SHWS and DM (see Figure 8A), producing an extraordinary transverse resolution of up to
2–3 µm, adequate for discerning single cells in the living human retina. It is quite evident
that OCT provides probing depths up to 1 cm in the case of retinal imaging [89]. However,
while dealing with highly scattering tissues, such as the brain and skin, depth resolution is
restricted to millimeters, which facilitates the visualization of the sub-surface microstructure
and tissue vasculature [90]. Further, OCT has a benefit over high-frequency ultrasonic
imaging, a rival technology that achieves deeper probing depths but with a poor resolution,
in that it is easier to use, cost-effective, and has simpler hardware requirements [91].
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coherence tomography angiography color overlay with superficial vessels in red and deeper vessels
in cyan. Figure reproduced from [93] with permission.
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The 3D microscopic anatomy of the living human retina has been studied using AO-
OCT (see Figure 8B). This work has already aided in the analysis of clinical OCT images. The
clinical development of OCT devices has altered our knowledge of many retinal illnesses,
but their poor transverse resolution makes interpreting the cellular alterations detected
in disease difficult. Although AO-based OCT has yet to have a significant impact in the
clinical setting, it has demonstrated the ability to improve clinical image interpretation by
scanning the same tissues with microscopic resolution [92]. For example, Mo et al. imaged
dilated arteries in patients with a two-branch retinal vein blockage, which is mostly found
in the deep plexus (as shown in Figure 8C). This capacity to pinpoint pathologic vascular
alterations axially may help researchers to better understand the natural history of retinal
disorders [93].

3.5. Super-Resolution Microscope (SIM)

Super-resolution microscopy in 3D visualization has proved crucial for studying
subcellular structures and tissue organization. At spatial scales encompassing the complex
molecular, cellular, and tissue levels, it enables the investigation of structure and function.
Thick or densely labeled samples and depths where optical aberrations are brought on
by sample heterogeneities in the RI index reduce the resolution and signal-to-noise ratio.
Maintaining high-quality imaging becomes increasingly challenging when background
noise can wreck the valid, in-focus signal from the region of interest. Super-resolution
microscopes are susceptible to the effects of aberrations, especially during deep tissue
focusing imaging. However, in super-resolution microscopes, aberrations are inevitable.

Using an image-based aberration correction strategy, Burke et al. imaged microtubules
at the depth of 6µm in an oxygen scavenging buffer to show the efficacy of the aberration
correction method by applying it to 3D localization microscopy (as shown in Figure 9C) [94].
Here, the image-oriented metric is created in Fourier space, the distortions are calculated
using the first hundred flickering images, and thereafter, the model-based adjustment for the
remainder of the data gathering is carried out. In another study, SIM used an AO technique
based on a deep neural network to repair the deformed structured illumination boundary
patterns. The Zernike polynomials can then be used to deconstruct optical distortions using the
modal approach (see Figure 9D), and the distortion can be modulated by varying the Zernike
modes’ coefficient phase. A study by Zheng et al. provided a condensed AO correction
method based on the CNN model for the distorted structured illumination patterns in the
SIM system which significantly improves the imaging quality. Due to its excellent sensitivity,
rapid compensation rate, and outstanding interoperability [95], SIM may be able to broaden
the scope of its deep tissue imaging applications in biological research [96].
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mirror; GM—pair of galvanometric mirrors; PMF—polarization maintaining single mode fiber;
PH—pinhole; DM1-DM2—dichroic mirrors as indicated in the text; GLP—glan laser polarizer; λ/2—
half-wave plate; λ/4—quarter-wave plate; EF—emission filter; SPAD—single-photon avalanche
diode; and SLM—spatial light modulator. Figure reproduced from [97] with permission. (B) Images
of dendritic segments of YFP-labelled pyramidal neurons in hippocampal acute slices at various
depths. Figure reproduced from [98] with permission. (C) The 3D image reconstructed with the
AO set to correct for instrumental aberrations only (left panel) and with the AO set to correct for
instrumental and specimen-induced aberrations (right panel). The inset shows the specimen-only
component of the applied correction. The scale bar represents 1 µm. Figure reproduced from [94]
with permission. (D) Reconstructed SIM images of phalloidin-labeled actin in cultured BHK cells
(left panel), before AO correction (middle panel), and after AO correction (right panel). Intensity
profiles of the yellow dotted lines in (left panel) and green dotted lines in (middle panel), respectively.
The scale bar represents 20 µm. Figure reproduced from [95] with permission.

STED microscopy is a point-scanning technique that induces swings between the
on and off states via a nonlinear saturation mechanism [96]. A STED microscope is an
advanced version of a confocal microscope with a depletion laser added. The deple-
tion laser, which has zero intensity at the focus, performs the off-switching. Figure 9A
gives a schematic of an AO-STED 3D microscope, where an ultrafast picosecond laser
diode is used for both STED and excitation beams. The STED beam is widened to
illuminate a spatial light modulator SLM, which imprints the necessary phase modula-
tion. Bancelin et al. demonstrated the improvement in clarity and signal intensity that
may be gained with the correction by displaying images of dendritic spines at various
depths that were collected in the two-photon, aberration, and corrected STED modes
(see Figure 9B) [98]. It is nearly impossible to locate healthy dendrites inside the first
20 m of acute slices because all structures on their surface are inevitably removed during
the slicing process [99].

3.6. Light-Sheet Fluorescence Microscope (LSFM)

The LSFM is a microscopy method that divides the excitation and sensing of the fluo-
rescence light into two perpendicular wings and produces wide-field optically sectioned
views at high acquisition times [100,101]. Imaging thick, optically heterogeneous, and
scattered tissues on a microscopic scale is one of the LSFM’s most popular applications.
The LSFM experiences severe phase distortions across its two optical arms, lowering
the quality of its image. The resolution of the generated image is deteriorated due to
distortions in the imaging path. In addition, the illumination arm’s aberrations have
a more intricate effect. Such aberrations’ effects vary across the field and can strongly
deviate from uniformity in light source and image intensity. Lui et al. scanned brain
progenitor cells using markers for the trans-Golgi, endoplasmic reticulum, mitochondria,
and plasma membrane at 44-s intervals to analyze the dynamics of numerous organelles
simultaneously during the cell cycle across a mass of cells in vivo (see Figure 10A) and
found numerous trans-Golgi sections in most cells during interphase, which often ap-
peared as long filaments selectively oriented along the plane of cell polarization and
fractured following mitosis [102]. Single plane illumination microscopy (SPIM) with
adaptive optics (as shown in Figure 10B) has been used in the 3D visualization of green
fluorescent protein (GFP) labeled transgenic zebrafish. Fluorescence images of the spine
from developing zebrafish embryo was taken at three different depths with and without
AO (as shown in Figure 10C).
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Figure 10. (A) Computationally separated neural progenitor cells from a 70‐μm by 35‐μm by 35‐μm 

region (inset) in the brain of a developing zebrafish embryo expressing GalT‐mNeonGreen, tagRFP‐
Figure 10. (A) Computationally separated neural progenitor cells from a 70-µm by 35-µm by 35-µm
region (inset) in the brain of a developing zebrafish embryo expressing GalT-mNeonGreen, tagRFP-
Sec61β, and citrine as markers of the trans-Golgi, ER, and PM, respectively (left panel image). The
right panel image shows the changing morphologies of the organelles in the specific cell outlined
in (A) at three-time points through mitosis. Arrowheads indicate mitotic blebs; RFP, red fluorescent
protein; ER, endoplasmic reticulum; and PM, plasma membrane. Scale bar, 10 µm. Figures are
reproduced from [97] with permission. (B) Optical configuration showing the SPIM and the AO.
L1, cylindrical lens; m1 and m2, objective lenses; S1, beamsplitter; L2 and L3, achromatic doublets;
DM, deformable mirror; F1, filters; F2, interference filter; D1, dichroic mirror; WFS, Shack–Hartmann
wavefront sensor; and L5 and L6, achromatic lenses. Figures are reproduced from [102] with per-
mission. (C) Images of the spine in the zebrafish embryo. Red and green arrowheads indicate
excitation aberrations in specific tiles before and after passage through the notochord, respectively.
The yellow arrowhead indicates a tile with a large detection aberration deep within the specimen.
Orthoslices before (middle column) and after (right column) AO correction show increased aberration
but continued recovery of high resolution at progressively greater depth. Figures are reproduced
from [103] with permission.

4. Conclusions

Deep-tissue imaging, seemingly unimaginable with traditional optical imaging micro-
scopes, has significantly improved with the advent of AO-based optical imaging. This strat-
egy was first used to correct atmospheric distortions in telescopes and has now branched
into cellular imaging. Correcting specimen-induced aberrations with AO has made it sim-
ple to reach the diffraction-limited resolution. More crucially, the innovation has enhanced
the speed and imaging resolution with which it is now possible to examine the intricate
structural and functional details of living biological samples. In contrast to indirect wave-
front sensing techniques, direct wavefront corrections offer a quick and efficient imaging
modality. Even though the former is suited for opaque and scattering specimens, it can
be equally adapted to any conventional microscope. The use of AO-based corrections
has largely eliminated the difficulty of imaging thicker tissue samples and visualizing the
sub-cellular structures inside deeper biological tissue. Although there is still room for
development in imaging complex neuronal populations using the AO-based optical system,
retinal imaging has advanced significantly, regardless of RI-related changes. However,
it is still challenging to image deeper neuronal structures and their interactions with im-
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proved spatiotemporal resolution in a freely moving animal. Brain mobility is a critical
challenge when recording neural activity in living animals since it takes significant time
post-processing the 2D images and it is incapable of fixing axial movements in a tiny region
of interest. Living tissues can only be imaged optically to depths up to 1 mm using existing
AO techniques. Therefore, enhancing the efficiency of wavefront correction by an order of
magnitude or more would be necessary to increase the penetration depth by one scattering
mean-free path of a specimen. On that note, more spatial modes must be developed for
wavefront correction to reach deeper imaging depths than are now possible with province
AO techniques.

Traditional wavefront sensing techniques are not up to mark for use in microscopes,
and the existing capabilities of adaptive elements limit the ability to compensate for aber-
rations. Nevertheless, the adaptive correction has been successfully included in several
microscope layouts and has been shown to increase imaging quality significantly. AO
have a wide range of potential applications, and there is plenty of room for additional
improvement. The development of adaptive microscopes will make it possible to use high-
resolution optical imaging in more complex circumstances, such as looking deeper inside
live specimens. In addition, new-age technical advancements in the imaging arena, such
as quantitative phase imaging (QPI) [104,105], transport of intensity (TIE) [106,107], holo-
graphic microscopy [108,109], and gradient light interference microscopy [110], concern
the incorporation of adaptive optics in the pursuit of finding a potential in-depth-resolved
tissue imaging method and the translation of AO-based optical microscopic modalities as a
key research tool.
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