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We discuss physical principles of obtaining polarization-sensitive images, elastographic mapping
and visualization of blood circulation/vasculature in optical coherence tomography (OCT). Along
with the general overview of the respective methods, we perform comparative critical analysis of
some of them from the viewpoint of their feasibility and requirements to OCT systems destined
for combining the above-mentioned diﬀerent image modalities.

1.

INTRODUCTION

Since the ﬁrst successful demonstrations [1-2] of visualizing biological tissue structure by the use of
optical coherence tomography (OCT), signiﬁcant attention in the further studies was focused not only on
improvement of resolution and increasing the rate of acquiring conventional structural images, but also on
modiﬁcations of the very principle of OCT image formation and the development of new methods of OCT
image processing aimed at visualization of new types of tissue parameters. Indeed, simultaneous mapping
of several functionally diﬀerent characteristics of biological tissues can signiﬁcantly increase the information
content and correspondingly improve the speciﬁcity of diagnostics based on OCT inspection. Such functionally diﬀerent types of OCT-based visualization include polarization-sensitive images, elastographic images
that characterize mechanical properties of tissues (stiﬀness), and OCT-based mapping of microcirculation
of blood in the inspected region (i.e., angiographic imaging). Besides these, one can also combine structural OCT images with images of tissue ﬂuorescence [3], combining multispectral and spectral-domain OCT
microscopy [4], performing OCT at signiﬁcantly diﬀerent spectral ranges [5–7], and so on.
In contrast to other medical imaging methods, such as ultrasonic or magnetic resonance imaging,
for which reproducibility of inspection of the same region by diﬀerent technical means is not particularly
problematic due to relatively large scales of the imaged regions, the OCT techniques deal with much smaller
scales on the order of a few millimeters or even less. Consequently, suﬃciently exact superposing and
comparing of images obtained by diﬀerent specialized OCT scanners becomes more problematic, which
signiﬁcantly reduces the usefulness of such combined inspection. However, designing multimodal OCT
systems combining a large number of diﬀerent image types necessitates the use of both complex constructions
of hardware and the corresponding complications in processing of the scattered optical signals. In view of
this, even the possibility of combining only two or three visualization types in a single OCT system (e.g.,
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by analogy with medical ultrasonic scanners supplemented with the elastographic mode) is of signiﬁcant
practical interest and requires complementary solution of rather non-trivial physical and technical problems
typical of each of the combined visualization modes.
In the present work, we limit ourselves to the discussion of three OCT visualization types complementing conventional structural (intensity) images. The ﬁrst part of the paper considers approaches to
obtaining improved polarization-sensitive OCT images and the principles of elastographic mapping based
on the initial reconstruction of the displacement ﬁeld in deformed biological tissues. The latter approach is
somewhat similar to elastographic methods used in medical ultrasound. In the second part of the paper,
we discuss recently proposed OCT-speciﬁc methods of elastographic mapping that do not require preliminary reconstruction of the displacement ﬁeld but rather make use of the correlation stability of compared
distorted OCT images, as well as methods for visualization of the blood microcirculation, which in fact are
based on rather similar speckle stability principles.
Along with the general overview of respective approaches, we compare and analyze the feasibility of
the underlying physical principles central to the above-mentioned visualization methods. We also discuss
requirements of the OCT systems from the viewpoint of the possibility of combining such diﬀerent imaging modalities while minimizing additional construction units that could signiﬁcantly increase the system
hardware and software complexity, as well as its cost.
2.

POLARIZATION-SENSITIVE OCT

Polarization-sensitive methods in OCT extend bio-medical visualization by increasing the information value of the OCT inspection via extraction of qualitatively new information about tissue properties.
For example, in conventional OCT methods the “regular” (spatially homogeneous) birefringence of tissue
manifests itself in the form of modulation of the image brightness as a function of the depth (which is due
to the phase delay between the normal optical modes propagating in the medium). In the more general
case, the backscattered radiation acquires a cross-polarization component with the polarization orthogonal
to that in the incident optical beam. It is known that the appearance of the cross-polarization signal can
be related to such factors as regular birefringence, anisotropy of the scattering at the microscopic level
(for scatterer sizes smaller than the optical wavelength), the inﬂuence of scattering particles shape and the
spatial structure of the scattering medium [8]. In endoscopic inspection of soft tissues, polarization-sensitive
methods can signiﬁcantly improve reliability of conclusions on the state of the tissue based on a qualitative
consideration of polarization-sensitive images (however, their quantitative interpretation can be signiﬁcantly
complicated in view of strong deformability of surface tissue layers in some organs). By now, a number of
methods for polarization-sensitive visualization in OCT has been developed, and the corresponding biomedical experimental studies have begun to reveal the speciﬁcity of new information and estimate its diagnostic
utility [9]. In most studies, the approach to improve the information value of polarization-sensitive imaging
is based on the analysis of the relation between the regular birefringence and variation in the polarization
state of the optical signal backscattered from diﬀerent depths of the inspected tissue region [10–14]. Interferometric selection of the depth, from which the signal is backscattered, and measurement of the variation
in its polarization with respect to the incident-wave polarization allow one to determine such properties
as depolarization, birefringence, dichroism, and orientation of polarization axes [15, 16]. Such polarization
characteristics provide information on the presence of certain ordered structures (e.g., concentration and
type of collagen ﬁbers, their local orientation in the near-surface layers [15, 17]), as well as on the tissue
microstructural features [15]. The evolution of polarization as a function of the scattering depths is usually
characterized using the formalism of Jones and Mueller matrices [11–13, 18–21].
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2.1.

Cross-polarization images in OCT as a source of additional information
from biological tissue

Among various polarization-sensitive methods developed in OCT, an important approach is when the
backscattered radiation is analyzed in two orthogonal polarizations produced by diﬀerent means [16]. The
radiation with polarization coinciding with that of the initial signal is received in the so-called co-channel,
whereas the signal with the orthogonal polarization is recorded in the cross-channel of the OCT scanner. In
the cross-channel the backscattered radiation can appear due to the inﬂuence of both regular birefringence
and scattering from individual heterogeneities in tissue [6, 8, 17, 22–24]. The degree of backscattering
into the orthogonal polarization depends on the size, structure, and anisotropy properties of the optical
heterogeneities in the medium [8] and can characterize, for example, the state of collagen tissues, which
is especially important for diagnostics of cancer pathologies [17, 25]. As experiments indicate [8], the
eﬀectiveness of cross-polarization scattering is especially high for relatively large-scale heterogeneities and
is much weaker manifested for heterogeneities with sizes smaller than the optical wave length.
Under conditions of weak birefringence, the cross-polarization scattering can become the main mechanism of the appearance of signals with orthogonal polarization. Obtaining and comparing OCT scans
visualizing the distribution of backscattering eﬃciency into the co-polarization component (the same polarization as in the initial wave) and into cross-polariazation one (with orthogonal polarization) is the basis for
one of the polarization-sensitive methods in OCT, referred to as the cross-polarization OCT [6, 8, 17, 22–24].
The ﬁrst results of application of the cross-polarization OCT [6, 8] showed that the images obtained via the
cross-polarization channel (cross-polarization images) signiﬁcantly diﬀer from those in the co-polarization
channel and provide new information about the tissue. For cross-polarization images, the signal from the
near-surface layers (where the photons propagate without eﬃcient scattering into the cross polarization)
is much weaker than in the co-polarization images. This is favorable for reduction of over-illumination of
the near-surface layers and allows for more detailed characterization of structures localized near the tissue
boundary. Similarly, for deeper structures that were hardly distinguishable in the co-polarization images,
the cross-polarization scans can yield signiﬁcantly more contrast [6]. Relatively large-scale discrete scattering particles are often better distinguished in the cross-polarization images, and comparison of the latter
with co-polarization ones can signiﬁcantly improve the visualization contrast for certain types of structures
in biological tissues [6, 8]. Additional detailed studies are required for determining the composition and
morphology of biological structures that appear particularly bright in the cross-polarization OCT [6, 8].
Besides, cross-polarization images give very useful complementary structural information in comparison with co-polarization scans, which makes it possible to detect distortions caused by even a fairly weak
regular birefringence. It is known, for example, that the level of the backscattered signal can be signiﬁcantly
reduced exclusively due to polarization eﬀects, when the optical delay between the normal modes in the
medium is small and does not exceed half of the wavelength [13, 15, 26].
Such eﬀects can occur in OCT inspection of certain soft biological tissues (e.g., mucous ones and serous
coats) with weak birefringence (see Fig. 1). In the right part of the co-polarization image shown in Fig. 1a,
one can see a signiﬁcant reduction in the intensity of the signal from deeper regions (the corresponding
region is indicated by a dashed line). However, straightforward assignment of this signal reduction to
reduced backscattering is incorrect. The cross-polarization image of the same region shown in Fig. 1b clearly
demonstrates a fairly uniform distribution of the backscattering coeﬃcient in the lateral direction, which
indicates that these sub-surface layers have a fairly uniform structure. The observed reduction in the
signal visible in the co-polarization channel is evidently due to the inﬂuence of a relatively weak tissue
birefringence. In the cross-polarization image, the intensity modulation caused by the birefringence is outof-phase with that in the co-polarization image. This allows one to identify the corresponding artifacts in
the co-polarization images and perform the appropriate correction.
It should be noted that an important issue in cross-polarization OCT is a rather complex dependence
of the received signals on both polarization of the primary probing wave and orientation of anisotropy axes
in the inspected tissue [9]. For example, if the vector of linear polarization of the probing wave occasionally
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Fig. 1. OCT image of human-eye sclera obtained in the conventional way (a) using the co-polarization channel
and the complementary cross-polarization image (b).
coincides with the axis of the the medium anisotropy, the presence of birefringence does not manifest itself
in the obtained OCT image. This phenomenon can be eﬃciently eliminated by using modulation of the
probing-wave polarization [27–29] or utilizing a pair of coherent [30, 31] or incoherent [16, 32] waves with
orthogonal polarizations. Further, the signal in the cross-polarization channel depends on the polarization
state of the primary probing wave, in contrast with the reception of only the co-polarized wave which is
independent of it.
For example, if the linearly polarized wave is backscattered from a structure with random distribution
of sizes and shapes of scatterers (e.g. paper), then the intensity of the OCT signal with co-polarization is
about 4 dB greater than the intensity of the cross-polarized component [31, 33]. In contrast, for scattering
of initially circularly polarized waves under the same conditions, the intensities of co- and cross-components
become equal. According to theoretical results and experimental data obtained for Rayleigh scattering,
the intensities in the co- and cross-polarized channels also diﬀer by 4 dB [31, 33]. It has been shown [8]
that for scattering of linearly polarized light in biological tissues, approximately the same ratio between
the two components is observed. However, for scattering from artiﬁcial spherical particles embedded into a
gel-like matrix, the ratio between the intensities of the co- and cross-polarized components depends on the
size and concentration of the inclusions in a complex manner. For sub-wavelength spheres, the diﬀerence
can be higher and reach 20 dB. We emphasize that this eﬀect is speciﬁcally due to scattering at individual
inclusions and does not depend on the regular birefringence.

2.2.

Methods of obtaining cross-polarization images in OCT

In the design of polarization-sensitive OCT, signiﬁcant attention is paid to optimization of optical
schemes and regimes of their operation in order to obtain the maximum information content and ensure
feasibility in clinical practice. Presently, the best information value is reached in cross-polarization optical
schemes of OCT based on bulk optical elements [10, 11, 13, 18, 34], as well as for diagnostic optical-ﬁber
systems, in which the inspection does not require ﬂexible variation of the optical paths [35, 36]. In the design
of ﬂexible endoscopic OCT systems, the transfer of the above mentioned polarization-sensitive approaches
to schemes based on optical ﬁbers is challenging.
At a certain stage of the OCT development, an important role was played by optical-ﬁber systems
based on anisotropic ﬁbers that were able to maintain the interference signal under continuous deformation
of the signal arm [6, 37, 38]. Then it was proposed to compensate for the inﬂuence of the optical-path
deformation on the signal level by applying not only polarization-maintaining anisotropic ﬁbers, but also
using the so-called “common path” optical schemes based on isotropic ﬁbers [30, 31, 39–42]. The main feature
of such schemes is that both probing (sample) and reference beams propagate along the same path, because
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the reference beam is reﬂected back at the distal end of the optical-ﬁber probe. Due to this, the common-path
schemes ensure reproducibility of ﬂexible ﬁber-optic probes [31]. It can be noted that in the common-path
interferometric optical schemes based on isotropic ﬁbers, the probing-wave polarization can be arbitrary,
whereas the optical path diﬀerence between the reference and sample waves exceeds the coherence length.
In view of this, to single out the interference signal one should use an auxiliary compensating interferemeter.
Such an optical scheme [40, 43] included a ﬁber-optic variant of the Fizeau interferometer which plays the
role of a common optical part for the signal and reference waves [44], as well as an autocorrelator based
on a Michelson interferometer with Faraday mirrors [45]. The ﬁrst applications of π/4 Faraday cells for
compensation for phase anisotropy in single-mode ﬁbers were reported in [46, 47].
The usefulness of polarization-sensitive OCT is evident for inspection of birefrigent tissues, such as
muscles, cartilage, skin, coronary artery, outer ocular tissues, tissues of retina, and vocal cords. For soft
biological tissues with weak birefringence (such as mucous and serous linings), polarization eﬀects can also
manifest themselves in OCT images. The modeling of polarization phenomena demonstrated that they
can lead to the appearance of false layers in the images because of the inﬂuence of the above-mentioned
modulation of the intensity due to the birefringence. Evidently, the appearance of such false layers is not
acceptable in the interpretation of OCT images of layered structures [48]. Besides, because of the complexity
of the near-surface structure of biological tissues, relatively simple algorithms that provide information on
birefringence and orientation of optical axes can be developed only for the upper birefringent layer or for
tissues with rather weak birefringence: the waves with orthogonal polarization should acquire a phase
diﬀerence signiﬁcantly smaller than 90◦ for all observation depths. Information about the direction of
optical axes in deeper layers is distorted by birefringence in the upper layers [20, 48], so that retrieving
this information requires more complex algorithms based on information above the upper layer [20, 48]. To
single out the regions of biological tissues with diﬀerent directions of optical axes, color encoding can be
used [20].
Evidently, for the complex multifragment structure of soft biological tissues with weak birefringence,
exact quantitative information on the directions of the optical axes and the degree of birefringence in various
tissue fragments plays a secondary role, especially for medical screening and clinical applications. In this
context, it looks attractive to apply the capabilities of cross-polarization OCT for qualitative diﬀerentiation
of various fragments by their polarization characteristics, and diﬀerences between OCT images obtained in
co- and cross-channels.
The above-mentioned approaches to obtaining polarization-sensitive images can be used as a basis
for designing improved variants of endoscopic OCT devices with faster image acquisition and simultaneous
real-time presentation of complementary images formed via co- and cross-polarization channels. In particular, the common-path ﬁber-optic scheme ensures stable images in the co-polarization channel without
individual tuning of the optical arms in changeable endoscopic probes in the course of OCT inspection of
tissues. However, sensitivity of the cross-polarization OCT in the optical schemes based on single-mode
ﬁbers depends on the polarization of the incident interrogating beam. Elimination of unstable sensitivity of
the cross-polarization channel should allow for both qualitative and quantitative comparison between the
co- and cross-polarization images obtained under given conditions. Improvement of the cross-polarization
channel in OCT imaging is important not only for obtaining complementary polarization-sensitive and conventional intensity imaging, but also for extracting information on the directions of optical axes. Integrated
solution of such problems is important for improving reliability of endoscopic OCT-based diagnostics and
quality of evaluation of biological-tissue state in various clinical applications.
3.

PROBLEM OF ELASTOGRAPHIC MAPPING IN OCT

Elastographic mapping [49] is another direction in the development of OCT aimed at obtaining additional information to complement the conventional intensity (structural) images. The term “elastography”
in OCT is introduced by analogy with medical ultrasound and is usually understood as mapping of the spatial distribution of either shear elastic modulus G or the Young modulus E. It is well known that for most
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part of biological tissues (except for bones and cartilage) the shear modulus G is much less than the bulk
elastic modulus K, so that the Poisson’s ratio ν is very close to 0.5, the value typical of liquids (notice that
the exact equality ν = 1/2 corresponds to zero shear modulus G = 0). As a result, for almost all biological
tissues, the shear and Young moduli are proportional to each other with the same coeﬃcient, since in the
isotropic approximation E = 2 (1 + ν) G ≈ 3G [50]. In view of this, the literature on elastography quite
often does not indicate which particular modulus (G or E) is mapped, and the term “stiﬀness” that has no
rigorous deﬁnition is used. For a given value of the bulk modulus, higher values of the shear modulus characterize the ability of a soft tissue to maintain its shape. Just by this reason, the procedure of conventional
palpation gives elastographic information: ﬁngers feel an inclusion with a higher shear modulus as a stiﬀer
region surrounded by easier deformable soft tissue.
For medical purposes the mapping of stiﬀness distribution in soft (i.e., other than cartilage or bone
tissues) is important, because variability of the shear modulus (stiﬀness) is much higher compared with
variability of the bulk modulus. Namely, the stiﬀness of the same soft tissue in normal and pathological
states may diﬀer several times and even orders of magnitude in contrast to rather weak (on the order of a few
per cent) complementary variations of the bulk modulus. On the other hand, it is the bulk modulus which
determines the impedance of ultrasound waves, and just its weak variations are visualized in conventional
ultrasonic medical scanners. Thus, eventual variations in the shear modulus are not directly visualized
either in conventional ultrasound echography, or in OCT images, because they characterize the scattering
properties of the tissue with respect to longitudinal ultrasonic waves and transverse optical waves.
In view of this, to extract information on stiﬀness of the inspected tissue one has to perform additional
image processing and compare conventional OCT images of a tissue subjected to either quasistatic or
dynamic deformation. The latter approach can imply the excitation of either relatively low-frequency
vibrations [51], or surface Rayleigh waves (e.g. induced by a miniature air-gun system [52]), or bulk shear
waves (e.g., utilizing radiation pressure of focused ultrasonic beams [53]). Since the velocities of Rayleigh
and shear waves are determined by the shear elastic modulus, measuring their velocities by OCT means
allows for quantitative evaluation of the tissue stiﬀness. However, such methods require additional devices
for excitation of vibrations or waves, so that here we focus on approaches that do not require additional
technical means and thus are especially interesting for implementation in practical multimodal OCT devices.
In medical ultrasound, similar studies aimed at combining elastography with the capabilities of conventional ultrasonic scanners have been actively carried out over two decades [54]. As a result, in recent
years several ultrasonic scanners with implemented capabilities of elastographic mapping have become commercially available [55]. This additional feature signiﬁcantly increased the information content and improved
speciﬁcity of ultrasonic diagnostics. In OCT, similar studies of the prospects for realization of elastographic
mapping [49] started about one decade later than in ultrasound. In many aspects, such studies have been
based on the elastographic approaches used in ultrasound. However, unlike the medical ultrasonic scanners,
OCT scanners capable of elastographic mapping are not yet commercially available. This fact is related, in
particular, to certain features of OCT images which complicate direct transfer of elastographic processing
principles from the medical ultrasound to OCT, as is discussed in the following sections.
4.

ELASTOGRAPHIC METHODS BASED ON THE INITIAL RECONSTRUCTION
OF THE DISPLACEMENTS IN DEFORMED TISSUES

Detailed consideration of various elastographic approaches discussed in the literature is not the goal
of the present paper which is primarily focused on the issue of creating a potentially practical multimodal
OCT device. For such a scanner, diﬀerent regimes should not require application of signiﬁcantly diﬀerent
hardware features. In such a context, especially attractive for realization of elastographic mapping looks
the possibility of utilization of the OCT probe itself for producing quasistatic deformation of the inspected
tissue. Elastographic information in such a case should be extracted by appropriate processing of the OCT
images of the deformed medium.
Conventionally in such a context it is assumed that at the ﬁrst stage one should reconstruct the tissue
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displacements produced by the OCT probe. Then the local strains should be determined by numerical
diﬀerentiation of the reconstructed displacements [49]. Since in the probe vicinity the elastic stress is
approximately uniform, the regions with increased stiﬀness better conserve their shape and, correspondingly,
the local strains in such regions are smaller even if their translational displacements (that do not aﬀect the
relative mutual positions of the tissue constituents) are not small. The diﬀerence in the local strains found
as a result of such a two-stage procedure gives information on the relative stiﬀness in diﬀerent regions. It
makes sense to call this group of approaches “displacement based” (DB-approaches), because at the initial
stage they use the reconstruction of the displacements, although particular methods of the displacement-ﬁeld
reconstruction can signiﬁcantly diﬀer. Despite such diﬀerences, a signiﬁcant part of elastography-related
OCT studies starting from the ﬁrst publications till present [49, 57–62] focuses on the DB-approaches (in a
wide sense of this term).

4.1.

Correlation approach to reconstruction of the displacement field

For determining displacements in diﬀerent spatial regions, by analogy with medical ultrasonics, it
seems natural to use cross-correlation between the compared OCT images (obtained at diﬀerent compression
levels) using a sliding correlation window. This procedure corresponds to maximization of the correlation
coeﬃcient Cx,z (n, k):

m

1 m
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2
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where S is a fragment of the reference OCT image m1 × m2 elements in size centered at the point (x, z).
The corresponding fragment F within a window of the same size is taken from the compared (strained)
image. The position of the center of this window slides within a certain search region, which corresponds
to searching for such parameters n and k in Eq. (1), for which the correlation coeﬃcient Cx,z reaches a
maximum. The quantities μS and μF are the mean values found over the correlation windows S and
F , respectively. For identical regions, correlation coeﬃcient (1) reaches its maximum unity value at zero
displacements n = k = 0. If the compared image represents deformed tissue, the sliding window is moved
within a certain search area centered at (x, z) at the reference image to ﬁnd such coordinates n∗ and k∗ of
the window F center, for which the best coincidence of the windows S and F is obtained and correlation
coeﬃcient (1) reaches a maximum. The so-found coordinates (n∗ , k∗ ) of the window F , for which the
correlation coeﬃcient reaches a maximum, deﬁne the displacement vector corresponding to the new position
of the group of scatterers localized within the window S in the reference image.
Such a correlation approach for reconstructing the displacement ﬁeld was discussed, in particular,
in [49] and in later publications [57, 58]. Researches clearly understood that OCT images are characterized
by a pronounced speckle structure [63–65]. In principle, such a speckle structure can be displaced as a whole
if the scatterers do not experience mutual displacements relative to each other (for example, in the case
of a pure translational displacement). However, in most cases of practically interest, the displaced areas
experience deformations, which does cause mutual displacement of sub-resolution scatterers located within
the sample volume with the axial size limited by the coherence length. For a suﬃciently strong deformation,
the speckle spots are not only displaced, but also may change their brightness, sometimes quite signiﬁcantly.
Thus, individual speckles in OCT images of deformed tissues exhibit pronounced “blinking” and peculiar
“boiling” of the speckle pattern, which may completely destroy the cross-correlation between compared
images at the speckle level.
In the context of the problem of decorrelation at the speckle level, note that if the tissue image has
larger-scale features of morphological origin, which results in the appearance of the corresponding largerscale components in the spatial spectrum, then spatio-temporal ﬁltering of smaller-scale speckle blinking
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Fig. 2. Illustration of the sub-resolution scatterers localized within the sample volume and the backscattered
optical waves with random mutual phasing dependent on the random separation of the scatterers (a). The
interference of these waves results in the appearance of speckle patterns in OCT images, as well as speckle
blinking if the tissue is deformed. Plot (b) shows the schematic of the tissue straining caused by the compression
created by the rigid surface of the OCT probe (the direction of straining is shown by a vertical arrow).
can help to keep a quite noticeable correlation between compared images [66, 67].
However, such a procedure of retaining only larger-scale image features leads to a signiﬁcant reduction
in the resolution of the resultant ﬁeld of cross-correlation in comparison with correlation at the smallest-scale
speckle level. Besides, many tissues do not exhibit pronounced morphological features. In view of this, it is
desirable to perform the correlation processing at the level of the speckle structure which is always present
in OCT images. It is conventionally believed that for suﬃciently small deformations, the eﬀect of speckle
blinking can be suﬃciently weak, such that the correlation tracking of the speckle-spot displacements (and
thus tissue displacements) should be possible. Following [49], the corresponding procedure is called speckle
tracking.
Despite the apparent simplicity of the speckle-tracking idea, till now it has not resulted in practical
and robust methods of the displacement-ﬁeld reconstruction for elastographic applications in OCT. At the
same time, it is well known that similar correlation procedures are successfully applied for reconstruction
of displacement and strain ﬁelds in engineering problems, where digital photos of deformed samples are
compared (the so-called methods of digital image correlation, DIC) [68–72]. In what follows we present some
simple model arguments and estimates demonstrating that the diﬃculties of transferring these methods to
speckle tracking in OCT are indeed signiﬁcant. These arguments show that the satisfactory reconstruction
of the displacements based on the speckle-level correlation procedures indeed can be achieved in OCT only
under very special conditions.
Let us consider a simple model of speckle spot formation due to interference of a pair of optical waves
scattered by two sub-resolution scatterers located within a sample volume of an OCT scanner (see Fig. 2).
The result of interference of these waves is determined primarily by the axial separation of the scatterers,
because they are usually located in the Fraunhofer zone of the receiving element, so that the phase diﬀerence
due to the lateral separation within the scanning beam can be neglected (to ﬁrst order). In view of this, the
optical waves that ﬁrst propagate to and then return from the pair of scatterers separated by the distance
Δz in the axial direction acquire the phase diﬀerence Δϕ = 2k Δz, where k is the wavenumber. The random
separation Δz of the sub-resolution scatterers is smaller than the coherence length Lax that determines the
axial resolution of the OCT scanner. The resultant intensity Ires of the signal received from these scatterers
is given by the expression
(2)
Ires = I1 + I2 + 2 I1 I2 cos[Δϕ],
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where I1 and I2 are the intensities of each of the two backscattered components. For simplicity, in what
follows we consider the identical intensities I1 = I2 = I.
If the tissue is strained with strain magnitude s, the modiﬁed phase diﬀerence is given by Δϕ(s) =
2k Δz (1 + s). This expression takes into account the fact that it is the small diﬀerence Δz in the axial
coordinates of the sub-resolution scatterers within the sample volume that dominates the phase diﬀerence
Δϕ(s) of the interfering waves. Indeed, the other (although signiﬁcantly greater) parts of the optical paths
practically coincide and eventual inhomogeneities along those paths introduce the same variation in the
phases of both interfering waves. Consequently, the deformation of the tissue causes a phase-diﬀerence
variation given by the expression δ[Δϕ(s)] = 2k Δz s, in which only the initial diﬀerence Δz in the axial
coordinates of the scatterers is present.
Evidently, intensity (2) is most sensitive to the small phase variation δ[Δϕ(s)] in the vicinity of
the steepest derivative of the phase factor cos[Δϕ(s)], i.e., for 2k Δz = π/2 + πm (here m is an integer),
corresponding to cos[Δϕ(s)] = ± sin(2k Δz s) ≈ ±2k Δz s. It should be emphasized that the discussed
condition of strong sensitivity of the phase factor is not a signiﬁcant limitation, because the derivative of a
sine function sin(x) varies fairly slowly with increasing argument x in the range from 0◦ to 90◦ . For example,
even for x = 60◦ , the derivative decreases only by a factor of two. Thus, it can be said that the abovementioned condition of the high strain sensitivity of the phase factor concerns approximately 60/90 ≈ 70 %
of all speckles in an OCT image.
In view of these arguments, Eq. (2) indicates that the strain s causes a variation in the intensity of
the most part of speckle spots by
(3)
δIblink (s = d/H) ≈ 4I0 k Δz s.
In Eq. (3), the strain s ≈ d/H is approximately (neglecting tissue the inhomogeneity) related to the axial
displacement d of the considered scattering volume and its depth H counted from the rigid surface of the
probe that produces deformation of the tissue. We emphasize that the intensity variation δIblink (speckle
blinking) given by Eq. (3) has no relation to the displacement of the speckle spot as a whole, and is entirely
due to the tensile or compressional straining of the tissue.
On the other hand, the same strain s that causes a variation in the size of the scattering volume
(responsible for speckle blinking) also causes a displacement of the entire scattering volume, which results
in the intensity variation in the vicinity of the initial position of the speckle spot. The latter variation is
of purely geometric origin and is due to the displacement of the entire speckle. To evaluate the magnitude
of the intensity variation due to a geometric displacement of the speckles we, as above, limit ourselves to
considering the displacements along the z coordinate. Let I(z) be the initial distribution of the intensity in
the OCT image. Then for the speckle corresponding to the scattering volume with the depth z = H, the
displacement of the scatterers by the distance d causes a variation in the intensity of the considered speckle
by
(4)
δIgeom (d) ≈ d · ∂I(z)/∂z ≈ d · I0 /(D/2) = 2I0 Hs/D,
where D is the characteristic diameter of one intensity spot. Equation (4) shows that, in contrast to the
intensity variation δIblink that is determined only by the local strain s, the variation δIgeom is determined
by the displacement d of the scattering volume and consequently for a given strain s, also depends on the
depth H.
The aim of speckle tracking is the detection of displacements of the scattering volumes. Those
displacements determine exclusively the variations δIgeom in contrast to the variations δIblink (speckle blinking) related to changes of mutual positions of the sub-resolution scatterers within each sample volume. This
means that the realization of speckle tracking requires that the geometric intensity variations δIgeom (d)
strongly dominate over the variations δIblink related to the speckle blinking:
δIgeom /δIblink  1.

(5)

For example, let us require that the correction to the variation in the intensity of the speckle spot related
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to blinking does not exceed 20 % (that is δIgeom /δIblink ≥ 5). Let us also recall that the phase diﬀerence
between the waves from the sub-resolution scatterers is 2k Δz = 4π Δz/λ (where λ is the optical wave
length), and for random location of the scatterers within the sample volume, the characteristic distance
between such sub-resolution scatterers can be estimated as Δz ≈ Lax /2.
Then Eqs. (3) through (5) yield the following condition on the minimun depth for the scattering
volume:
(6)
H ≥ 10πDLax /λ.
Next, let us take into account that the minimum size D of a speckle spot in a pixelized image should not
be less than two pixels in order to satisfy the Nyquist-Kotelnikov criterion, and also use in the estimate a
typical OCT system coherence length Lax ≈ 10λ. Then the inequality (6) yields the following estimate of
the minimum depth (in pixels) required for fairly reliable speckle tracking:
H ≥ 200π ≈ 628 (pixels).

(7)

The obtained estimate shows that for typical parameters of OCT systems, implementation of reliable speckle tracking is problematic and may in fact be impossible for signiﬁcant parts of an OCT image.
Numerical examples [73, 74] conﬁrm that actual displacements of the scatterers can be strongly masked
by speckle blinking. Those examples also show that even at the initial stage of deforming the tissue, the
speckle blinking can mask not only axial, but also lateral displacements. This is due to the fact that lateral
deformation of the compressed tissue is accompanied by axial straining. This axial straining in turn causes
the masking decorrelation due to speckle blinking, despite the fact that the lateral mutual displacements of
the sub-resolution scatterers do not directly contribute to signiﬁcant speckle blinking.
Usually, discussions of speckle tracking have been conducted under the assumption that for suﬃciently
small strains that do not yet cause signiﬁcant variations in the intensity of speckles, the tracking of speckle
displacements by correlation processing can be guaranteed. However, the above-presented arguments show
that it is the properties of the OCT system (ﬁrst of all, the optical wavelength and the coherence length)
which determines the degree of masking of the actual displacements by the inﬂuence of speckle blinking,
and the degree of this masking can be signiﬁcant even for very small strains, which at ﬁrst glance looks
counter-intuitive. In this context, it becomes clear why for modern ultrasound scanners, for which the
length of the sound pulse (the counterpart of Lax in OCT) can approach one wavelength, the limitations
related to the inﬂuence of speckle blinking are much less severe. This explains why in reconstruction of
strain ﬁelds in OCT the speckle tracking is not as eﬃcient as in a similar processing of images given by
ultrasonic scanners. Generally speaking, the speckle structure of images discussed above for OCT systems
with Lax /λ ≈ 10 should be present in the images obtained even by systems with Lax /λ ≈ 1, for a superbroadband OCT system described in [63] or modern ultrasonic scanners. However, the masking inﬂuence
of speckle blinking in the latter case should be much weaker. Similarly, in the absence of speckle blinking,
the correlation approach to reconstruction of displacements (digital image correlation) works very well in
engineering applications based on the processing of photographic images of deformed samples [68–72].

4.2.

Reconstruction of displacements based on phase measurements

In view of the above discussed diﬃculties in realization of correlation methods for reconstruction of
displacement ﬁelds in OCT, it is not surprising that in recent years ever increasing attention has been paid
to the feasibility of displacement measurements based on phase methods [59–61, 75]. Some of those works
demonstrate signiﬁcantly better possibilities for the phase approach to displacement-ﬁeld reconstruction,
compared with the correlation methods (e.g., [75]). In such methods, ﬁrst of all, axial displacements are
discussed. Formally, in the phase methods of displacement measurement, the variation in the mutual
distance between the sub-resolution scatterers also contributes to the phase variation for the received signal.
However, this contribution produces much weaker masking eﬀect compared to the speckle-intensity blinking
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in the correlation-based speckle tracking.
Let us compare the role of the mutual displacements for a pair of sub-resolution scatterers in the
case of phase measurements and in the above-considered correlation speckle tracking assuming the same
parameters of the OCT scanner. The resultant signal produced by a pair of scatterers localized within
a sample volume is formed by the corresponding pair of waves that can be conveniently written in the
complex-valued form assuming for simplicity identical strength of the scatterers:
a1 = A exp[i 2k (H − Δz/2) (s + 1)];

(8a)

a2 = A exp[i 2k (H + Δz/2) (s + 1)].

(8b)

Here, as before, s is the axial strain of the tissue, H is the depth of the center of the sample volume, and
the maximum axial distance between the sub-resolution scatterers is limited by the axial coherence length,
Δz ≤ Lax . The resultant ﬁeld a = a1 + a2 takes the form
a = 2Ã cos[k Δz (s + 1)] exp(2ikHs).

(9)

Here, the complex amplitude Ã = A exp(2ikH) is introduced that does not depend on the strain s. The last
phase factor in Eq. (9) describes the variation of phase for the wave backscattered from the sample volume
with the center at z = H. The factor cos[k Δz (s + 1)] is due to interference of the ﬁelds from the two
subresolution scatterers and describes the dependence of intensity of the resultant speckle spot on the initial
axial separation Δz of the scatterers and the strain s.
The received wave interferes with the reference ﬁeld at the photo-receiver, which transforms the
variation of the wave phase into variations in the intensity Id at the phase detector. The intensity Id can be
found by analogy with Eq. (2), where the intensities I1 and I2 are changed to the intensity Ia of the received
wave given by Eq. (9) and the reference-wave intensity Ir :
Id = Ir + Ia + 2

Ir Ia cos[Δϕ(s)].

(10)

Here, the quantity Δϕ(s) = 2kHs − ϕr has the meaning of the diﬀerence between the phase ϕr of the
reference wave and the phase 2kHs of the received sample wave [Eq. (9)]. The appropriate choice of the
reference phase ensures the maximum sensitivity of the factor cos[Δϕ(s)] in Eq. (10) to the small phase
variations 2kHs < 1. In such a case, the displacement d = Hs yields intensity variation by
|δId (Hs)| = 4I0 kHs,

(11)

where for simplicity it is assumed that Ia (s = 0) = Ir = I0 .
In principle, the intensity Id given by Eq. (10) can also experience variations due to a variation in
the intensity Ia (including the variation in the speckle-spot intensity due to speckle blinking). The latter,
as is seen from Eq. (9), relates to the variations in the distance between the sub-resolution scatterers in
the strained tissue, Ia = |a|2 = 2A2 {1 + cos[2k Δz (s + 1)]}. By analogy with the discussion of Eq. (2),
one can conclude that the strongest variations in Ia should be observed at 2k Δz = π/2 + πm, i.e., for
cos[2k Δz (s + 1)] = ± sin(2k Δzs) ≈ ±2k Δz s. Since the separation Δz of the scatterers does not exceed
Lax , the maximum value of those blinking-related variations is of the order of δIa ≈ 2I0 k Δz s ≤ 2I0 kLax s.
Comparison of the latter expression with Eq. (11) indicates that for the discussed small deformations and
under the condition H  Lax (valid for the most part of the image), speckle blinking yields only negligible
corrections to the displacements based of the phase measurements. Thus, there is a strong diﬀerence from
the above-considered case of correlation approach to reconstruction of displacements, because for the latter,
under the usually valid condition Lax /λ  1, the speckle blinking can produce very strong masking eﬀect
over a signiﬁcant part of the image. This masking eﬀect does not disappear even for very small strains.
In contrast, the above-presented arguments demonstrate that in the phase method the blinking-induced
error on the order Lax /H in the estimate of actual phase variations is negligible (except for the minimal
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depths H ≈ Lax ), so that for small strains s < 1/(2kH), this measurement error is not important for correct
estimation of the displacement almost everywhere over an OCT image.
Therefore, modern technical means that routinely ensure the accuracy of phase measurements of
the order of a degree make it possible to measure displacements d  λ in OCT. Since λ  H, it can be
said that the eventual uncertainty proportional to an integer number of wavelengths in the phase method
does not occur for suﬃciently small strains, Hs  λ < Lax , i.e., exactly for the discussed small sub-pixel
displacements over the entire area of an OCT scan.
At the next stage, for evaluating local stiﬀness of the tissue, one needs to reconstruct local strains, for
which numerical diﬀerentiation of the earlier reconstructed displacement ﬁeld is required. This diﬀerentiation
actually estimates the local value of the ratio
s(z) ≈ (d2 − d1 )/(z2 − z1 ),

(12)

where z1 and z2 are the initial positions of the scatterers displaced by the distances d1 and d2 , respectively.
Therefore, the quality of the diﬀerentiation is determined by the inaccuracy of measuring both the scatterer
displacements d1 and d2 and their initial positions z1 and z2 . Although the displacements d1 and d2 can be
measured with a fairly high sub-pixel accuracy (e.g., using phase methods as argued above), the distances
z1 and z2 in the best case are known with accuracy determined by the vertical resolution Lax . The latter in
the pixelized OCT image cannot be better than 1-2 pixels (when the minimal requirements of the NyquistKotelnikov criterion are satisﬁed). Besides, inhomogeneities of the refraction index in real tissues can
introduce additional errors in the estimation of the distances z1 and z2 . In some works (for example, [59,60])
instead of the estimate (12) of the genuine local strain, the authors suggested using the quantity
ε(z) = d(z)/z,

(13)

also called depth-dependent strain. However, the quantity ε(z) characterizes merely the average strain of
the entire layer with the thickness z. Certainly, the so-deﬁned strain is more robust with respect to the
measurement errors compared with genuine local strains, but it has no direct relation to the local tissue
parameters and does not directly show diﬀerences in the local stiﬀness.
Similar problems of numerical diﬀerentiation arise in the correlation methods of the displacementﬁled reconstruction based on speckle tracking. As argued above, for typical parameters of many OCT
scanners, the errors in the reconstruction of displacement d due to the speckle blinking can be signiﬁcantly
higher than for phase measurements. Furthermore, for some parameters of OCT scanners, the correlation
speckle tracking can be impossible over almost the entire area of OCT scans. In such a context, despite
the remaining diﬃculties in performing the error-sensitive numerical diﬀerentiation, the phase method has
signiﬁcant advantages in comparison with the correlation speckle tracking from the viewpoint of accuracy
and robustness with respect to the inﬂuence of speckle blinking.
In view of the above-mentioned problem of numerical diﬀerentiation of displacements reconstructed
by one or another method, it seems interesting to ﬁnd a possibility to completely exclude the necessity of the
numerical diﬀerentiation either via estimation of ratio (12) or using equivalent processing procedures. In such
a context, another variant of utilization of correlation procedures yields attractive prospects. This approach
is not based on the initial reconstruction of displacements, but directly uses the degree of decorrelation
between images for obtaining information on the local stiﬀness of the tissue. This recently proposed approach
to the elastographic mapping in OCT [73, 74], as well as methods of visualizing the vasculature (blood
circulation), in which a somewhat similar usage of decorrelation can be successfully applied, will be discussed
in the second part of this paper.
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