
Optical microscopy is widely used to investigate the 
mechanisms underlying various physical and biological 
phenomena and to enable minimally invasive disease 
diagnosis and treatment. Unlike other imaging modal-
ities that rely on high- energy sources, such as X- rays 
and electron beams, this approach does little harm to 
samples of interest, while producing valuable molecular 
information at a subcellular spatial resolution. Optical 
microscopy is thus used in various biological and medi-
cal applications, including the investigation of protein 
interactions and signalling pathways1, monitoring of the 
dynamics of neural circuits at the cellular level and at 
timescales ranging from milliseconds to months2, and the 
non-invasive imaging of cancer for intraoperative surgi-
cal guidance and screening3. However, a dis advantage 
of optical imaging is that it is extremely near-sighted 
because the light waves are deflected multi ple times 
when propagating through complex scattering media.  
Owing to this multiple light scattering, the spatial resolv-
ing power of optical imaging degrades significantly 
even at depths of just a few hundred micrometres when  
used in bioimaging (Fig. 1a). Although there have been 
advances in the past two decades in improving the 
resolving power beyond the diffraction limit, the dif-
ficulties associated with overcoming the higher- order 
perturbations caused by multiple light scattering have 

slowed progress in increasing imaging depth4–7. Thus, 
advanced applications of optical imaging in the fields of 
life science and medicine have yet to be realized.

To understand the challenges associated with micro-
scopic imaging within complex scattering media, it is 
important to understand the way that light waves pro-
pagate in reflection- mode imaging, which is the relevant 
modality for in vivo imaging. Consider a target object 
located at a depth z0 with a plane wave with transverse 
wave vector ki incident on the medium (Fig. 1b). The 
propagation direction of the internal wave changes 
owing to the inhomogeneity of the medium, leading to 
the wave being scattered through various pathways. The 
signal of most interest is the single- scattered (SS) wave, 
often called ballistic light, denoted as E τk( ; )SS o 0  with 
the output transverse wave vector ko and the f light time 
τ0 = 2z0/c′, where c′ is the average speed of light in the 
medium. The SS wave experiences a single scattering 
event by the target object but no scattering events in 
the intervening medium. An ideal diffraction- limited 
object image can be reconstructed with the SS wave 
because its momentum change, ko − ki, is directly related 
to the structure of the object. Notably, the intensity of 
the SS wave is attenuated by a factor of exp(−2z/ls), 
where ls is the scattering mean free path of the medium  
(see section I in the Supplementary Information). 
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Owing to this exponential attenuation, the SS wave is 
obscured by multiple- scattered (MS) waves even at a 
depth of just a few ls.

Except for the SS wave, the incident wave is fully 
converted into MS waves. There are several types of 
MS wave that return from the scattering medium 
with the same ko as that of the SS wave and are there-
fore indistinguishable from the SS wave based on their 
output propagation direction. Of these, two MS waves 
E τk( ; )TM o 0  and E τk( ; )BM o 0  have the same flight time 
as the SS wave. Here, E τk( ; )TM o 0  describes an MS wave 
that interacts with the target object at least once. Its 
momentum change is not identical to the object’s spa-
tial frequency spectrum owing to scattering events in 
the complex media but is loosely related to the object’s 
structure because the deflection angles are ≪1 rad. This 
MS wave consists of ‘snake photons’ and is responsi-
ble for the finite size of the isoplanatic patch in adaptive 
optics (AO)8. E τk( ; )BM o 0  indicates an MS wave that 
travels at depths shallower than that of the target object 
and thus has no interaction with the object. ETM and 
EBM are stronger than SS waves because their intensity is 
attenuated exponentially as exp(−2z/l′), where the decay 
length l′ is longer than ls (reFs9,10). It is difficult to esti-
mate l′ because it depends on various factors, such as the 
specifications of the imaging optics and the properties  
of the scattering medium. Nevertheless, measurements of  
l′ (reF.10) and the analytical estimation of the ratio between  
the SS wave and MS waves11 have provided insight into 
the interaction between these factors. The remaining 
MS waves are described by E τ τk( ; ≠ )DC o 0  and travel 
along longer or shorter path lengths than that of the SS 
wave and thus have different flight times. The relative 
intensities of the SS wave and various MS waves (Fig. 1c) 
demonstrate the difficulty in achieving high- resolution 
deep optical imaging. For example, at a target depth of 
z0 = 10ls, which corresponds to ~1 mm in biological tis-
sue, the intensity of the SS wave is attenuated by a factor 
of e–20 with respect to EDC.

In the past two decades, various deep optical imaging 
approaches have been developed to overcome the det-
rimental effects of complex media on optical imaging. 
Early attempts at deep optical imaging have been previ-
ously reviewed12. The most straightforward approach has 
been to filter out the MS waves using gating operations. 
For example, in confocal detection13, the SS waves are 
selectively collected along the propagation direction, 
although a considerable portion of the MS waves (ETM, 
EBM and EDC) bypass confocal gating. Temporal gating 
based on low- coherence interferometry removes EDC, 
but ETM and EBM still contribute to the noise14,15. In fluo-
rescence imaging, EBM and EDC can be removed using 
spectral filters because their wavelengths differ from 
those of the fluorescence emissions16. Alternatively, ultra-
sound waves are focused on the target object to modulate 
the light waves that interact with it17,18. Selective detec-
tion of the modulated wave can eliminate a large fraction 
of EDC. In many cases, multiple gating operations are 
combined to maximally reject unwanted multiple scat-
tering noise19–21. In addition to gating approaches, multi-
photon imaging based on nonlinear excitation22–28 has 
proved to be effective in increasing the imaging depth 
(Fig. 1a). Longer- wavelength excitations reduce multiple 
light scattering, and the nonlinear response of the emis-
sion is favourable for excitation localization. However, 
multiphoton excitation is hampered by the attenuation 
of the excitation-beam intensity by scattering and aber-
rations, which is currently the main reason for imaging 
depth limitations.

Despite these previous efforts, the imaging depth of 
high-resolution optical microscopy, which has a spa-
tial resolving power close to the ideal diffraction limit, 
has largely been limited to the superficial layer of bio-
logical tissue (<1 mm). This limitation is primarily due 
to the reliance on the readily obscured SS waves. The 
detector dynamic range and SS gating efficiency are two 
major factors in determining the achievable imaging 
depth in the case of optical coherence imaging10, and 
the sample-induced aberrations pose an additional 
limit (Box 1).

In addition to the noise created by the MS waves, 
the SS wave is prone to perturbation by the scattering 
medium. The SS wave experiences angle- dependent 
phase retardations, referred to as sample- induced aber-
rations, due to the inhomogeneity of the medium. The 
aberrations cause the focal spot to blur and degrade  
the peak intensity of the point spread function (PSF; see 
section II of the Supplementary Information). Sample- 
induced aberrations are unavoidable in deep optical 
imaging, and it is difficult to reach the gating limit 
because these aberrations attenuate the intensity of the 
SS wave, ESS

2, in the image-formation step. Their effect 
is characterized by the Strehl ratio, which is defined as 
the ratio of the peak intensity of the PSF in an aberrated 
system to that of the ideal diffraction limit (the dashed 
blue line in the figure in Box 1 indicates the depth limit 
with sample- induced aberrations). AO has been adopted 
to remove sample- induced aberrations (see section II  
of the Supplementary Information)8,29 and raise the 
effective imaging depth limit (Box 1 figure). However, 
most AO microscopy methods are either prone to 

Key points

•	Optical	microscopy	is	an	indispensable	tool	in	biology	and	medicine	owing	to	its	high	
spatial	resolution,	molecular	specificity	and	minimal	invasiveness,	but	it	is	limited	to	
the	interrogation	of	superficial	layers	for	in vivo	imaging.

•	The	intensity	of	single-	scattered	waves	used	in	conventional	imaging	decreases	
exponentially	with	depth;	thus,	the	imaging	depth	limits	are	set	by	the	detector	
dynamic	range	and	the	efficiency	of	the	gating	operations.

•	Approaches	that	make	deterministic	use	of	the	abundant	multiple-	scattered	(MS)	
waves	have	been	proposed	to	enable	deep	optical	imaging	while	maintaining	the	
microscopic	spatial	resolving	power.

•	Recording	and	controlling	the	wavefront	of	MS	waves	enables	a	complex	scattering	
layer	to	be	converted	into	a	focusing	lens,	leading	to	the	development	of	an	ultrathin	
endoscope.

•	Acousto-	optic	interactions	and	wavefront	sensing	and/or	control	are	integrated		
to	exploit	the	large	penetration	depth	of	ultrasound	and	high	spatial	resolution	of	
optical	imaging.

•	Reflection-	matrix	approaches	that	record	and	process	all	MS	waves	enable	the	
correction	of	sample-	induced	aberrations,	exploitation	of	multiple	scattering		
signals	and	suppression	of	multiple	scattering	noise,	allowing	for	imaging	at	depths	
greater	than	those	accessible	with	conventional	confocal	and	adaptive	optics	
microscopy.

Isoplanatic patch
The area over which the 
wavefront error remains almost 
the same.
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strong multiple scattering noise or are unable to correct  
high- order aberrations.

A direct approach to increasing imaging depth is to 
devise new types of gating mechanism, such as acoustic 
gate spacing30, that more effectively filter out MS waves. 
Another approach is to exploit the ETM waves to form 
an image, which raises the signal-to-noise ratio of the 
image, suggesting that the maximum achievable imaging 
depth for a given dynamic range of a detector can be 
improved (Box 1). Diffuse optical tomography and photo-
acoustic imaging are good examples of this approach, 
because their imaging depth is much greater than that 
of high- resolution optical microscopy owing to the use  
of MS waves31–33. However, their spatial resolution is worse  
than the diffraction limit because the stochastic treat-
ment of MS signals results in the loss of spatial resolu-
tion. In overcoming these limitations, the main question 

is whether ETM waves that interact with the target object 
can be deterministically used to increase the imaging 
depth while maintaining the ideal diffraction-limited 
spatial resolution.

About a decade ago, it was experimentally demon-
strated that MS waves can be controlled determinis-
tically using wavefront shaping to form a sharp focus 
and to construct an object image even through a highly 
scattering medium34,35. Although this approach is not 
yet directly applicable to the optical imaging of tar-
gets embedded within a scattering medium, it has led 
to the development of various deep-optical-imaging 
approaches that perhaps would not otherwise have been 
conceivable. For example, concepts related to meso scopic 
scattering theory36–39, such as short- and long- range 
correlations and open eigenchannels, have been devel-
oped for optical focusing and imaging40. The scattering  
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Fig. 1 | Effects of multiple light scattering on imaging depth. a | Imaging depth of various imaging modalities: stimulated 
emission depletion (STED), photoactivated localization microscopy (PALM), super- resolution optical fluctuation imaging 
(SOFI), optical coherence tomography (OCT), optical coherence microscopy (OCM), multiphoton microscopy (MPM), 
ultrasound- modulated optical tomography (UOT) and photoacoustic tomography (PAT). b | An input wave (with a signal Ei 
and a wave vector ki) incident on a scattering medium with a target object at depth z0 undergoes scattering events, 
producing various types of scattered wave with the same output wave vector ko for the given ki. τE k( ; )SS o 0  denotes the 
signal of a single- scattered (SS) wave (where τ0 is the flight time). τE k( ; )TM o 0  and τE k( ; )BM o 0  are multiple- scattered (MS) 
waves that do and do not interact with the target object, respectively , while having the same flight time as the SS wave.  
By contrast, τ τ≠E k( ; )DC o 0  are MS waves that have different flight times to that of the SS wave. c | The relative intensities  
as a function of z0 for an SS wave (ESS), time- gated MS waves (ETM and EBM) and other MS waves in typical cases in which 
the transport mean free path, lt, is ~10 times larger than the scattering mean free path of the medium, ls. The decay lengths 
for the curves were derived from reF.10. Panel a adapted from reF.149, Springer Nature Limited. Panel b adapted from reF.10, 
Springer Nature Limited.
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matrix formalism (see section III of the Supplementary 
Information) has also been revisited as a more complete 
description of the light–medium interaction, opening 
new avenues for the manipulation of MS waves for 
optical focusing and imaging in scattering media41. 
Although these developments have not yet enabled 
the ultimate goal of the full deterministic use of MS 
waves for in vivo deep microscopic optical imaging, 
advances are being made towards the better use of MS 
waves and increasing the practicality of the proposed 
approaches. In this Review, we describe the principles 
of several key experimental methodologies that both 
attain microscopic spatial resolution and can poten-
tially be applied to in vivo imaging. Because this research 
area is still in its developmental stage, we conclude by  
discussing present challenges and future prospects.

Imaging through a scattering medium
In this section, we discuss experimental approaches 
that make deterministic use of MS waves transmitted 
through a scattering layer with finite thickness. In these 
approaches, it is assumed that a detector can be placed 
on the plane behind the scattering layer for measuring 

the transmitted MS waves. We first discuss optical wave-
front shaping techniques for focusing transmitted MS 
waves, along with their applications for imaging through 
scattering media. Subsequently, we discuss generalized 
approaches based on the measurement of the transmis-
sion matrix (TM) of a scattering layer and their use for 
endoscopic reflectance and fluorescence imaging.

Focusing multiple- scattered waves. In AO microscopy, 
wavefront-shaping has been used to control weakly scat-
tered waves only, owing to the practical constraints in 
bioimaging, such as the deficiency of ideal guide stars 
and the requirement for a short image acquisition 
time. Control of MS waves induced by a large number 
of scattering events has been considered possible in 
principle and previously studied in acoustics42–44 and 
microwaves45,46. However, this control was realized only 
comparatively recently in optics. Two noteworthy exam-
ples are the demonstration of optical focusing behind 
a highly scattering layer34 by iterative feedback control 
of the incident wavefront, a process often referred to  
as point optimization, and the demonstration of phase 
conjugation through thick biological tissues35.

In the input–output relationship of a linear system, 
vt = Tuin (where T is the transmission matrix of the sys-
tem; see section III of the Supplementary Information), 
the output wave vt can be controlled by adjusting the 
incident wave uin in the point- optimization method.  
A random speckle pattern is generated when a strongly 
scattering medium is illuminated with a plane wave 
(Fig. 2a). The point- optimization method adjusts the 
phases of the incident wavefront by using a wavefront- 
shaping device such that the light waves arriving at a 
predefined point on the opposite side of the medium 
constructively interfere (Fig. 2b). Consequently, the inten-
sity at the target point can be substantially increased rela-
tive to the surrounding region. Although optimization is 
conducted for a single point, the overall transmission can 
be increased47 (Fig. 2c–e), because the point- optimization 
process increases the contribution of eigenchannels with 
high transmittance48.

One application based on point optimization is 
instantaneous image delivery though a scattering layer49. 
Point optimization through a spatial light modulator 
(SLM; Fig. 2f) enables the recovery of the image not only 
at the optimized point but also at adjacent points owing 
to the optical memory effect37,38,50. In one example, point 
optimization was used to refocus scattered light from a 
point source49 (Fig. 2g,h). With the optimized SLM correc-
tion, an object image that was invisible before the point 
optimization (Fig. 2i) could be clearly resolved (Fig. 2j). 
The point- optimization method has also been used to 
generate a focal spot sharper than the diffraction- limited 
size determined by the numerical aperture of a focus ing 
lens51. Placing a scattering layer between the focusing 
lens and a detector increases the deflection angles, which 
enables the generation of a focal spot that is smaller than 
the diffraction limit set by a conventional lens. Indeed, 
using a scattering layer with a high refractive index, a 
sub-100-nm focal spot was generated52. Light has also 
been focused at a subwavelength scale by controlling the 
near field generated in a metamaterial53, and the control 

Box 1 | Depth limit of optical coherence imaging

The	principal	factors	that	
determine	the	imaging	
depth	of	optical	coherence	
imaging10	are	discussed	
here;	however,	note	that	
the	depth	limit	depends		
on	the	imaging	modality	
and	the	specifications	of	
the	system.	There	are	two	
imaging	depth	limits:	the	
detector	dynamic	range	
limit	and	the	single-	
scattered	(SS)	gating	limit.	
The	detector	sensor	should	
resolve	the	SS	wave	in		
the	presence	of	strong	
multiple-	scattered	(MS)	waves,	requiring	the	detector	dynamic	range	to	exceed	the	
intensity	ratio	of	the	SS	wave	to	all	MS	waves,	 = ∕ + +E E E E∣ ∣ ∣ ∣ ∣ ∣ ∣ ∣( )SMR SS

2
TM

2
BM

2
DC

2 		
(where	 E∣ ∣TM

2,	E∣ ∣BM
2	and	 E∣ ∣DC

2	are	the	intensities	of	the	different	MS	waves).	
In inter	ferometric	detection,	the	dynamic	range	should	be	larger	than	the	square	root		
of	the	SMR,	which	sets	the	dynamic	range	limit	(solid	red	line	in	the	figure).	For	the	
typical	sensor	dynamic	range	of	~104,	the	imaging	depth	can	reach	~18ls	(where	ls	is	the	
scattering	mean	free	path	of	the	medium).	Even	if	the	SS	wave	is	detected	by	the	sensor,	
diffraction-	limited	imaging	is	not	possible	unless	the	SS	wave	can	be	distinguished	from	
the	MS	waves.	Therefore,	the	intensity	ratio	of	the	SS	wave	to	the	gated	MS	waves,	

= ∕ +E E E∣ ∣ ∣ ∣ ∣ ∣( )SMR ,G SS
2

TM
2

BM
2 	should	be	>1,	which	sets	the	gating	limit	(solid	blue	line		

in	the	figure)	for	typical	aberration-	free	optical	coherence	microscopy	equipped	with	
temporal,	confocal	and	polarization	gating10,11.	Both	the	dynamic	range	and	gating	limits	
are	affected	by	factors	such	as	the	spatial	resolving	power,	temporal	gating	width	and		
the	scattering	parameters	of	the	scattering	medium.	For	a	spatial	resolution	of	~1	μm,	the	
gating	limit	is	set	at	~12ls,	which	is	much	lower	than	the	dynamic	range	limit	for	the	typical	
dynamic	range	of	~104	(black	dashed	line	in	the	figure).	Therefore,	in	state-of-the-art	
imaging,	the	maximum	imaging	depth	is	mainly	set	by	the	gating	limit.	In	practice,		
the	imaging	depth	is	often	shallower	than	the	gating	limit	owing	to	sample-induced	
aberrations,	which	decrease	the	peak	intensity	of	the	point	spread	function,	resulting	in	
the	attenuation	of	the	SMRG.	The	dashed	blue	line	in	the	figure	indicates	the	depth	limit	
when	the	Strehl	ratio	is	0.01,	and	the	black	arrows	indicate	the	potential	gain	in	imaging	
depth	through	adaptive	optics	(AO),	the	new	single-scattering	gating	method	(new	
gating)	or	the	deterministic	use	of	multiple-	scattered	waves	(exploit	MS).

Guide stars
Bright, point- like light sources 
or scatterers that provide a 
wavefront reference for 
measuring and correcting 
wavefront distortions in 
adaptive optics systems.

Point optimization
A method or algorithm that 
optimizes the point spread 
function by minimizing 
wavefront errors in adaptive 
optics systems.

Spatial light modulator
A device that modulates the 
amplitude, phase or polarization 
of light waves in space.

Optical memory effect
The phenomenon that speckle 
patterns of scattered light 
through thin and diffusive 
media are invariant to small 
tilts or shifts in an incident 
wavefront of light.
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of surface plasmon polaritons has been demonstrated 
for a disordered array of nanoholes in a metallic film54–56.

In addition to iterative feedback optimization, 
other point- optimization algorithms have been pro-
posed based on TM recording and optical phase con-
jugation57. Although liquid- crystal SLMs have been 
widely used (Fig. 2f), they are not fast enough to focus 
light in dynamic scattering media. Over the past  
decade, notable progress has been made in increasing 
the speed of focus generation and image acquisition 
using digital micromirror devices (DMDs)58,59, high- speed 
micro- electro-mechanical systems60 and ferroelectric 
SLMs61, with the operating time reduced to 10 μs using 
an acousto- optic modulator62.

Point optimization demonstrates the full control of 
MS waves in the sense that a diffraction- limited spot 
is formed, but it cannot be directly applied to deep- 
tissue imaging because the detector needs to be placed 
in the object plane. To find a wavefront that forms a 
focus within the scattering medium, the detector has 
to be embedded within the subject of interest, which is 

not compatible with most in vivo optical bioimaging. 
However, the concepts underlying point optimization 
have been adopted to increase the imaging depth in  
two- photon microscopy. In general AO microscopy, sev-
eral low- order Zernike modes are controlled to increase 
image sharpness. In a different approach, the segments of 
the incident wavefront can be controlled to optimize the 
two-photon fluorescence from a target beacon63, similar 
to the point-optimization method. Conjugate AO fluo-
rescence microscopy was also demonstrated in the in vivo 
imaging of neurons through an intact mouse skull over 
an extended corrected field of view, achieved by placing 
a wavefront- shaping device in the plane conjugate to the 
dominant aberration- inducing layer (skull), rather than 
in the pupil plane of the microscope64. However, these 
approaches work only for relatively weak scattering or 
a thin aberrating layer because the target beacon has to 
be visible to initiate the optimization process. Various 
approaches have been explored to overcome this limit-
ation and increase the viability of point optimization for 
use in imaging within more strongly scattering media65–68.
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Fig. 2 | Point optimization by wavefront shaping and its imaging applications. a,b | Speckled transmission of a plane  
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(panel b). c,d | Speckled transmission image of a plane wave through a scattering medium (panel c) and the corresponding 
transmission image through a scattering medium after point optimization (panel d). e | Intensity-summed profiles in the 
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medium. R is the distance between the object and the scattering medium, and f is the focal length of the lens. The thin 
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camera. The band- pass (BP) filter rejects uncorrected wavelengths. g,h | Images of a point produced with a flat SLM (panel g) 
and after optimization of the SLM pattern (panel h). The inset shows the phase pattern written on the SLM for optimization. 
i,j | Transmitted images of an object (the letter A , shown in the inset) before (panel i) and after (panel j) point optimization. 
Panels a and b adapted with permission from reF.34, OSA Publishing. Panels c–e adapted with permission from reF.47,  
APS. Panels f–j adapted from reF.49, Springer Nature Limited.

Digital micromirror devices
Micromirrors used for high- 
speed, efficient and reliable 
spatial- light modulation; 
originally invented to create 
video displays in digital 
projectors.
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Transmission- matrix approach to image delivery 
through scattering media. The TM approach is a general-
ization of point optimization because point optimiza-
tion is equivalent to recording one column of a TM (see 
section III of the Supplementary Information). In the 
relationship vt = Tuin, the operator T is measured by 
sending an incident wave to each basis vector in uin. With 
knowledge of T, the initial object field uin at the input 
plane can be recovered from the distorted field vt at the 
output plane using the relationship uin = T–1vt. In 2010, 
wide- field image transfer through a scattering medium 
using TM measurements was first demonstrated69,70. 
Subsequently, the integration of a fast steering mirror 
into digital holographic microscopy greatly improved 
the resolution and sensitivity of image transfer though 
a scattering medium with unprecedented TM informa-
tion71,72. In addition, the counterintuitive use of multi-
ple scattering to enhance the resolution and extend the 
view field has been demonstrated in wide- field imag-
ing71. These studies confirmed that the TM approach 
can transform the scattering medium into a high- quality 
optical element that can surpass conventional optics in 
terms of its functionality73.

For the same reason as point optimization, the TM 
approach cannot be directly applied to deep optical 
imaging. However, it is used in ultrathin endoscopes 
in combination with multimode optical fibres. A sin-
gle multimode optical fibre can, in principle, transmit 
images through numerous propagating modes but 
scrambles the original image information owing to the 
dispersion and mixing of modes. Recording the TM of 
the fibre resolves this problem because it converts the 
fibre into imaging optics. Because the mode density of a 
multimode fibre is 1–2 orders of magnitude greater than 
that of the core density of bundled fibres, the diameter 
of an endoscope can be greatly reduced. We briefly dis-
cuss the demonstration of endoscopic reflectance and  
fluorescence imaging based on the TM approach.

Reflectance endoscopic imaging through a single 
multimode fibre was first realized in 2012 (reF.74). In 
endoscopic imaging, the image is distorted by the fibre 
twice — once on the way in and once on the way out. 
In this implementation, the distortion on the way in is 
removed using the speckle imaging technique and that 
on the way out is recovered by applying an inversion of 
the TM. A light wave was illuminated through the input 
plane of a fibre proximal to a camera (Fig. 3a). After being 
transmitted, the light was reflected by the sample at the 
object plane and recaptured by the same fibre. To use the 
fibre as an image guide, its transmission properties were 
calibrated using its TM measured from the object plane 
to the image plane (Fig. 3b). Owing to image distortions, 
the observed images exhibited complex speckle patterns 
(Fig. 3c). By applying the inverse of the measured TM, the 
distortion on the way out was removed. After reconstruc-
tion, however, the images still retained speckle patterns 
(Fig. 3d) because the distortion on the way in had not yet 
been resolved. As this distortion arose prior to the light–
object interaction, a clean image was obtained using the 
speckle-imaging method, which involves the averaging 
of images taken from various illuminations (Fig. 3e).  
To demonstrate the ex vivo imaging of tissues, a rat 

intestinal tissue was imaged with bright- field micro-
scopy (Fig. 3f) and with the fibre endoscope (Fig. 3g,h). 
Although changes in the conformation of the fibre 
cause a loss of TM reconstruction, an object image was  
recovered when the tip of the fibre facing the object 
was scanned over an extended field of view (Fig. 3g,h). 
The TM approach has also been applied to endoscopic 
reflectance imaging using a bundled fibre, wherein each 
fibre core acts as an image pixel. The main benefit of the 
TM approach is the removal of image pixellation caused 
by the gap between neighbouring fibres in a bundle75,76.

Compared with reflectance endoscopic imaging, fluo-
rescence endoscopic imaging using a multimode optical 
fibre is relatively straightforward because only the dis-
tortion on the way in needs to be corrected. From the 
measured TM of the fibre, an incident wave uin is iden-
tified that generates a focus at the distal end, where the 
sample is located. By shaping the incident wavefront as 
the identified uin, a focus is physically generated at the 
desired position. For point- scanning imaging, several 
incident wavefronts are sequentially shaped by the SLM 
to scan a focus at the object plane, and fluorescence emis-
sions at each focus are collected by the same fibre77–80. 
A representative configuration of a focus- scanning 
endoscope using a multimode optical fibre is shown in 
Fig. 3i. After TM measurement from the DMD to the 
object plane located at the distal end, the appro priate 
phase modulations are applied to the DMD to scan the 
focus. DMDs have been widely used for high- speed 
image acquisition81–83, although liquid- crystal SLMs 
were used in earlier set- ups77 (sometimes in conjunction 
with an acousto- optic deflector)79. By taking advantage 
of the ultrathin multimode fibre probe, minimally inva-
sive in vivo fluorescence imaging within a mouse brain 
was demonstrated82,84 (Fig. 3j). Confocal imaging85 and 
two- photon fluorescence imaging86 have also been real-
ized using multimode fibres for deep- tissue imaging. 
Intensity- only TMs have been explored to eliminate the 
reference arm required for complex- field detection87,88, 
and the fluorescence imaging of a planar object was 
demonstrated using intensity- based speckle correlation 
through a fibre bundle89.

Despite recent technological advances, the bend-
ing and twisting of the fibre, which leads to deteriora-
tion of the TM, still limit the widespread application 
of fibre- based endoscopy. Because pre- calibration is 
readily undermined by small deformations or twisting, 
it is crucial to maintain the fibre geometry during the 
imaging process74,79. To dynamically compensate for 
fibre bending while focusing light through a multimode 
fibre, a virtual point source was generated at the tip of 
the fibre, and the speckled wavefront generated through 
the fibre by this virtual point source was measured at the 
camera plane and phase- conjugated90. Moreover, under 
certain bending conditions, the fibre output character-
istics can be conserved and the shaped focus remains 
intact91. In addition, the transmission-mode properties 
of deformed multimode fibres have been numerically 
predicted92, and image reconstruction has been demon-
strated under the bending deformation of a graded- 
index fibre93. These efforts to resolve the problems 
associated with bending and deformation will enable 
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the application of ultrathin multimode fibre endoscopy 
in biological and biomedical fields.

In situ imaging using memory effects
The MS waves generated by a thin scattering layer have 
a unique correlation characteristic: the speckle patterns 
rotate in angle with the rotation of the illumination 
wave. This angular memory effect has been reported 
in the form of short- range angular correlations in the 
mesoscopic physics of wave propagation in dis ordered 
media37,38,94,95. A tilted plane wave with an angle Δθ (Fig. 4a)  

can be regarded as a superposition of point sources with 
their relative phases increasing linearly along the lateral 
plane. When the scattering layer is thin enough, the 
transmitted waves from these indivi dual point sources 
maintain the same phase difference induced by the tilt. 
Therefore, the overall transmitted speckle pattern is 
also tilted by the same Δθ. After propagating over a dis-
tance s, the transmitted speckle pattern projected on a 
screen is shifted by Δr ≈ sΔθ. The effective range of the 
memory effect depends on the thickness L of the scat-
tering layer and the wavenumber k of the incident light.  

Transmission matrix

100 μm

Reflected object images

…

…

x

x
y

yOP

IP
OL

GM BS1

BS3BS2
(θ

x 
,θ

y
)

S

(θ
x
,θ

y
)

S

η

ξ

(θξ,θη)T

Laser

Camera

Single fibre

Object

a b

f

i j

g h

c

Reconstructed imagesd

Speckle imaging

Neuronal somata Neuronal processes

Haemorrhaging blood
cells (time-lapse images)

Step 2Step 1

ImagingCalibration

Laser module

Laser
PBS

Signal

DMD

DM

BS

Camera

L

L

L

L
M

M

M

ISO

L PMT

Fil

Fil

Fibre

L

L

L

L
QW

OL

10 μm
Iris

HW

HWHW

HW

HW

L

HW

QW

e

A A

B B
50 μm

100 μm

100 μm

Fig. 3 | TM approach to image transfer and its application in endomicros-
copy. a | Schematic showing the set-up for wide-field endoscopic imaging 
using a multimode optical fibre (where OP is the object plane and IP is  
the input plane). b | Transmission- matrix (TM) elements measured along the 
direction from the OP to the IP shown in panel a. (θξ,θη)T is the illumination 
angle of the beam impinging on the fibre at the OP. c | Reflection images of 
an object taken at the IP using the set- up shown in panel a for various illumi-
nation angles (θx,θy)S. d | Object images reconstructed by multiplying the 
images in panel b by the inverse of the TM. e | Object image recovered after 
averaging the reconstructed images in panel d. f | Transmission image of rat 
villi taken using a conventional microscope. g,h | Image of the villi shown in 
panel f taken using endoscopic imaging through a multimode fibre (panel g) 
and an image obtained by numerical refocusing of the image in panel g by 
40 μm towards the fibre end (panel h). Arrows A and B indicate the villus in 
focus in panels h and g, respectively. Owing to the weak absorption by the 

villi, the reflectance endoscopic images in panels g and h provide stronger 
contrast than that of the transmission image in panel f. i | Schematic showing 
the set-up for scanning fluorescence endoscopy through a multimode opti-
cal fibre. In step 1, the TM of the fibre is measured between the input from the 
digital micromirror device (DMD) and the output at the camera. In step 2, 
images of an object (in this case, a mouse) are acquired in vivo using the cali-
brated fibre. j | Images of neuronal somata and neuronal processes (indicated 
by the white arrows) taken through direct insertion of the fibre probe 2–3 mm 
into a mouse brain. Time- lapse images of blood cells haemorrhaging from  
a burst blood vessel (bottom) acquired using the method shown in panel i.  
BS, beam splitter ; DM, dichroic mirror ; Fil, filter ; GM, two- axis galvanometer 
scanning mirror ; HW, half wave plate; ISO, isolator ; L , lens; M, mirror ;  
OL , objective lens; PBS, polarizing beam splitter ; PMT, photomultiplier tube; 
QW, quarter- wave plate. Panels a–h adapted with permission from reF.74, 
APS. Panels i and j adapted from reF.84, CC-BY-4.0.
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Fig. 4 | Non- invasive imaging using speckle correlations and memory 
effects. a | Angular memory effect for a strongly scattering layer of thick-
ness L. Here, s is the distance between the scattering layer and the screen,  
Δθ is the tilt of the angle of the incident plane wave, and Δr is the shift of the 
speckle pattern at the screen due to the tilt. b | Translational memory effect 
for an anisotropic scattering medium. When the incident wave is laterally 
shifted, the transmitted speckle pattern is shifted by the same amount.  
c–f | Exploitation of multiple- scattered waves for non-invasive imaging using 
the angular memory effect. Panel c shows the integrated fluorescence inten-
sity I(θ) measured as a function of the incident angle θ = (θx,θy) for a fluor escent 
target located at the screen shown in panel a. Panel d shows the autocor-
relation I � I averaged over nine scans with different starting incident angles, 
θ0 = (θx,0,θy,0). Panel e shows a fluorescence microscopy image of an object 
taken without the scattering layer. Panel f shows the image of the object 
retrieved from the autocorrelation in panel d using a Gerchberg–Saxton- type 
algorithm. g,h | Scattering compensation by focus scanning holographic 
aberration probing (F- SHARP). Panel g shows the experimental set- up for 
F-SHARP. The half- wave plate (HW) and the first polarizing beam splitter split 
the excitation laser beam into a strong beam and a weak beam. A strong 
scanning field Escan(r′ − r) is generated at the focus plane of the objective lens 

by the beam passing through a phase stepper and is scanned by a piezo scan-
ner across a coordinate r. A stationary field Estat (r′) is generated by the weak 
beam illuminating the sample at a location r′ via the galvo scanning arm 
(where GM is a two-axis galvanometer scanning mirror). In the experimental 
demonstration, the strong and weak beams were switched. For two- photon 
imaging, the strong beam is sent through the spatial light modulator (SLM) for 
aberration correction and raster scanned at the sample by the GM. Panel h 
shows the theoretical description of F- SHARP for measuring the scattered 
electric- field point spread function (EPSF). The cubic term of Escan, a δ-like func-
tion, is convolved with Estat during the two- photon fluorescence recording by 
the combined excitation of Estat and Escan. Both Estat(r′) and Escan(r′) are scaled 
by EPSF(r′), and thus Estat(r′) ∝ Escan(r′) ∝ EPSF(r′). Thus, the reconstructed electric 
field Erecon(r) in this recording gives EPSF(r). ϕPSF(r) is the phase of EPSF(r). i–l | Panel i 
shows the set-up for in vivo imaging of a mouse brain using F- SHARP. Panels j 
and k show the two- photon imaging of an interneuron that expresses green 
fluorescent protein 480 µm below the dura mater before (panel j) and after 
(panel k) the application of F- SHARP. Panel l shows the intensity plot along 
the dashed lines in panels j and k. Panels a and b adapted with permission 
from reF.96, OSA Publishing. Panels c–f adapted from reF.97, Springer Nature 
Limited. Panels g–l adapted from reF.105, Springer Nature Limited.

www.nature.com/natrevphys

R e v i e w s



This range can be determined using the theoretical  
correlation function:











C θ L
k θ L

k θ L
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Δ
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Similar to the angular memory effect, a translational 
memory effect50,96 has been reported in scattering media, 
with a transmitted speckle pattern maintaining its  
correlation along the transverse direction (Fig. 4b).

An approach that uses the angular memory effect 
has been reported for the non- invasive imaging of fluor-
escent objects hidden behind a scattering layer89,97–102. 
A plane wave incident at an angle θ = (θx,θy) was used 
to illuminate a fluorescent object placed at a distance s 
behind an opaque scattering layer, and the fluor escence 
emissions from the object were recorded on the illumi-
nated side. The recorded signal is described by the con-
volution between the intensity PSF, IPSF(r), and the object 
function, O(r), where r = (x,y) is the position vector in 
object coordinates. Because IPSF(r) is similar to the δ func-
tion in conventional microscopy, the measured intensity 
directly resembles O(r). In the presence of aberrations 
and multiple scattering, IPSF(r) is highly scrambled into 
a speckle pattern, Isp(r), making it difficult to extract 
O(r). Nevertheless, the total backscattered fluorescence 
intensity as a function of θ (Fig. 4c) can be written in con-
volution form within the finite translational invariant  
range of Isp(r), that is, the memory range:





∗∫I O I s O Iθ r r θ r θ( ) = ( ) ( − )d = ( ) (2)

−∞

∞
sp

2
sp

O(r) was retrieved from the autocorrelation of I(θ) 
(Fig. 4d), which is expressed as

⟨ ⋆ ⟩ ⋆ ∗ ⟨ ⋆ ⟩I I O O I Iθ(Δ ) = [ ] (3)sp sp

where ⋆ denotes the cross- correlation product, and 
the angle brackets denote the average over different 
I(θ) taken at different starting incident angles. Because 
Isp is a speckle pattern, its autocorrelation is approxi-
mately a δ function. Therefore, ⟨ ⋆ ⟩I I  can be written as 
⟨ ⋆ ⟩ ≅ ⋆ .I I O Oθ(Δ ) [ ]  O(r) can then be obtained from the 
autocorrelation using a Gerchberg–Saxton- type algo-
rithm103,104. The object image retrieved from the averaged 
autocorrelation resembles the fluorescence image taken 
without a scattering layer (Fig. 4e,f).

This method is an important step towards deep opti-
cal imaging as it makes full deterministic use of MS waves 
and is applicable to strongly scattering media in which 
SS waves are almost invisible. Furthermore, it can sup-
port non- invasive imaging under epi- detection geometry 
without guide stars. However, this method needs a 
finite distance between the scattering layer and the 
object to secure a sufficient imaging area, and the view 
field is reduced as the thickness of the scattering layer is 
increased and, thus, the memory- effect range decreased.

The range of the translational memory effect is  
related to the size of the isoplanatic patch in AO micros-
copy. If high-resolution wavefront correction is con-
ducted for numerous scattered modes, a tight focus 

inside an anisotropic scattering medium is achieved and 
maintained over a small but finite translational memory- 
effect range50. An approach termed focus scanning holo-
graphic aberration probing (F- SHARP) achieves rapid, 
high- resolution wavefront correction of both strong 
aberrations and higher- order scattered modes in living 
tissue105. With this approach, it was possible to measure 
the phase and amplitude of the scattered electric- field 
PSF (EPSF) and generate a tightly focused excitation beam 
by transmitting the optical phase conjugation of EPSF.

To measure EPSF , a nonlinear interaction between 
two excitation beams can be exploited (Fig. 4g). In the 
theoretical description of this approach, a weak station-
ary beam first illuminates the sample at a location r′ 
to form the stationary field Estat(r′). A strong beam is 
then scanned across coordinate r using a piezo scanner 
to form the scanning field Escan(r′–r). The two- photon 
fluorescence intensity generated by the superposition of 
the two beams can be written as

∝ ∣ ∣′ ′ ′∫I E Er r r r r( ) ( − ) + ( ) d (4)scan stat
4

When Estat is much weaker than Escan, Estat terms 
with a power ≥2 can be ignored and the cubic term of 
Escan(r′) can be considered a highly peaked δ function 
(Fig. 4h). The captured fluorescence intensity can then be  
approximated as

∝ ∗I I E Er r r( ) + ( ) + ( ) (5)background PSF PSF

where Estat(r) has been replaced by EPSF(r), which is 
extracted from I(r) using phase-shifting interferometry  
with a phase stepper (Fig. 4g). In the experimental 
demonstration of this approach, the strong beam is set 
to be stationary and the weak beam is scanned by a piezo 
scanner. The strong beam is then corrected by applying 
the complex conjugate of the Fourier transform of the 
measured EPSF to the SLM. After a finite number of con-
secutive correction steps, the strong beam can be trans-
formed quickly into a sharp focus. After all the correction 
steps, the weak beam is blocked and the strong beam  
is raster scanned by a galvanometer scanning mirror to 
obtain two-photon images.

The effectiveness of F- SHARP microscopy was 
demonstrated for in vivo imaging of a mouse brain. In an 
anaesthetized GAD67 mouse, interneurons labelled with 
green fluorescent protein were imaged 480 µm below the 
brain surface following a craniotomy (Fig. 4i). Compared 
with that of conventional two- photon microscopy 
(Fig. 4j), the image quality was greatly enhanced after 
correction (Fig. 4k). The F- SHARP images exhibited a 
fivefold increase in the signal from the corrected region 
and a higher resolution (Fig. 4l). In many ways, F- SHARP 
resembles AO microscopy that directly detects the 
wavefront of fluorescence from nonlinear guide stars106. 
However, the interferometric detection of EPSF by intro-
ducing the nonlinear interaction between two beams 
can greatly increase the sensitivity of wavefront sensing. 
Unlike existing iterative wavefront-shaping AO methods,  
F- SHARP determines the wavefront correction by raster 
scanning EPSF using fast scanning mirrors. This approach 
decouples the wavefront measurement speed from the 

Epi- detection geometry
An imaging configuration in 
which an objective is used  
for both illumination  
and detection.
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limited speed of the wavefront shapers, which is cru-
cial for correcting a large number of scattered modes 
(>1,000). Further increases in imaging depth will depend 
on relieving the requirement for a spatially sharp initial 
EPSF for the method to converge.

Ultrasound- assisted optical imaging
Unlike light waves, which are prone to multiple light 
scattering in biological tissue, ultrasound can propa-
gate through tissue without notable distortion up to 
depths of 1–100 mm (reF.107). The greater penetration 
depth can be translated into optical imaging through 
ultrasound–light interactions. Two major interaction 
mechanisms have been actively employed to date: the 
frequency shift of optical waves using ultrasound and 
the generation of ultrasonic waves using optical waves. 
In bioimaging, the former mechanism has led to the 
development of ultrasound- modulated optical tomo-
graphy (UOT), in which an ultrasound- induced refrac-
tive index grating and movement of optical scatterers 
modulate the frequency of optical waves propagating 
through an ultrasonic focus18,108,109. The latter mecha-
nism was used to develop photoacoustic tomography 
(PAT), in which absorbed optical energy produces heat 
and subsequently generates ultrasound from the ther-
mal expansion of the medium18,110,111. The trade- off for 
the increase in penetration depth is that the resolving 
power of these ultrasound- mediated imaging methods 
is far lower than the optical diffraction limit. The resolv-
ing power is dictated by the ultrasonic diffraction limit, 
which is 20–1,000 μm for the commonly used ultrasound 
frequency range of 1–50 MHz. Higher frequency ultra-
sound has been considered to improve the resolution, 
but this approach is not practical because of the weaker 
ultrasound- mediated signal and the severe attenuation 
of the high- frequency ultrasound in biological tissue112.

Advances in the field of wavefront shaping have 
improved the spatial resolution of UOT- based and PAT- 
based approaches. Before discussing these approaches, it 
is important to understand how the wavefront- shaping 
technique34,40,113 is used to enhance the sensitivity of 
ultrasound–light interactions. When combined with 
UOT- based or PAT- based approaches, an optimal 
wavefront can be obtained to focus light on the ultra-
sonic guide star through approaches based on iterative 
optimization34,57, optical phase conjugation114 or a TM70. 
Owing to the reciprocity of light scattering, the optimal 
wavefront cancels the effect of light scattering in a ‘time- 
reversed’ manner and is focused back onto the ultra-
sound focus. For imaging purposes, the focused spot 
can be scanned through the object to yield fluorescence 
or optical absorption- contrast images.

Using UOT- assisted wavefront shaping, time- 
reversed ultrasonically encoded (TRUE) optical focusing 
based on optical phase conjugation was demonstrated, 
in which the wavefront of a frequency- shifted optical 
wave was directly measured and phase conjugated115. 
This approach (Fig. 5a) reverses the propagation of all 
frequency- modulated optical waves, including both SS 
and MS waves. Therefore, the focusing resolution is dic-
tated by the ultrasonic diffraction limit of a few tens to 
hundreds of micrometres115–117 (Fig. 5b). To overcome the 

resolution limit of TRUE, two approaches have been pro-
posed to date based on the non- uniform pressure profile 
of focused ultrasound waves: the iterative conjugation of 
frequency- shifted light and the time reversal of variance- 
encoded light. In the iterative approach, the measure-
ment and conjugation process for frequency- modulated 
light is repeated to find an open eigenchannel that max-
imizes the light transmitted through the ultrasound 
focus118,119. Owing to the Gaussian- like shape of the 
ultrasound focus, the maximally transmissive channel is 
confined to an area close to the peak of the ultrasound 
focus, where the modulation is strongest. In the variance- 
encoding method, several input–output matrices are 
measured at multiple positions adjacent to ultrasound 
foci for thousands of different input modes120. The opti-
mal wavefront is then calculated to maximize the vari-
ance ratio between the sum and difference fields using 
singular- value analysis. Typical frequency- modulated 
optical fields measured at different ultrasound positions 
are shown in Fig. 5c, along with their sum and difference. 
Because a single speckle grain located at the centre of 
an ultrasound focus statistically has the largest variance, 
this approach in principle realizes speckle- scale optical 
focusing (Fig. 5c). To date, the resolution based on the 
non- uniformity of an ultrasound focus is 5–10 μm, which 
is a threefold to fivefold increase over the ultrasonic dif-
fraction limit118–120. A generalized framework has been 
presented for iterative and variance- encoding methods  
in the context of the TM121. For these approaches to 
operate as high- resolution microscopy techniques, how-
ever, they need to be applicable to target objects that are 
fully embedded within scattering media, in which the 
speckle grain size approaches half the optical wavelength. 
The technical challenge ahead is the large number of 
measurements required to guarantee statistical robust-
ness; this number grows cubically with the number of  
optical speckle grains within the ultrasound focus121.

As an alternative to adopting wavefront- shaping 
techniques, which place an emphasis on controlling MS 
optical waves, ultrasonic light modulation in coherent 
confocal microscopy can be employed to reject MS 
waves travelling outside the ultrasound focus30. In other 
words, acousto- optic modulation is used as a form of 
space gating that is similar to the temporal and confo-
cal gating used in optical coherence microscopy122. The 
space- gating mediated by acousto- optic modulation 
acts inside the scattering medium in which the target 
object is located, unlike temporal gating and confocal 
gating, which are applied to the optical waves that return 
to the free space. Therefore, space gating can reject MS 
waves that the other gating operations cannot; as a result, 
the combined use of these available gating operations 
maxi mizes the visibility of SS optical waves. Because this  
method relies on the detection of SS waves, the resolu-
tion is guaranteed to reach the optical diffraction limit, 
regardless of the speckle grain size. However, owing to 
the exponential extinction of SS waves, the penetration 
depth of the gating approach will be set by the detector 
dynamic range limit (Box 1), whereas the approaches 
based on the wavefront shaping of modulated MS waves 
can overcome this limit if the aforementioned challenges 
are addressed.
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Unlike the UOT- based approach, the PAT- based 
wavefront- shaping approach cannot directly measure 
the optimal wavefront. Instead, the acoustic wave gen-
erated by optical absorption is iteratively optimized or 
the photoacoustic TM measured by injecting light into 
different free-space modes at the input plane of the scat-
tering medium. By measuring the photoacoustic TM, 
selective focusing on absorbing targets was demon-
strated together with the scanning of an optical focus 
based on the optical memory effect123. However, similar 
to TRUE, the resolution of this approach is intrinsically 
limited to the ultrasound diffraction limit owing to the 
linearity of photoacoustic signals. To overcome this 
resolution limit, nonlinear photoacoustic signals have 
been introduced with a dual- pulse excitation based on 
the Grueneisen relaxation effect124. A genetic algorithm 
was then used to identify the optimal wavefront that 
maximizes the nonlinear signal. This method is referred 
to as photoacoustically guided wavefront shaping  
(PAWS; Fig. 5d). Unlike the linear photoacoustic approach, 
the optimization of the nonlinear signal converges to the  
wavefront solution confined within a single speckle  

grain inside the ultrasonic detection area (Fig. 5e). The 
Gaussian- shape sensitivity profile of the detection area 
can also be used without inducing a nonlinear signal125, 
although the enhancement is quite limited. Similar to 
iterative TRUE or the variance- encoding method, the 
improved resolution in the PAT- based approaches can 
reach ~5 μm (reFs124,125). For further improvement, 
the low measurement sensitivity when the size of the 
speckle grains approaches half the optical wavelength 
needs to be addressed. Furthermore, in imaging appli-
cations, photoacoustic approaches need to be devel-
oped to enable arbitrary control of the position of the  
speckle-scale focus113.

Ultrasound–light interactions are uniquely valua-
ble in biophotonics because both UOT and PAT pro-
vide direct access to the optical flux inside a scattering 
medium. The incorporation of wavefront- shaping 
techni ques has added the superior resolving power of 
optics to ultrasound- mediated approaches, thus over-
coming the conventional ultrasonic diffraction limit. 
Although there are practical challenges, advances in 
sensor and SLM technology may soon realize the full 
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potential of ultrasound- mediated wavefront shaping and 
imaging in microscopic applications.

Deep imaging using a reflection matrix
Epi- detection geometry is essential for most in vivo 
applications, which demand the recording of a reflec-
tion matrix. Unlike conventional confocal microscopy, 
in which only the signal filtered by the confocal pinhole 
is collected for image reconstruction, reflection- matrix-
based approaches make deterministic use of all of the 
backscattered signals arriving at non- confocal positions 
as well as those at confocal positions (see section III of 
the Supplementary Information). In this section, we first 
introduce methods that simultaneously suppress multi-
ple scattering and sample- induced aberrations without 
using guide stars and then describe approaches based on 
the coherent superposition of MS waves.

Solving the inverse scattering problem using a reflec-
tion matrix. Diffraction-limited imaging requires the 
momentum change ko − ki induced by the target object 
to be measured for all possible angles supported by the 
objective lens. However, MS waves and sample- induced 
aberrations prevent the accurate tracking of ki and ko. 
The first experimental system for measuring a wide- field 
time- gated reflection matrix, R(τ0), was developed in 2015 
(reF.10) (Fig. 6a). Using R(τ0), a method referred to as col-
lective accumulation of single scattering (CASS) micro-
scopy was proposed to selectively identify SS waves that 
preserve the momentum change induced by the target 
object. Two unique properties of SS waves are used in this 
process: the depth- dependent flight time and momentum 
conservation. Using CASS microscopy, an imaging depth 
of 11.5ls was demonstrated with a near-diffraction-limited  
spatial resolution of 1.5 μm (reF.10).

Subsequently, a method termed closed-loop accumu-
lation of single scattering (CLASS)126 was developed that 
separately identifies the aberrations in SS waves incident 
on and reflected from an object, even in the presence of 
multiple light scattering. Using an experimental set-up 
similar to that used in CASS microscopy, complex-field 
images of backscattered waves, E(ro,ki;τ0), were measured 
at a conjugate image plane for a set of wavevectors {ki} that 
cover all of the orthogonal input free modes, where ro is 
the position vector in image coordinates. By taking the 
inverse Fourier transform with respect to ki, the matrix 
E(ro,ri;τ0) can be obtained in position space (Fig. 6b). 
Here, E(ro,ri;τ0) corresponds to the matrix element of 
R(τ0) (see section III of the Supplementary Information). 
The appearance of strong off-diagonal elements is due to 
multiple scattering and aberrations. By taking the Fourier 
transform of the original images, E(ro,ri;τ0) with respect to 
ro, the time-gated reflection matrix E τk k( , ; )o i 0  in k space 
is obtained (Fig. 6c). The k basis is a good basis because the 
phase-retarded SS wave can be decoupled from the MS 
waves. That is, the matrix element can be decomposed by

E P O P

E

τ

τ

k k k k k k

k k

( , ; ) = ( + Δ ) (Δ ) ( )

+ ( , ; )
(6)o i 0 o

a
i i

a
i

M o i 0

Here, the first term on the right- hand side describes 
an SS wave scattered once by the target object. Therefore, 

its amplitude is proportional to the amplitude of the 
reflectance of the object for the spatial frequency 
Δk = ko − ki, but its phase is retarded by complex pupil 
functions for aberrations in the illumination and imaging  
paths, P iϕk k( ) = exp[− ( )]i

a
i i i  and P iϕk k( ) = exp[− ( )]o

a
o o o , 

respectively. Here, ϕi(ki) and ϕo(ko) are the sample-induced  
phase retardation functions in the illumination and 
imaging paths, respectively. The second term on the 
right- hand side is the contribution of all time- gated MS 
waves with the same wavevector as that of the SS wave: 
E E Eτ τ τk k k k k k( , ; ) = ( , ; ) + ( , ; )M o i 0 TM o i 0 BM o i 0 .

The main concept underlying the CLASS algorithm 
(Fig. 6d,e) is iterative processing of the reflection matrix 
to determine the phase corrections θi(ki) and θo(ko) 
that compensate for ϕi(ki) and ϕo(ko), respectively.  
In every nth iteration, the input and output correction 
processes occur in sequence. In the input correction pro-
cess (Fig. 6d), θ k( )n

i
( )

i  is optimized to maximize the total 
intensity of the reconstructed target image. In the same 
way, θ k( )n

o
( )

o  is identified in the output correction pro-
cess (Fig. 6e). The correction process mainly involves the 
SS waves, with the MS waves having little role because 
they are taken at different angles of illumination and are 
uncorrelated with respect to one another. As the iter-
ation continues, the contribution of the correlated SS 
waves to the phase correction increases, while that of the 
uncorrelated MS waves remains the same. Therefore, the 
maximization of total intensity is almost exclusively due 
to the aberration correction of the SS waves. After apply-
ing the accumulated phase corrections, an aberration- 
corrected target image is obtained by summing the 
angular spectra for all of the illuminations, that is, 
E E τk k k(Δ ) = ∑ ( , ; )kCLASS o i 0i

. In short, the multi- angular 
illuminations used in the k- space reflection matrix offer 
a way to eliminate the influence of MS waves. In compar-
ison with an image taken before aberration correction 
(Fig. 6f), a signal in an aberration- corrected CLASS image 
(Fig. 6g) was increased more than 20-fold126. The finest 
structures in the resolution target are also clearly visible, 
confirming the recovery of near- diffraction-limited spa-
tial resolution. The input and output phase- correction 
maps identified independently by the CLASS algorithm 
show high-order aberration modes that ordinary AO 
microscopy cannot (Fig. 6h,i).

In initial studies, a drawback of CLASS microscopy 
was the slow acquisition rate for recording the time- 
gated reflection matrix owing to the use of a SLM for 
multi- angular illuminations. To resolve this issue, adap-
tive optical synchronous angular scanning microscopy 
(AO- SASM)127 was proposed, in which a pair of scan-
ning mirrors is used to increase the scanning speed up 
to 10,000 modes per second. The high- speed recording 
of R(τ0) enabled aberration- free imaging of a living lar-
val zebrafish over the entire volume of the hindbrain. 
Coherence imaging of neural fibres before aberration 
correction at a depth of 160 μm, corresponding to con-
ventional en- face optical coherence tomography (OCT) 
imaging, produces a blurred image (Fig. 6j) in which the 
fine neural fibre structures are not well resolved because 
the zebrafish has many organs that are optically hetero-
geneous. Indeed, the sample- induced aberrations are so 
pronounced that they vary from one position to another. 
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To address these position- dependent aberrations, the 
CLASS algorithm was individually applied to each seg-
mented area (Fig. 6j). The combined aberration- corrected 
image and the local aberration maps in the pupil plane 
(Fig. 6k,l, respectively) show the fine neural fibres and 
spatial complexity of the aberrations. A clear 3D image 
of the whole neural network throughout the hindbrain 

of a 10-days- post-fertilization zebrafish was obtained by 
AO- SASM (Fig. 6m,n), even though the dark epidermal 
layer, complex skin architectures and optically hetero-
geneous internal organs disturb the light propagation 
in the imaging configuration. Only dense fascicles are 
visible in the confocal microscopy image in the dorsal  
view of the hindbrain (Fig. 6o), whereas anatomical 
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b,c | Time- gated reflection matrices obtained in position space (E(ro,ri;τ0); 
panel b) and wavevector k space ( τE k k( , ; )o i 0 ; panel c). ri and ro are the input 
(illumination) and output (detection) position vectors in the object coordi-
nates, respectively ; ki and ko are the corresponding input and output trans-
verse wavevectors, respectively , and τ0 is the flight time. d | The nth correction 
of an input pupil aberration. The phase correction θ k( )n

i
( )

i  is applied to each 
column of τE k k( , ; )o i 0  in panel c. e | The nth correction of an output pupil 
aberration. The phase correction θ k( )n

o
( )

o  is applied to each row of τE k k( , ; )o i 0 . 
The iteration is repeated until the total intensity of the retrieved CL ASS 
image increases sufficiently to reach a given criterion. f,g | Reconstructed 
images from the diagonal elements of E(ro,ri;τ0) before aberration correction 
(panel f) and the corresponding aberration- corrected CL ASS image after  
five rounds of iterations (panel g). h,i | The accumulated phase- correction 
maps for the sample- induced aberrations in the illumination path (panel h) 

and detection path (panel i) after five rounds of iterations. j–l | The time- gated 
reflection matrix was obtained by adaptive optical synchronous angular 
scanning microscopy (AO- SASM) at a depth of 160 μm in the hindbrain of a 
zebrafish. Images showing neural fibres reconstructed before (panel j) and 
after (panel k) aberration correction. The white dotted boxes in panel j show 
segmented areas where the CL ASS algorithm was individually applied. The 
local aberration maps in the pupil plane (panel l) correspond to the segments 
indicated in panel k. m | Imaging configuration (top) and bright- field image 
(bottom) for a 21-days-post-fertilization (dpf) living larval zebrafish. The yel-
low dotted box indicates the imaging area. n | In vivo volumetric imaging of 
the deep hindbrain of a 10-dpf larval zebrafish. For 3D rendering, aberration- 
corrected slice images were retrieved from the consecutive time- gated 
reflection matrices along axial intervals at the length of the coherence gat-
ing, then numerical propagation was applied with sufficient sampling along 
the depth. o,p | Dorsal-view maximum- intensity-projection images from 
confocal microscopy (panel o) and AO- SASM (panel p). BS, beam splitter ; 
CCD, charge- coupled device; DG, diffraction grating; OL , objective lens;  
PZT, piezoelectric transducer ; SLD, superluminescent diode; SM, scanning 
mirror. Panel a adapted from reF.10, Springer Nature Limited. Panels b–i 
adapted from reF.126, CC-BY-4.0. Panels j–p adapted from reF.127, CC-BY-4.0.
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details, including fine neuronal fibres and other sub-
cellular architectures, are visible in the corresponding 
AO- SASM image (Fig. 6p).

Deep optical imaging based on the reflection matrix 
has an advantage over conventional AO microscopy in 
that it can suppress sample- induced aberrations with-
out the need for guide stars and under the influence 
of strong MS noise. These features enable deep optical 
imaging to reach the ideal SS gate limit (Box 1 figure). 
These advantages are made possible because the reflec-
tion matrix deterministically records both the aberrated 
SS waves and MS waves arriving at non- confocal posi-
tions. Compared with computational AO approaches 
that rely on full- field imaging, the reflection- matrix 
approach offers more robust image reconstruction with 
respect to pupil aberrations and multiple light scattering. 
Conventional computational AO approaches often use a 
single 2D complex- field image for a specific depth128 or 
a 3D tomogram for a volume129,130 to correct the aberra-
tions, which is equivalent to the acquisition of the diago-
nal elements only of the position- space reflection matrix. 
Owing to this limited acquisition, the optimization prob-
lem becomes underdetermined or ill posed, especially 
for reflection imaging in epi- detection geometry, for 
which both the input and output wavefront aberrations 
need to be identified. Indeed, the complete recording 
of the input–output response through the reflection 
matrix has provided the opportunity to resolve difficul-
ties that cannot be handled using conventional imaging. 
However, there is still room to explore the use of the 
reflection matrix to solve the inverse problem associ-
ated with E∣ ∣TM

2 MS waves that interact with the tar-
get object. Extending the reflection- matrix approach to 
solve shift- variant aberrations64,131,132 could be one option 
for the complete deterministic use of multiple scattering.  
The identification of position- dependent local aberra-
tions (Fig. 6l) is a good starting point as they contain a 
small fraction of E∣ ∣TM

2.

Deep imaging based on reflection- matrix eigenchannels. 
Identifying eigenchannels in the reflection matrix pro-
vides a unique opportunity to control the interference of 
MS waves. Mathematically, eigenchannels are retrieved 
through the singular value decomposition of the reflec-
tion matrix into R = UΣV∗, where Σ is a rectangular diag-
onal matrix with real non-negative singular values, and 
V and U are unitary matrices with columns that are the 
eigenchannels at the input and output planes, respectively. 
V∗ denotes the conjugate transpose of V. Coupling light 
to eigenchannels with large singular values leads to con-
structive interference between the scattered waves133, thus 
increasing the reflectance in proportion to the square of 
the singular values. Indeed, the eigenchannels with large 
singular values guide incident waves to relatively high 
reflective target objects embedded within a scattering 
medium. This characteristic of eigenchannels has pre-
viously been employed in acoustics to detect reflecting 
objects embedded within a scattering medium134,135 in a 
process known as the decomposition of the time-reversal 
operator (abbreviated to DORT in French).

In 2011, the first optical analogue of the DORT 
method was reported for selectively focusing light on 

gold nanoparticles inside disordered media136. Owing 
to multiple light scattering, the particles were invisible 
in the reflection image (Fig. 7a). The reflection matrix 
R was measured using a continuous-wave laser and  
its singular-value distribution obtained (Fig. 7b). Four 
large singular values associated with the bright gold nano-
particles were identified and their output eigenchannels  
(v1–v4) derived from the columns in V, enabling the indi-
vidual nanoparticles to be clearly resolved (Fig. 7c). The 
images recorded on the transmission side confirmed 
that the waves generated through eigenchannel coupling 
were strongly focused on the target particles. However, 
one technical limitation of this early method based on a 
steady- state reflection matrix is its susceptibility to MS 
noise. The envelope of small singular values shown in 
Fig. 7b is due to background noise, such as stray reflec-
tions and laser fluctuations. The eigenchannels of these 
small singular values could be distinguished from those 
of target particles in a relatively weak scattering medium. 
In general, for a highly scattering medium, MS waves 
that have no interaction with the nanoparticles dominate 
those that do, which may leave the targets invisible, even 
with the use of the DORT method.

To enhance the sensitivity in the presence of strong 
MS noise, a time- gated reflection matrix R(τ0) can be 
considered10,137, in which a large fraction of background 
MS noise is eliminated by time gating (Fig. 7d,e). This 
approach was used to demonstrate the extraction of 
time- gated reflection eigenchannels associated with 
target objects and the enhancement of light energy 
delivered to the target138. Unlike the wave trajectories 
for the uncontrolled incident wave (Fig. 7f), most of the 
waves coupled through the eigenchannels were guided 
to the target, which increased reflection from the tar-
get (Fig. 7g). This observation verifies that eigenchannel 
coupling controls E∣ ∣TM

2 MS waves that interact with the 
target such that they are focused on the target.

In another method for deep optical imaging, referred 
to as smart OCT, eigenchannels of a time- gated reflec-
tion matrix are used for image reconstruction139. For 
ZnO particles covered by a 12.25ls-thick scattering 
layer, R(τ0) was obtained in the position basis (Fig. 7h). 
To reveal the target objects, an MS filter was devised to 
remove matrix elements far from the diagonal (Fig. 7i). 
The en face OCT image obtained from the diagonal ele-
ments of R(τ0) shows only speckle noise (Fig. 7j), whereas 
the three particles were clearly resolved in the image 
reconstructed using the first three eigenchannels of the 
filtered matrix (Fig. 7k). To demonstrate the feasibility of 
imaging an extended target, a USAF target behind thick 
biological tissue was tested. Compared with the conven-
tional en face OCT image (Fig. 7l), the three bars in the 
image reconstructed using 250 eigenchannels (Fig. 7m) 
are more clearly resolved.

The image reconstruction techniques based on 
eigenchannels discussed so far have proved to be pow-
erful tools for ultra- deep optical imaging. MS waves 
that interact with target objects are deterministically 
used in image reconstruction. Therefore, the imaging 
depth can exceed that of methods based on SS waves, 
such as confocal microscopy, multiphoton micro-
scopy and OCT. Theoretically, the imaging depth of 
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the eigenchannel- based methods is expected to reach 
22ls compared with 12ls for conventional OCT11,139. 
Moreover, these methods also have a better spatial 
resolution than those of fully stochastic approaches. 
However, neither the input nor output eigenchannels can 
represent the real electric field at the plane of the object. 
Furthermore, image reconstruction does not keep track 
of the momentum change induced by the target object. 
Therefore, the spatial resolution is lower than the optical 
diffraction limit, especially in the presence of sample- 
induced aberrations. Future research is expected to 

harness the benefits of eigenchannels in controlling MS 
waves for high- resolution optical imaging.

Future perspectives
A surge in research related to deep optical imaging has 
been witnessed since the first demonstration of focusing 
MS waves to a sharp spot using wavefront shaping. Many 
approaches for using MS waves have emerged based on 
the mesoscopic physics of wave propagation, and those 
covered in this Review have provided opportunities 
that were not previously conceivable. In particular, the 
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Fig. 7 | Eigenchannels of a reflection matrix and their use in imaging. 
 a–c | Selective focusing on gold nanoparticles through an aberrating layer 
using the eigenchannels of the steady- state reflection matrix. The gold 
nanoparticles are not visible in the reflection image obtained with plane- 
wave illumination (panel a). In the singular- value distribution of the measured 
reflection matrix (panel b), there are a few high singular values. The reflection 
images obtained using the output eigenchannels of the four largest singular 
values (panel c) reveal the presence of the gold nanoparticles. d–g | Time- 
gated reflection eigenchannels. Panel d shows representative trajectories of 
multiple- scattered waves with different flight times (labelled 1–4) within a 
scattering medium. Panel e shows the corresponding intensity (I) profile of 
backscattered waves as a function of the time of flight (τ). By coupling light 
to the time- gated reflection eigenchannels at the flight time indicated as (3), 
the intensity at the selected time- gating window increases (the red  
curve). The blue dotted curve is the intensity profile for the uncontrolled 
wave. Images of the wave propagation calculated by the finite- difference 
time- domain method (where Zs is the depth of the target object) show  

the differences in wave propagation for a random input (panel f) and 
eigenchannel coupling (panel g). h–k | Smart optical coherence tomography 
(OCT) for deep optical imaging. Panel h shows the time- gated reflection 
matrix R(ro,ri) (bottom) measured for a scattering layer covering three ZnO 
beads with diameters of 5 μm (top), where ri and ro are the incident- focusing 
and output- focusing points, respectively. Panel i shows the single- scattered 
matrix RS obtained by applying a multiple- scattered filter to the raw matrix 
R with a virtual pinhole mask with a size (lc) of 5 μm. Panel j shows an en face 
OCT image deduced from the diagonal of R. The images reconstructed using 
the first three eigenchannels of RS, |Ui·Vi| (panel k, top), yield the image of the 
three beads in the presence of a scattering layer (bottom). l,m | Panel l shows 
an en face OCT image of a USAF target under 800-μm- thick rat intestinal 
tissue. Panel m shows the corresponding eigenchannel image of the 
resolution target obtained from the first 250 eigenchannels of the filtered 
matrix. Panels a–c adapted with permission from reF.136, APS. Panels d–g 
adapted from reF.138, Springer Nature Limited. Panels h–m adapted with 
permission from reF.139, AAAS.
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deterministic use of MS waves for optimal image for-
mation has raised the prospect of overcoming the imag-
ing depth limit of conventional high- resolution optical 
microscopy. Because high- resolution optical imaging 
relies mainly on SS waves, its depth limit is set by the 
efficiency of the single- scattering gating methods that 
distinguish SS signal waves from strong MS noise. 
Although this depth limit varies from system to system, 
it is typically ~10ls. The deterministic use of MS waves 
converts some of the waves considered to be noise into a 
signal, thus increasing the effective signal- to-noise ratio. 
This approach will ultimately lead to an imaging depth 
that is greater than the single- scattering gating limit and 
one that may even exceed the fundamental limit set by 
the dynamic range of the detector, which is ~18–20ls.

At present, however, most studies have been proof- 
of-concept and are subject to assumptions and con-
straints that are not fully compatible with in  vivo 
imaging, and/or the improvement relative to conven-
tional imaging has been marginal. Thus, the proposed 
methodologies have not yet reached a level at which 
MS waves are used fully deterministically to form a 
diffraction- limited optical image under standard imag-
ing conditions. For these newly proposed methodolo-
gies to mature, the aforementioned assumptions and 
constraints need to be accounted for. Indeed, there are 
many ongoing studies that are addressing the limitations 
of each modality. Specifically, researchers working on 
deep imaging based on memory effects are combining 
their efforts to find ways to effectively generate a focus 
within a scattering medium and to extend the working 
range of the memory effect140,141. Studies are also under-
way to address the degradation of the TM due to the 
bending and twisting of multimode fibres, which will 
enable multimode- fibre ultrathin endoscopes to cre-
ate images from curved pathways90–93. Optical- scale 

imaging using acousto- optic interactions and the selec-
tive detection of single optical speckles is advancing 
towards realistic conditions in which the speckle grain 
size reaches half of the wavelength121,124. High- resolution 
imaging based on a time- gated reflection matrix is also 
starting to gain control of MS waves in reconstructing 
the object image126,127,139. Additionally, improvements  
in the sensitivity and speed of cameras and the increase in  
the number of pixels and control speed of the SLM will 
help to resolve some of the practical issues.

The formation of an ideal image using MS waves is 
an underdetermined problem, and advances in compu-
tational tools, such as convolutional neural networks, 
may help in finding a solution by taking advantage of 
prior knowledge from mesoscopic physics. Deep learn-
ing based on neural networks has been actively used in 
recent years for image denoising, spatial and spectral 
deconvolution, super- resolution imaging, scattering 
noise reduction, image registration and tomographic 
reconstruction142–144. In the context of MS waves, neu-
ral networks have been used to train the input–output 
response for scattering media and multimode optical 
fibres145,146 and to reconstruct refractive index maps 
for spatially confined objects from the MS waves of the 
objects themselves147,148. It remains to be seen whether 
these approaches can be extended to selectively train 
MS waves that interact with the target object to form 
a near- diffraction-limited image under the strong MS 
noise induced by a large- volume scattering medium. We 
expect that these efforts will improve the practicality of 
deep optical imaging in complex scattering media and 
make it possible to investigate physical and biological 
systems in a more detailed but less invasive manner 
than before.
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