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32.1 Introduction

Manual probing (palpation) of a suspicious region is one of the most basic diagnostic

tools used by physicians to identify disease. Palpation is sensitive to variations in the

mechanical properties (e.g., stiffness) of soft tissue. These properties are determined
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by the composition and organization of the structural components of tissue, including

elastin, collagen, and the extracellular matrix and cytoskeletons of cells, as well as its

fluid content [1]. Tissue pathologies are accompanied by changes in one or more of

these factors, which often leads to a palpable disease state.

Despite its utility, palpation is limited by its subjectivity, low spatial resolution,

and poor sensitivity. Over the last 20 years, a diagnostic imaging technique known

as elastography has emerged that addresses these issues. In elastography, images

(elastograms) are generated based on a tissue’s mechanical properties [2]. A range

of different approaches has been adopted, generally sharing three key steps.

1. A mechanical load is applied to a tissue.

2. Tissue displacement in response to the load is determined.

3. A mechanical property of tissue is estimated from the measured displacement.

Initially, elastography was developed using ultrasound [3] or magnetic reso-

nance imaging (MRI) [4] as the underlying imaging modalities. A number of

pathologies have been targeted, most notably, breast cancer [5], liver fibrosis [6],

and prostate cancer [7]. Clinical results have demonstrated improved diagnostic

capabilities. For example, in a multicenter study of ultrasound elastography in

breast cancer involving more than 750 patients, improved specificity (89.5 %)

and positive predictive value (86.6 %) compared with standard ultrasound

(76.1 % and 77.2 %) were reported [8]. Both ultrasound and magnetic resonance

elastography are commercially available, including from Echosens, General Elec-

tric, Hitachi, Philips, Siemens, Supersonic, Toshiba, and Ultrasonix.

The use of optical coherence tomography (OCT) as the underlying imaging

modality in elastography, known as optical coherence elastography (OCE), was

first demonstrated by Schmitt in 1998 [9]. Closely related optical elastography

techniques based on laser speckle imaging [10, 11], ultrasound-modulated optical

tomography [12, 13], and digital holography [14, 15] have also been demonstrated.

OCE has a number of distinctive aspects in comparison to ultrasound and magnetic

resonance elastography or OCT, including.

Spatial resolution: OCE has the potential to provide a spatial resolution of

1–10 mm, much higher than for (clinical) ultrasound and MR elastography. Such

resolution provides information on length scales not previously studied, with the

potential to resolve mechanical heterogeneity in diseases such as cancer.

Acquisition speed: OCE provides for 2D image acquisition rates exceeding

1 kHz – generally much higher than for ultrasound or magnetic resonance

elastography. Such high speed promises 3D in vivo application without motion

artifact.

Sensitivity: Sub-nanometer (possibly tens of picometer) displacement sensitivity

enables the measurement of smaller changes in mechanical properties than other

forms of elastography. This sensitivity has the potential to better differentiate subtle

changes, e.g., between benign and malignant tumors.

Contrast: The Young’s modulus of soft tissue varies from Pa to MPa, whereas

the scattering coefficient of such tissues (largely determining contrast in OCT) is

typically in the range 2–20 mm�1. Thus, there is an apparent advantage in the

dynamic range of mechanical over optical contrast.
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Imaging penetration: OCE penetrates only millimeters from the probe, which is

much less than for ultrasound and MR elastography. This limitation is overcome by

exploiting fiber optics in endoscopic and interstitial probes, which expands the appli-

cations of OCE, e.g., to the assessment of atherosclerotic plaques in coronary arteries.

The landscape of OCE is rapidly changing. OCT technology has matured to the

point that sub-nanometer displacement sensitivity and rapid image acquisition speeds

are enabling, for the first time, the generation of high-resolution, high-contrast

elastograms. Commercial and clinical successes in ultrasound and magnetic reso-

nance elastography promise to pave the way for OCE. Current research efforts are

focusing on the key advances needed to enable clinical OCE, i.e., quantitative and

repeatable measurements, practical imaging probes integrated with loading mecha-

nisms, and convincing demonstrations of contrast in pathological tissue.

In this chapter, we review the basic principles and development of OCE. We

begin by describing the mechanical principles of tissue deformation. We then

describe how deformation has been measured and review OCE techniques proposed

so far. We discuss the development of imaging probes and the fidelity of contrast in

elastograms before presenting an outlook for OCE. Throughout, we touch on

applications of OCE, which are in their infancy.

32.2 Tissue Deformation

Fundamentally, elastography is a method for mapping the mechanical properties of

tissue from a set of displacement measurements. First, let us consider the physical

principles that govern tissue deformation. We use the conventional quantities

defined in continuum mechanics to link tissue displacement, deformation, load,

and elasticity [16]. We describe the load applied to tissue and the resulting

deformation using stress and strain tensors. A constitutive equation is then used

to define the elasticity by relating these tensors. In this analysis, we describe

tissue as a linearly elastic solid, allowing us to derive a number of elastic properties

that characterize its mechanical behavior, including those properties that most

closely describe the variations in stiffness that are sensed by manual palpation. It

should be recognized that the assumption of linear elasticity is generally not valid

for the majority of soft tissues, which are more accurately described as nonlinear

viscoelastic materials [1]. However, in elastography, these assumptions are often

made to simplify the analysis. Similar analyses have been used to describe tissue

deformation in ultrasound and magnetic resonance elastography [17, 18].

32.2.1 Stress Tensor

The application of a mechanical load results in stress acting throughout a tissue.

To analyze the stress, we consider a volume, subject to an arbitrary number of

external forces, Fm, as illustrated in Fig. 32.1a. These external forces give rise to

internal forces distributed throughout the volume. To define the corresponding
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stress, we divide the volume into two portions (I and II), using the plane S which

passes through an arbitrary point, P, with unit normal vector, n. Considering I, we

assume this portion is in equilibrium under the action of the external forces F1 and

F2 and the internal forces distributed over the plane S representing the actions of II

on I. To obtain the stress acting in the small area DA in the plane S containing P, we
assume that the forces acting in this area can be reduced to a resultant force DF,
where the limiting direction of DF is perpendicular to S. The stress vector, sn,

acting at this point is defined as

sn ¼ lim
DA!0

DF
DA

: (32:1)

The S.I. unit of stress is the Pascal, equivalent to Nm�2. Equation 32.1 defines

the particular case where the direction of the resultant force, DF, is also the

direction of the stress vector. More generally, the direction of the stress vector is

inclined to DA and is described by two components: a normal stress perpendicular

Fig. 32.1 (a) Stress components acting at the point P located within a deformable body under

load. (b) Normal strain along the x-axis of the cube in (a) (i) before and (ii) after compressive

deformation. The gray line in (ii) represents the initial length. (c) Shear strain: xy-plane of the cube
in (a) after shear deformation. The dashed rectangle represents the xy-plane before deformation
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to DA and a shear stress acting in the plane of DA. Consider the infinitesimal cubic

element located at the point P, shown in Fig. 32.1a, with faces parallel to the

coordinate axes. Each component of stress acting on the cube is highlighted in

Fig. 32.1a. Two subscripts are used for each component. The first indicates the

direction of the normal to the plane and the second indicates the direction of the

stress component. The total stress acting on the cube is described by a second-order

tensor:

s ¼
sxx sxy sxz
syx syy syz
sxz syz szz

2
4

3
5: (32:2)

32.2.2 Strain Tensor

The strain tensor describes each component of the deformation resulting from an

applied load. Consider the x-axis of the infinitesimal cube presented in Fig. 32.1a.

In Fig. 32.1b, this axis is shown (i) before and (ii) after compressive deformation.

The component ux describes the displacement at the point A. The initial length

along the x-axis, jABj, is given by dx. After deformation, this length (jabj in
Fig. 32.1b) is given by dxþ @ux

@x dx . The normal strain is defined as the unit

elongation/contraction:

exx ¼ abj j � ABj j
ABj j ¼ @ux

@x
: (32:3)

The same analysis holds for the normal strain in the y- and z-axes, eyy and ezz,
defined as

@uy
@y and

@uz
@z , respectively. In OCE, the strain defined in Eq. 32.3 is often

referred to as the local strain [19]. As the strain is a ratio of lengths, it is

dimensionless. By convention, tensile strains are positive and compressive strains

are negative. Following this convention, the quantity @ux
@x @x in Fig. 32.1b is

negative, and therefore, the compressive strain exx is also negative. Analogously

to stress, the strain has both normal and shear components. The xy-plane of the

cube in Fig. 32.1a is illustrated in Fig. 32.1c. After deformation, the area dxdy
takes the form of a parallelogram in the general case. The shear strain is defined as

the change in angle between two axes that were originally orthogonal. From

Fig. 32.1c, the shear strain, exy, is given by a þ b. For small displacement

gradients, we have a ¼ @uy
@x and b ¼ @ux

@y , where uy is the displacement along the

y-axis at the point A, allowing the shear strain, exy, to be defined as
@uy
@x þ @ux

@y .

By interchanging x and y and ux and uy, it can be demonstrated that exy ¼ eyx.
Shear strain components in the xz and yz planes can be defined in a similar

manner. The infinitesimal strain tensor describing each component of strain can

then be expressed as
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e ¼
exx exy exz
eyx eyy eyz
ezx ezy ezz

2
4

3
5

¼

@ux
@x

0:5
@ux
@y

þ @uy
@x

� �
0:5

@ux
@z

þ @uz
@x

� �

0:5
@uy
@x

þ @ux
@y

� �
@uy
@y

0:5
@uy
@z

þ @uz
@y

� �

0:5
@uz
@x

þ @ux
@z

� �
0:5

@uz
@y

þ @uy
@z

� �
@uz
@z

2
6666664

3
7777775
, (32:4)

where the shear components are scaled by 0.5, as exy ¼ eyx, exz ¼ ezx, and eyz ¼ ezy. It
should also be noted that in dynamic elastography techniques, the strain rate is often

measured. Strain rate is defined as the rate of change of strain with time [1] and is

easily obtained from the expressions defined in Eq. 32.4.

32.2.3 Constitutive Equation for a Linearly Elastic Solid

Having defined the load applied to tissue using the stress tensor and the resulting

deformation using the strain tensor, a constitutive equation relating the two is used

to define tissue elasticity. In elastography, the most commonly used constitutive

equation is that of a linearly elastic (or Hookean) solid in which the relationship

between stress and strain is linear and strain is independent of the rate at which the

load is applied. The constitutive equation for a linearly elastic solid is

sij ¼ Cijklekl, (32:5)

where i, j, k, and l define each tensor component. As s and e are second-order

tensors, C is a fourth-order tensor, consisting of 81 elastic constants, referred to as

the elasticity tensor. To simplify the analysis, it is frequently assumed that the

elasticity is isotropic, i.e., elasticity can be described without reference to

direction. This imposes maximum symmetry on the tensor, reducing the 81 elastic

constants to two and resulting in the isotropic linear elastic constitutive equation,

defined as

sij ¼ lekkdij þ 2meij, (32:6)

where l and m are the elastic constants, also known as the Lamé constants, and dij is
the Kronecker delta (equal to 1 if i ¼ j and 0 otherwise). As e is dimensionless, the

unit for l and m is that of stress, i.e., the Pascal. It should be noted that constitutive

equations that more accurately model the nonlinear viscoelastic response of soft
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tissue to loading have also been proposed [20]. However, their complexity has

restricted their use in OCE.

32.2.4 Elastic Properties

A number of descriptors may be derived from the Lamé constants for a material’s

elastic properties. In this section, we define these descriptors, namely, Young’s

modulus, shear modulus, bulk modulus, and Poisson’s ratio and describe their

relevance to OCE.

Young’s modulus, E, characterizes the elasticity of a material subjected to

uniaxial stress, i.e., only one normal stress component in Eq. 32.2 is nonzero.

Uniaxial stress is generally a good approximation for the loads applied in OCE. For

a load acting along z, E is defined as szz/ezz, i.e., the ratio of normal (axial) stress to

normal (axial) strain. In terms of the Lamé constants, it is expressed as
m 3lþ2mð Þ

lþmð Þ . E
has the same unit as stress, i.e., the Pascal.

Shear modulus, G, is the ratio of shear stress to shear strain, e.g., sxz/exz. It is
equal to the Lamé constant, m, and its unit is the Pascal.

Bulk modulus, K, is defined as the ratio of hydrostatic pressure, s, to unit

volume change, Dv/v. Hydrostatic pressure describes the situation when all shear
stress components are zero and the normal stress components are equal,

i.e., sxx ¼ syy ¼ szz. K is a measure of the compressibility of a material and

defined as lþ 2
3
m, and its unit is the Pascal. Its unit of measurement is the Pascal.

Poisson’s ratio, n, is defined as the ratio of the normal strain along the axis of

stress to the normal strain in each orthogonal axis. In compression, it is the ratio of

elongation per unit breadth to contraction per unit length, e.g., �exx/ezz, where the

negative sign results from the division of a tensile normal strain, exx, by

a compressive normal strain, ezz. It is defined in terms of the Lamé constants as
l

2 lþmð Þ. As it is a ratio of two strains, it is dimensionless.

The Lamé constants, Young’s modulus, shear modulus, bulk modulus, and

Poisson’s ratio are related. Only two of these parameters are independent for an

isotropic, linearly elastic material, and thus, measurement of any two determines

the other parameters. For soft tissue, the high water content results in the near

conservation of volume upon compression. As a result, the bulk modulus of soft

tissue has been reported to vary by less than 15 % from that of water [17].

The incompressibility of soft tissue also results in a Poisson’s ratio of very close

to but not exceeding 0.5. As these properties do not vary significantly for soft

tissues, the goal of most OCE techniques is to estimate Young’s modulus or shear

modulus, which has a much larger dynamic range. These moduli also correspond

most closely to what is sensed by manual palpation of the tissue. In soft tissue, it is

readily shown that E � 3G, under the assumption that n � 0.5 [16]. Therefore,

Young’s modulus is the most common single property used to characterize tissue

elasticity and the most commonly probed property in OCE. The value of Young’s
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modulus of soft tissues extends from tens of Pascals, in very soft tissues such as

adipose [21], to hundreds of kPa to MPa, as in hard tumors [22].

32.2.5 Equations of Motion

In some OCE techniques, as well as in some ultrasound and magnetic resonance

elastography techniques, a dynamic (sinusoidal) load is applied to the sample. In

this case, inertia must be taken into account. The constitutive equation of motion for

a linearly elastic solid is given by Navier’s equation as [16]

r0
@2u

@t2
¼ lþ mð Þ∇ ∇ � uð Þ þ m∇2u, (32:7)

where r is the density of the tissue and u is the displacement vector. Transverse and

longitudinal waves can propagate independently in thematerial: S (shear) waves and P

(pressure) waves, respectively. For shear wave propagation, there is no volume change

in the material. The dilatation term (∇ � u) is therefore zero and Eq. 32.7 becomes

∇2u ¼ 1

c2s
lþ mð Þ∇ ∇ � uð Þ þ m∇2u, (32:8)

where cs, the shear wave speed, is defined as
ffiffiffiffiffiffiffiffi
m=r

p
. Pressure waves are

irrotational, i.e., ∇ � u ¼ 0, allowing u to be written in terms of a potential, c,
such that u ¼ ∇c. The wave equation then becomes

∇2 ∇cð Þ ¼ 1

c2p
lþ mð Þ∇ ∇ � uð Þ þ m∇2u, (32:9)

where the P-wave speed, cp, is defined as
ffiffiffiffiffiffiffiffi
lþ2m
r

q
.

For soft tissues, the pressure wave speed, typically several thousand m/s, is

orders of magnitude faster than the shear wave speed, typically several m/s [18].

The focus in dynamic OCE to date has mainly been to measure elasticity from the

shear wave properties [23–26]. There are several reasons for this: firstly, as the

P-wave speed depends on variations of the bulk modulus, it has a much lower

dynamic range in tissue than S-waves; secondly, the high speed of P-waves makes

their detection challenging.

An advantage of dynamic OCE is that it should enable the complex dynamic

mechanical response of a sample to bemeasured, providing information about both its

elastic and viscoelastic properties. OCE techniques that have been used to measure

viscoelastic properties of tissue are discussed in more detail in Sect. 32.4.4. Dynamic

OCE is also potentially more suitable for in vivo measurements, as it enables loading

in a frequency range not affected by sample motion, e.g., due to breathing.
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32.3 Measuring Displacement in OCE

The accuracy and dynamic range of the displacement measured in response to

a load has a major impact on elastogram quality. In this section, we describe three

techniques to measure the displacement: speckle tracking, phase-sensitive detec-

tion, and use of the Doppler spectrum.

32.3.1 Speckle Tracking

Speckle is the phenomenon of fine-scale, apparently random, fluctuating light

and dark intensity present in all coherent imaging systems. In OCT, it is

generated by the summation of the multiple backscattered optical wavefields

arising from the sub-resolution sample scatterers. The wavefields may be

represented as a summation of complex phasors, which determines the intensity

and phase of the detected signal. A detailed analysis of OCT speckle can be found

elsewhere [27].

Speckle tracking may be considered to be a sub-branch of the much broader

field of speckle metrology, developed since the late 1960s [28, 29]. The utility

of speckle for tracking motion in OCE arises because each speckle realization,

far from being random, is dependent upon the precise location of backscatterers

within the sample. As the backscatterers translate, within a certain range, so

does the speckle pattern associated with them. Under the assumption that

the relative positions of sub-resolution scatterers remain fixed while they

translate, any variation of the speckle pattern between successive acquisitions,

or equivalently, of its second-order temporal statistics, can be used to measure

sample motion. This is shown in Fig. 32.2, in which a small portion of an

OCT speckle pattern acquired from a homogeneously scattering phantom under

compressive load (applied from above) is shown in false color. The pattern is

shown for four increments in load, increasing from Fig. 32.2a–d. Translation

of a single bright speckle is highlighted by a black outline in each figure

part. Evident in Fig. 32.2 is the gradual decorrelation of the speckle pattern

with load, a major limitation of the technique. This decorrelation is caused by

the reorganization of the positions of the sub-resolution scatterers due to loading.

It limits the maximum measurable displacement to considerably less than the

OCT resolution.

The speckle shift is typically evaluated by calculating the cross-correlation of

a portion of B-scans acquired at two time points during compression [9]. Consider a

point scatterer embedded in a transparent medium at position (x, z). When the

sample is placed under load, the scatterer is displaced to a new location, (x + Dx,
z + Dz). The normalized cross-correlation between the OCT signal before, I1(x, z),
and after loading, I2(x, z), within a predefined window of dimensions X � Z, is
given by
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r x0, z0ð Þ ¼

Z Z=2

�Z=2

Z X=2

�X=2

I1 x, zð ÞI2 x� x0, z� z0ð ÞdxdzffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiZ Z=2

�Z=2

Z X=2

�X=2

I21 x, zð Þdxdz
Z Z=2

�Z=2

Z X=2

�X=2

I22 x� x0, z� z0ð Þdxdz
s : (32:10)

The relative displacement, between the acquisition of I1(x, z) and I2(x, z), in the

x and z directions can then be determined from

Dux ¼ max r x0, z0ð Þð Þ½ � for z0 ¼ 0, � X=2 � x0 � X=2, (32:11)

and

Duz ¼ max r x0, z0ð Þð Þ½ � for x0 ¼ 0, � Z=2 � z0 � Z=2: (32:12)

Fig. 32.2 Speckle pattern of a silicone phantom (logarithmic intensity scale) under increasing

compressive load (applied from above) from (a–d). Image dimensions 50 � 50 mm. Black outline
highlights the evolution of an individual speckle
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From Eqs. 32.10–32.12, r is maximum for x0 ¼ Dx and z0 ¼ Dz, respectively.
Correlation-based speckle tracking was used in early OCE research [9, 30–34] and

has been commonly used in ultrasound elastography [3]. Early examples of OCE

elastograms obtained using correlation-based speckle tracking, along with the

corresponding OCT images, acquired from a Xenopus laevis tadpole at different

stages of development are shown in Fig. 32.3.

The minimum measurable displacement obtainable with speckle tracking is

determined by the spatial sampling in the underlying OCT system, assuming an

adequate OCT SNR. For cross-correlation techniques that use a central difference

approach to evaluate Eq. 32.10, this corresponds to 0.5 pixels [10]. Displacements

as small as 0.1 pixels can be measured using parametric techniques, such as the

maximum likelihood estimator [11, 35]. However, these estimators result in

intolerably large errors for displacements >0.8 pixels.

The maximum measurable displacement using the cross-correlation method is

set by speckle decorrelation, as mentioned, which depends on the sample elasticity

as well as on the size range, density, and arrangement of the sub-resolution

scatterers. In a study on a silicone phantom containing titanium dioxide particles,

Fig. 32.3 OCT images and strain maps of a Xenopus laevis tadpole at different life cycle stages.
(a, c) Representative structural OCT and OCE relative (local) strain maps, respectively, for stage

42 (3 -day-old). (b, d) Representative structural OCT and OCE relative (local) strain maps for

Stage 50 (15 -day-old). Scale bar ¼ 300 mm (adapted from [34])
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the maximum displacement was reported to be �0.5 times the resolution of the

OCT system [35]. Low OCT SNR also results in decorrelation between successive

B-scans [35], reducing the accuracy of displacement measurements with increasing

depth in the sample.

The above limits imply a severely limited dynamic range for speckle tracking.

Consider an OCT system with spatial resolution of 10 � 10 � 10 mm and spatial

sampling such that the axial pixel size is 3 mm and the lateral pixel size is 1 mm.

Use of a smaller pixel size either imposes restrictions on the field of view

(for fixed pixel count) or increases in the acquisition time (for more pixels).

Using cross-correlation, minimum and maximum measurable displacements

of �1.5 and �5 mm (from the example in [36]), respectively, might be reasonably

expected and correspond to a dynamic range of�3.3, with the same range applying

to the measurable elasticity in OCE.

An additional limitation is that the displacement is calculated within

a predefined window (X � Z in Eq. 32.10). The window sets the imaging spatial

resolution of each displacement measurement, lowering it relative to the OCT

image resolution, typically by a factor of 5–10 [9, 31].

An important further consideration when using speckle tracking is the avoidance

of decorrelation caused by changes in the tissue configuration not related to its

elastic properties, such as bulk motion, Brownian motion, or blood flow. This

implies an acquisition speed high enough to ensure the speckles remain correlated

between successive scans.

An advantage of speckle tracking is that motion can be tracked in more

than one spatial dimension. Speckle tracking in OCE has been performed in only

one or two dimensions, but 3D tracking has been proposed in ultrasound [37].

3D tracking would provide the opportunity to measure shear strain in addition

to normal strain (see Eq. 32.4) and to remove the otherwise necessary assumption

of isotropic mechanical behavior. This may provide additional OCE contrast

in anisotropic tissues, such as skin and muscle, as has already been demonstrated in

ultrasound [38] and magnetic resonance elastography [39]. Indeed, 3D information is

routinely obtained in magnetic resonance elastography.

32.3.2 Phase-Sensitive Detection

Speckle tracking utilizes changes in the intensity of an OCT image with loading.

In Fourier-domain (FD) OCT, after performing a Fourier transform on the

detected spectral fringes, the depth-resolved complex signal is obtained. This

provides the opportunity to analyze the phase of the detected signal. OCT phase is

generally random in soft tissue; however, it is temporally invariant if the sample

is stationary. If a sample is subjected to mechanical loading, its axial displace-

ment, Duz, between two A-scans, acquired from the same lateral position, results in

a phase shift, Df [40]. The displacement, Duz, along the axis of the incident beam is

defined as
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Duz z, tð Þ ¼ Df z, tð Þl
4pn

, (32:13)

where l is the mean wavelength of the source and n is the average refractive

index along the beam path. The phase difference is calculated either between two

successive A-scans in a B-scan (requiring high lateral sampling density) [40] or

between two A-scans acquired in the same lateral position in successive B-scans [41]:

the latter is illustrated in Fig. 32.4 with experimental data acquired from a uniformly

scattering silicone phantom. Phase-sensitive detection was initially developed

for Doppler flow velocity measurement in OCT [42]. Indeed, the phase-sensitive

technique is based on the Doppler shift; thus, unlike speckle tracking, only the axial

component of the displacement can be detected. If we assume that the maximum

measurable displacement is set by the maximum unambiguous phase difference,

i.e., 2p, then this corresponds to half the source center wavelength (in the sample

medium). The minimum measurable displacement, sDuz , is determined by the phase

sensitivity of the OCT system [43], which, in the shot-noise limited regime, is related

to the OCT signal-to-noise ratio (SNR) and is approximated as

sDf ¼ 1ffiffiffiffiffiffiffiffiffi
SNR

p , SNR >> 1: (32:14)

Park et al., in their work on flow imaging [44], demonstrated good agreement

between Eq. 32.14 and experimental results for OCT SNR >30 dB. It is important

to emphasize, however, that this approximation is only valid for large OCT SNR.

Another source of phase noise is introduced under the successive A-scans

scenario if the temporally displaced beams are not precisely overlapped in space.

The phase noise introduced due to lateral beam motion, Dx, between successive

A-scans is given by [44]

Fig. 32.4 Schematic illustration of phase-sensitive detection with experimental data from

a mechanically homogeneous silicone phantom. (a) The phase of OCT B-scans acquired at the

same lateral position before (1) and after (2) sample loading. (b) Phase difference between the

B-scans shown in (a). As the load was applied from the top, the phase difference is maximum in

this position, reducing to near zero at large depths
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sDx ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
4

3
1� exp �2

Dx
w

� �2
" #( )vuut , (32:15)

where w is the 1/e2 beam width at the focus. In practice, to minimize phase noise

due to scanning, dense sampling is performed along the axis used to calculate the

phase difference. As an example, consider a typical OCT system with a 1/e2 beam
width of 25 mm at the focus. Acquiring A-scans in 1 mm lateral steps ensures that the

phase noise due to scanning is <0.05 rad, within a factor of 5 of the limiting phase

noise for OCT SNR ¼ 40 dB. A further source of phase noise, smech, is introduced
by mechanical instabilities in the system, such as jitter in the scanning mirrors.

Combining Eqs. 32.14 and 32.15 and including mechanical instabilities, consider-

ing each of these processes to be additive and Gaussian, the total phase noise, sTot,
is given by

sTot ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
s2Df þ s2Dx þ s2mech

q
: (32:16)

To minimize sTot, both sDf and smechmust be negligible and the OCT SNRmust

be maximized (see Eq. 32.14). Under these conditions, displacement sensitivity

of�20 pm has been reported [45]. The minimization of smech has been discussed in
detail in relation to optical coherence microscopy (see▶Chap. 28, “Optical Coher-

ence Microscopy” for more details). Techniques employed to minimize smech
include the use of a common-path interferometer and a reference reflector within

the sample arm. In practice, sDf is often appreciable due to the requirement to

laterally scan across the sample, such that typical displacement sensitivities lie in

the range 0.1–1 nm.

A key advantage of phase-sensitive detection over speckle tracking is its larger

dynamic range. If we consider the phase difference between two A-scans acquired

using an OCT system with mean wavelength of 1300 nm and minimum OCT SNR

of 30 dB, the displacement dynamic range in air is >60, almost 20-fold larger than

that achievable using the cross-correlation method for speckle tracking described in

Sect. 32.3.1.

A major limitation is imposed by phase wrapping, one which invalidates the

assumption of a linear relationship between phase difference and displacement

(Eq. 32.13). Phase jumps of 2p not only occur when the desired phase difference

is close to the 2p limit but also arise due to noise when the OCT SNR is low. In the

case of dynamic loading, phase wrapping due to noise can be mitigated by faster

acquisition. An alternative means of mitigation is intensity thresholding and

weighting, which gives preference to the phase difference estimated from pixels

with high SNR. On the other hand, robust algorithms to correctly unwrap phase may

enable significant increases in the dynamic range of phase-sensitive OCE, e.g.,

successfully unwrapping one such event would lead to a 3 dB improvement

in dynamic range. However, it must be emphasized that all phase-unwrapping

algorithms break down in the presence of high noise.
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Phase-sensitive detection possesses several advantages over speckle tracking,

including the larger dynamic range, lower computational complexity, and higher

displacement sensitivity. Also, the spatial resolution of displacement measurements

is matched to that of the underlying OCT system: the displacement is not estimated

in an X � Z window, as is the case in speckle tracking.

The above discussion has not explicitly considered determining the displace-

ment by phase measurement under dynamic mechanical loading. Liang et al. [46]

developed a technique to measure displacement under dynamic loading using

phase-sensitive detection. The vibration amplitude is calculated from the displace-

ment and used to estimate the strain rate. A related technique has also been

presented for measuring vibration within the ear [45]. In the next section, we

consider a recently introduced improvement over these phase-sensitive methods

for detecting vibration amplitude.

32.3.3 Doppler Spectrum

A major limitation of phase-sensitive detection is the large drop-off in accuracy

with decreasing SNR (Eq. 32.14). Recently, with the goal of reducing this drop-off,

a new technique has been proposed for extracting the displacement from the

measured intensity under dynamic mechanical loading. Joint spectral- and time-

domain optical coherence elastography (STdOCE) improves vibration amplitude

measurement in dynamic OCE [47] by adapting the technique previously proposed

for Doppler flow imaging [48]. STdOCE provides more accurate vibration ampli-

tude measurements than the phase-sensitive technique in the case of low OCT SNR

(<20 dB), thereby extending the depth range of accurate dynamic OCE

measurements.

Dynamic loading results in an amplitude spectrum of frequency tones

described by Bessel functions of the first kind. In STdOCE, a Fourier transform is

performed in the time domain, i.e., across multiple A-scans. If the A-scan rate is

much higher than the loading rate, the result is a Doppler spectrum containing

frequency tones, which can be used to extract the vibration amplitude at each depth

in the sample.

STdOCE is closely related to a previously reported dynamic OCE technique

based solely on time-domain (TD) OCT [19, 49]. The bandwidth of the frequency

tones in TD-OCT increases with both the bandwidth of the source and the A-scan

velocity, which causes them to overlap in frequency and restricts measurements to

only the first few tones. This limits the accuracy and requires the use of a very slow

A-scan acquisition rate (�1 Hz). Nonetheless, this technique was capable of being

used to demonstrate the first in vivo dynamic OCE measurements [49].

In STdOCE, the increased number of tones in the Doppler spectrum provided by

spectral-domain (SD) OCT allows a signal processing technique proposed in

ultrasound elastography to be employed [50], in which the vibration amplitude is

determined from the variance or spectral spread of frequency tones in the Doppler

spectrum. Figure 32.5 shows the data acquisition and processing procedure for
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STdOCE. In Fig. 32.5a, 2,000 successive spectral interferograms acquired from the

same lateral position in a homogeneous phantom are shown. In Fig. 32.5b, the

corresponding depth-resolved A-scans, after Fourier transformation in k-space, are
shown. In Fig. 32.5c, the Doppler spectrum obtained after performing a second

Fourier transform in the time domain at the depth indicated by the red line in

Fig. 32.5b is shown, with nine overtones in evidence. Having calculated the

Doppler spectrum, the spectral spread algorithm is used to calculate the vibration

amplitude. The vibration amplitude calculated from the spectrum in Fig. 32.5c is

indicated by the red dot in Fig. 32.5d. This procedure is repeated for each depth in

the sample, allowing a vibration amplitude plot (blue line in Fig. 32.5d) to be

generated.

Figure 32.6 demonstrates the superiority of STdOCE over a representative tech-

nique for phase-sensitive detection [45]. In Fig. 32.6a, a structural OCT image of

a soft phantom containing a stiff inclusion is shown. The inclusion is located in the

center of the image and is indicated by the labeled arrow. Below the inclusion,

a shadow artifact, corresponding to a region of low OCT SNR, is also labeled.

A plot of the OCT SNR, at the lateral position indicated by the vertical red arrow

in Fig. 32.6a, is shown in Fig. 32.6d. Vibration amplitude images generated using

STdOCE and phase-sensitive OCE are shown in Fig. 32.6b, f, respectively. In both

Fig. 32.5 Data processing procedure for STdOCE: (a) 2,000 spectral interferograms; (b) A-scans
obtained after Fourier transform in k-space; (c) Doppler spectrum after Fourier transform in time,

performed at depth indicated by the red line in (b); and (d) vibration amplitude (peak) calculated

using the spectral spread algorithm. The red dot in (d) corresponds to the vibration amplitude

calculated from the Doppler spectrum in (c) (reproduced from [47])
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images, the stiff inclusions are denoted by the lower rate of change in vibration

amplitude with depth, i.e., lower strain. Vibration amplitude plots generated using

both techniques, at the lateral position indicated by the red arrow in Fig. 32.6a, are

shown in Fig. 32.6e. Both plots match well until a depth of �600 mm. At depths

>600 mm, the decrease in vibration amplitude is higher for the phase-sensitive

technique (red). This is caused by an underestimation of the vibration amplitude in

the low OCT SNR region below the inclusion. In comparison, the decrease in

vibration amplitude with depth measured with STdOCE below the inclusion is the

same as that above the inclusion, as expected for these mechanically uniform regions.

The strain elastograms corresponding to Figs. 32.6b and f are shown in Figs. 32.6c

and g, respectively. The artificially high strain in the phase-sensitive elastogram

(Fig. 32.6g) is clearly visible below the inclusion. As the elastogram is used as

a surrogate for elasticity, this leads to errors in the interpretation of elastograms.

In this section, we described the twomain techniques used to measure the displace-

ment in OCE: the technique used in early OCE papers, speckle tracking, and the most

commonly used technique in recent papers, phase-sensitive OCE. A recent improve-

ment on phase-sensitive OCE that applies to dynamic displacement, STdOCE, based

on the analysis of the Doppler spectrum, was also described. As discussed, each

technique has its advantages and disadvantages, and these are summarized in

the table below. It is expected that phase-sensitive techniques will continue to be

prominent, as they enjoy a significantly larger dynamic range than speckle tracking

and require the acquisition of much less data than STdOCE (Table 32.1).

32.4 OCE Techniques

In this section, we consider the wide variety of techniques that have been used to

estimate elasticity from the measured displacement, as categorized by the nature and

dynamics of the loading mechanism. We divide OCE techniques into five categories:

compression, surface acoustic wave, acoustic radiation force, magnetomotive, and

spectroscopic.

Table 33.1 Comparison of different methods to measure displacement in OCE

Minimum

displacement

Maximum

displacement

Axial

resolution

Lateral

resolution

Dimension of

elasticity

measured

Minimum

data

required

Speckle

tracking

�0.1 � pixel

size

�0.5 � OCT

resolution

5–10 �
OCT

resolution

5–10 �
OCT

resolution

1D, 2D, 3D 2 A-scans

Phase-

sensitive

�20 pm �0.5 �
source

wavelength

OCT

resolution

OCT

resolution

1D 2 A-scans

Doppler

spectrum

�10 nm �0.5 � OCT

axial

resolution

OCT

resolution

OCT

resolution

1D >10

A-scans

1024 B.F. Kennedy et al.



32.4.1 Compression

In compression OCE, a step load is introduced externally to a sample between

acquisitions (of either A-scans or B-scans) and the strain is estimated from the change

in measured displacement with depth. This technique was used by Schmitt et al. in the

first demonstration of OCE [9]. Compression elastography is the most straightforward

to implement and is also the most mature in ultrasound elastography [3, 5].

In compression OCE, a number of assumptions are commonly made: (1) the stress

is uniformly distributed throughout the sample, allowing the strain to be used as

a surrogate for elasticity; (2) the sample is linearly elastic; and (3) it compresses

uniaxially. These assumptions are also made in a number of dynamic OCE techniques

[19, 49, 51], with one notable exception [52]. The adequacy and appropriateness of

these assumptions is discussed in detail in Sect. 33.6.

The basic principle of compression OCE is illustrated in Fig. 32.7. A soft

material containing a stiff inclusion, resting on a rigid, immovable surface, is

subjected to a step load by an external compression plate. The displacement versus

depth introduced at the positions indicated by the black and blue lines in Fig. 32.7a

is shown in Fig. 32.7b. The displacement in the homogeneous region of the sample

(black line) decreases linearly to zero at zmax, i.e., the sample undergoes uniform

compression. The displacement through the center of the sample (blue curve) shows

a local deviation in the displacement in the region corresponding to the stiff

inclusion. Assuming the inclusion has a Young’s modulus much larger than the

background material, it can be considered to displace as a bulk, i.e., the displace-

ment at each position in the inclusion is equal.

In Fig. 32.7b, the presence of the inclusion can be readily distinguished from the

displacement. However, the difference in slope would be less visible if the stiffness

of the inclusion approached that of the bulk medium. Furthermore, displacement

alone cannot be used to quantify stiffness, as the displacement at a given depth in

the sample is also dependent on the distance from the load. To overcome these

issues, the uniaxial local strain, i.e., @uz/@z in the strain tensor (Eq. 32.4), may be

plotted. The local strain corresponding to the displacement plots in Fig. 32.7b is

plotted in Fig. 32.7c. The homogeneous region (black line) undergoes constant

strain versus depth, whereas the hard inclusion undergoes a locally reduced strain

Fig. 32.7 (a) Illustration of an external load applied to a tissue sample, (b) tissue displacement

versus depth for the positions indicated by the blue and black lines in (a), and (c) corresponding
strain versus depth
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(zero strain in the ideal case of bulk motion of the inclusion shown here). It should

also be noted that because the total change in displacement from zmax to zmin is the

same in both regions, the strain above and below the inclusion is higher than that in

the homogeneous region.

Experimental phase-sensitive compression OCE results from a phantom similar

to the sample illustrated in Fig. 32.7, i.e., a stiff inclusion embedded in a soft

surrounding material, are presented in Fig. 32.8. In Fig. 32.8a, the OCT image is

shown. The inclusion is visible in the center of this image. The displacement map

calculated from the phase difference between B-scans is shown in Fig. 32.8b and

the displacement plots, similar to those illustrated in Fig. 32.7b, are presented

in Fig. 32.8c at the lateral positions indicated by the arrows in Fig. 32.8b.

In Fig. 32.8d, the corresponding strain image is presented. Each pixel in this

image corresponds to the local strain estimated at that spatial location. The local

strain is presented in me, signifying microstrain. As expected, the stiff inclusion

has lower strain than the surrounding soft material. The strain is estimated as the

change in displacement, Duz, over a depth increment, Dz, which, in turn, defines the
strain axial resolution [53]. This estimation results in an inherent loss of spatial

(axial) resolution in compression OCE. For the results shown in Fig. 32.8d, Dz was
75 mm, while the axial resolution of the OCT system was �8 mm. Although it

is a qualitative measurement of elasticity (in the sense that local strain cannot be

Fig. 32.8 (a) OCT image of a soft phantom containing a stiff inclusion, (b) displacement map

generated for a load similar to that shown in Fig. 32.7a, (c) displacement plots corresponding to the

positions indicated by the blue and black arrows in (b), and (d) elastogram generated from the

displacement map in (b)
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used to determine modulus because the local stress is not known), we define the

strain image as an elastogram.

The two major factors in determining the strain measurement accuracy are the

displacement measured from the OCT data and the method used to calculate strain

from the measured displacement. The techniques used to measure displacement were

discussed in detail in Sect. 32.3. Four estimation methods have been used to deter-

mine strain in compression OCE: finite difference, ordinary least squares, weighted

least squares, and Gaussian smoothed weighted least squares (GS-WLS) [53].

In order to compare these methods, strain imaging parameters have been

defined. The strain sensitivity, Se, is defined as the standard deviation of the strain

estimate, se, and the strain SNR, SNRe, is defined as the ratio of the mean to the

standard deviation of the strain estimate, me/se. The GS-WLSmethod has been shown

to provide an improvement in both sensitivity and SNR of 3 dB compared with

weighted least squares, 7 dB compared with ordinary least squares, and 12 dB

compared with finite difference. For all methods, strain spatial resolutions <40 mm
did not provide accurate strain estimation [53].

3D visualizations of an OCT image and the corresponding elastogram, generated

using GS-WLS strain estimation, are presented in Fig. 32.9. The sample is a soft

silicone phantom containing two stiff inclusions. The elastogram axial resolution is

75 mm, and the lateral resolution is 10 mm. The inclusions are more readily

visible in the elastogram than in the OCT image, demonstrating the potential of

compression OCE to provide additional contrast in comparison with OCT. The

subject of strain contrast in compression OCE will be discussed in greater detail in

Sect. 32.6.

32.4.2 Surface Acoustic Wave

In recent years, a number of OCE techniques based on the measurement of the

velocity of waves propagating along the sample surface have emerged [14, 15, 25,

54–57]. The shear modulus can be extracted from this velocity measurement using

Fig. 32.9 3D-OCT (a, b) compression 3D-OCE images of the same soft phantom with two stiff

inclusions visible, showing enhanced mechanical over scattering contrast for the chosen values of

scattering strength and stiffness. Scale bars represent 200 mm
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inverse methods. Proposed techniques have used phase-sensitive detection in

SD-OCT [54, 55], swept-source OCT [25, 57], and digital holography [14, 15]. In

this subsection, we focus on the technique employing holographic detection.

Digital holographic imaging (DHI) is in many ways similar to OCT, as it is an

interferometric technique that provides both the amplitude and phase of light

scattered from an object. As such, it is similarly sensitive to tissue displacements,

on the order of a fraction of the light wavelength. The primary difference is that

DHI typically uses a long-coherence length light source that does not provide

depth-resolved imaging. At the same time, DHI more naturally provides tissue

surface displacement imaging over wide areas, ranging from imaging of vibrations

on an eardrum [58], to induced vibrations over the whole human body [59]. Because

DHI provides such comprehensive surface displacement data, it is helpful to look

toward other areas of science where surface data have been employed for elasticity

measurements. In fact, nondestructive testing has been widely employed to analyze

the integrity of structural materials, where inversion of vibration data to produce

a quantitative elastogram is treated as a boundary value problem [60, 61]. On

a much larger scale, seismology is concerned with the analysis of the earth’s surface

movements (e.g., from earthquakes), which has been used to produce maps of the

stiffness within the interior of the earth [62].

In seismology, the depth-dependent stiffness of, e.g., layers of rock, is often found

by analysis of Rayleigh waves (also known as surface acoustic waves or SAWs) [63].

The ability to depth-resolve elasticity using SAWs is due to two key features of the

waves: (1) SAWs propagate laterally with a penetration depth proportional to their

wavelength and, thus, are only “sensitive” to materials within this characteristic

depth, and (2) the wave velocity depends upon the material’s Young’s modulus

E within this sensitive region (which we will define as our sensitivity kernel)

according to cR � 0:87þ1:12n
1þn

ffiffiffiffiffiffiffiffiffiffiffiffi
E

2r 1þnð Þ
q

, where n is Poisson’s ratio and r is mass

density (both of which vary only slightly in tissue). As illustrated in Fig. 32.10,

we can therefore measure SAW velocity versus frequency and use this to infer

the depth-dependent elasticity. A stiff surface layer with an underlying soft layer

will appear as a positive dispersion in the SAWs (i.e., wave speed increasing

with frequency) because higher frequency waves “feel” only the stiffer

surface material, resulting in higher velocity. Conversely, a soft surface layer

with stiff underlying layer is negatively dispersed.

By using an appropriate model for the sensitivity kernel of the SAWs, one can

construct a linear system relating a measurement of the SAW velocity dispersion,

cR(f), to the 1D depth-dependent Young’s modulus of the sample, E(z). This inverse
method was first demonstrated in soft materials using a single-point optical

vibrometer scanned away from a point source actuator [64, 65]. It was subsequently

translated to DHI, where depth-resolved elasticity was measured in 2-layer phan-

toms up to 55 mm deep (Fig. 32.10 panels e, f) [15]. The advantage of using DHI to

perform SAW elastography is the capability for real-time imaging of SAWs across

the entire tissue surface, extending the 1D measurement of E into three dimensions.

Importantly, this could have applications in performing whole-breast elastography,
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as a quantitative method to replace manual palpation currently used in breast cancer

screening. In materials of similar elasticity as the human breast, SAW frequency

sweeps from 20 to 600 Hz would be expected to provide elastograms over depths

from nominally 5–50 mm. Currently, it has been qualitatively shown that DHI can

detect perturbations in SAWs propagating over a 5 mm tumor-like inclusion

embedded 9 mm deep in a breast tissue phantom [15] and that SAWs on real tissues

appear well behaved when visualized with DHI (Fig. 32.11).

The visualization of SAWs using DHI deserves some attention here. There are

several standard techniques employed in DHI for dynamic displacement measurement,

which typically include off-axis holography and either Fourier transformation or spatial

phase-shifting of the resulting fringe pattern [66, 67]. Interestingly, SAW elastography

only requires measurement of the SAW phase velocity under a condition of a priori

knowledge of the SAW frequency. Using this advantage, a method was recently
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Fig. 32.10 Relationship between velocity dispersion of SAWs and depth-dependent stiffness.

(a, b) Schematic illustration of SAWs versus depth showing how frequency affects the depth of

penetration. (c, d) SAW velocity dispersion curves obtained using DHI in 2-layer tissue phantoms

(data reprinted from [14]). (e, f) Reconstructed elastic depth profile in 2-layer phantoms is

consistent with the actual phantom stiffness (Data reprinted from [15])
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developed to extract SAW phase (modulo p) using an on-axis DHI system without any

phase modulation [14]. This method circumvents the limitation to the maximum spatial

frequency of fringes imposed by off-axis holography, with the trade-off that one cannot

readily extract the amplitude of the SAWs (only the phase). Example SAWphase maps

obtained from chicken tissue are displayed in Fig. 32.11, revealing apparent wave

“crests” corresponding to where the SAW phase wraps from p back to zero, which is

a very intuitive way of visualizing the SAW wave fronts.

In summary, DHI-based elastography is a promising method for quantitative

elastography that exploits the depth-penetrating property of SAWs to provide

elastography several centimeters into tissues. Importantly, it is not limited by the

shallow depth penetration of light but trades off overall spatial resolution. While

standard elastography requires 3+1D (spatial+temporal) data collection,

SAW-based elastography requires only 2+1D (spatial+frequency) data collection

with the use of an appropriate model for SAWs to solve the boundary value

problem. Future emphasis in this area will be on extending the current quantitative

1D elastography method to 3D.

32.4.3 Acoustic Radiation Force

In acoustic radiation force impulse (ARFI) imaging, a focused ultrasound pulse

creates a localized mechanical load within a sample and the resulting deformation

is measured using imaging techniques. Its initial development was based on

ultrasound detection [68], with continuing clinical and commercial interest [69, 70].

More recently, OCT-based ARFI has been proposed, allowing smaller displacements

to be measured with improved spatial resolution [23, 26, 71, 72].

Consider an acoustic wave, propagating in tissue generated using an ultrasound

transducer. A unidirectional force is applied to absorbing or reflecting targets in the

propagation path of the acoustic wave. This force results from a transfer of

momentum from the acoustic wave to the tissue. Under the assumption of plane

Fig. 32.11 Imaging SAWs in chicken thigh. (a) B-mode ultrasound showing the depth position of

the thigh bone (dashed circle). (b–d) Corresponding DHI phase maps of SAWs propagating on the

surface as a function of frequency. While low-frequency SAWs are strongly perturbed by the

presence of the bone, well-behaved SAWs at high frequencies suggest that the softer tissue above

the bone is relatively elastically homogeneous (Reprinted from [15])
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wave propagation, the acoustic body force (i.e., force per unit volume) applied to

tissue at a given location due to local absorption is given by F ¼ 2aI
c , where F has

units of kg/(s2cm2), c is the speed of sound (m/s) in the tissue, a is the tissue

absorption coefficient (m�1), and I is the average intensity of the acoustic beam

(W/cm2) at the given location.

On-off modulation of the acoustic wave results in a corresponding on-off

modulation of the local force and, hence, displacement, which can be measured

directly or through the generation of an accompanying shear wave propagating in

the direction perpendicular to the direction of the focused ultrasound beam, as

illustrated in Fig. 32.12. The goal in ARFI imaging has primarily been to measure

the sub-surface shear wave speed, cs, which is directly related to the sample’s shear

modulus, m, by cs ¼
ffiffiffiffiffiffiffiffi
m=r

p
, where r is the density of the tissue. Both speckle

tracking [71] and phase-sensitive detection [23, 26] have been used to measure the

shear wave speed in ARF-OCE. Axial displacement has also been measured in an

ARF-OCE technique [72].

A related ARFI technique known as transient optoelastography has also been

proposed [12, 73]. This technique is based on ultrasound-modulated optical tomog-

raphy (UMOT) [13]. Detection of variations in laser speckle patterns recorded on

the surface of a sample due to acoustic stimulation at depths up to several centi-

meters is possible, providing information from much greater depths than possible

using OCE. However, the spatial resolution is determined by that of the ultrasound

beam and is, therefore, much lower than that of OCE.

In all ARFI techniques, it should be considered that the high-intensity acoustic

pulses used can be potentially harmful and above the safe limits set by, e.g., the

U.S. Food and Drug Administration (FDA) [68]. However, this may prove not to be

a major concern in ARF-OCE, as much smaller tissue displacements are required

than when using ultrasound detection. Another noteworthy issue is the use of water

or gel to couple the transducer and sample required to achieve acoustic impedance

matching. Furthermore, same-side optical imaging and acoustic loading requires

use of an annular or off-axis acoustic transducer.

Fig. 32.12 Illustration of

shear wave propagation

caused by a focused

ultrasound pulse (Reproduced

from [2])
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32.4.4 Magnetomotive

Magnetomotive OCE (MM-OCE) utilizes an external magnetic field to induce

magnetomotion within a sample of interest and OCT to detect displacements within

the sample on the order of tens to hundreds of nanometers. Magnetomotion can be

produced via internal excitation through the use of magnetic nanoparticles (MNPs)

distributed within the sample [74–76], through a magnetic implant embedded in

a sample [77], or via external excitation, e.g., through the use of a metallic slab

transducer placed in contact with the sample [78]. MM-OCE can perform optical

rheology of viscoelastic materials by measuring the dynamic response of a sample,

either to a step excitation [74] or to a frequency sweep [75, 78]. The natural

resonant frequencies of the sample can be connected to elastic and viscous moduli

through an appropriate mechanical model.

The use of step excitation for optical rheology of tissue phantoms is shown in

Fig. 32.13. These measurements were carried out in silicone phantoms doped with

titanium dioxide particles to provide optical scattering and iron oxide MNPs to

provide internal magnetomotive forces. Motion-mode (M-mode) measurements

show an under-damped response to the (broadband) step excitation, where the

dominant relaxation frequency is the natural resonance of the sample. The Young’s

modulus of the samples was varied over a range from 0.4 to 140 kPa, as calibrated

using a commercial indentation instrument. The resonant frequency of the sample

showed a linear dependence versus the square root of the Young’s modulus, which

is consistent with the behavior of a Voigt model, as previously adopted to model the

mechanical response of bulk tissue [52].

Magnetomotive resonant acoustic spectroscopy (MRAS) is another

magnetomotive technique to measure tissue elasticity [75]. MRAS utilizes

a frequency sweep to measure the natural resonant frequencies of tissue-mimicking

phantoms and biological samples. This approach provides improved signal-to-noise

ratio compared to the step excitation, due to the increased measurement time of the

sweep. Experiments in tissue-mimicking phantoms confirmed that the longitudinal

vibration modes (natural resonant frequencies of the sample) depended on both

sample viscoelastic properties as well as the geometrical dimensions (cylinder

aspect ratio). For known sample geometry, Young’s modulus and the viscous

damping coefficient of the samples were determined by fitting the data to a

viscoelastic mechanical model. In this model, Young’s modulus was proportional

to the square of the resonant frequency, while the viscous damping coefficient was

proportional to the Lorentzian-shaped linewidth (related to the quality factor Q) of
the resonant peak.

With biological tissue, where the geometry of the sample is not well controlled,

MRAS has shown the ability to track relative changes in Young’s modulus of the

sample. Figure 32.14a shows measurements of the complex mechanical spectrum of

rat liver undergoing formalin fixation. The increase in the resonant frequency with

time can be seen in both the amplitude and phase of the mechanical response. Over

a period of 147min, the resonant frequency of the tissue undergoing fixation increased

by a factor of 2, which suggests an increase in Young’s modulus by a factor of 4.
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MRAS was utilized in a subsequent study to evaluate the dependence of the

resonant frequency of fibrin clots vs. fibrinogen concentration [78]. The viscoelastic

properties of fibrin networks are important in bleeding and clotting disorders. Clots

were formed with controlled geometry in custom-printed rectangular wells, and in

Fig. 32.13 Optical rheology of tissue phantoms based on a step magnetic excitation. (a) Cross-
sectional OCT image. (b) M-mode image at the transverse position denoted by the dashed red line
in (a). (c) Average scatterer response showing the amplitude (blue) and phase (red) characteristics
of the magnetomotion from the excitation profile shown directly below (c). (d) The natural

resonance frequency of phantoms of varying stiffness (adapted from [74])
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this study an external microtransducer was used in order to avoid embedding the

clots with MNP nanotransducers. Figure 32.14b presents results from M-mode

measurements, showing that the resonant frequency increases monotonically with

fibrinogen concentration. The Young’s modulus is proportional to the square of the

resonant frequency. Figure 32.14c presents measurements of the natural vibration

frequencies for different types of tissues [79].

The magnetomotion facilitated by MNPs has been investigated in a wide range

of viscoelastic conditions [79], experimentally simulated through the hardening

process of epoxy from a viscous liquid to its final hardened state (see Fig. 32.15).

The epoxy had a characteristic setting time of 12 h at a temperature of 90 	C. The
low initial MM-OCT signal shows that initially the MNPs are not bound within

the viscous fluid and so experience virtually no elastic restoring forces. Since the

direction of the magnetic gradient force is the same regardless of polarity of the

magnetic field [75], the oscillating magnetic field simply results in unidirectional

displacements in addition to the Brownian motion of the particles in the liquid.

Since the signal processing detects only sinusoidal motion, the liquid phase regime

does not generate an appreciable MM-OCT signal. As the epoxy sets, it enters the

regime of a linear Hookean system, where the MNPs that are now bound to the

matrix experience elastic restoring forces. Finally, as the epoxy hardens the MNPs

become tightly bound to the medium (which now has a significantly increased

elastic constant), and the magnetomotion tends to zero. Ongoing work with a dual

coil setup will enable bipolar forces on the magnetic particles, to extend the regime

of applicability of MM-OCE to highly viscous samples [80].

Further work on MM-OCE will investigate the contributions of tissue geometry to

the complex mechanical spectra and the extraction of quantitative mechanical

properties. Finite element modeling, discussed in detail in Sect. 32.6, can simulate

Fig. 32.15 Magnetomotive response of an epoxy sample undergoing transition from a viscous

liquid state to a rigid solid (Adapted from [79])
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deformation due to magnetomotive forces in irregularly shaped samples and help

disentangle the impact of biomechanical heterogeneity on the bulk natural vibration

modes of the sample. Extending these M-mode MM-OCE measurements to perform

B-mode (or volumetric) imaging has the potential to provide spatially localized

information on the mechanical properties of heterogeneous samples.

32.4.5 Spectroscopic

Mechanical spectroscopic imaging of tissue was first reported in landmark papers

on ultrasound-stimulated vibro-acoustography [81, 82]. Vibro-acoustography

utilizes the radiation force of focused ultrasound (see Sect. 32.4.3) within tissue

to excite sinusoidal motion in the kHz regime and a sensitive hydrophone to detect

the amplitude and phase of the resulting acoustic emission. Instead of pulsed

ultrasound considered in Sect. 32.4.3, local excitation in the kHz regime

was achieved through the use of two confocal ultrasonic transducers

(each operating at �3 MHz) to generate at their difference frequency a kHz

oscillation of the ultrasonic energy density at the overlap of the foci. These

overlapped foci were raster scanned within the sample to record an image of the

object motion. Mechanical spectroscopy was performed by tuning the difference

(beat) frequency between the transducers. Vibro-acoustic spectrography of human

iliac arteries ex vivo demonstrated clear differences between stiffer calcified

regions and nearby normal regions of the artery, at an excitation frequency of

6 kHz. These differences were observed in both the (mechanical) amplitude and

phase images [81].

Motivated by the success of ultrasound vibro-acoustography [83–86], mechan-

ical spectroscopic imaging has also been developed for OCE [87]. Utilizing

a spectral-domain OCT platform for phase-sensitive B-mode imaging during

external mechanical excitation [32, 46], 2D B-mode images were recorded over

a wide range of excitation frequencies (20–1,000 Hz). Signal processing

steps were developed to extract the (spatially localized) complex mechanical

displacement. Figure 32.16 shows spectroscopic OCE in rat mammary tissue

consisting of tumor adjacent to adipose. Peaks in the mechanical spectra at

83 and 385 Hz were attributed to adipose and tumor regions of the tissue,

respectively. Contrast between mechanically distinct regions of the tissue can

be seen in both the amplitude and mechanical phase response images

corresponding to 83 Hz excitation. In particular, the mechanical phase image

highlighted an oval region of the sample, with a mechanical phase shift of +p
that is characteristic behavior above resonance. The distinction of this region

from its surroundings was seen over a wide frequency range (25–83 Hz, and at

125 and 167 Hz), suggesting a relatively low resonant frequency. Appearing as

oval-shaped structures in the histology image, this feature was attributed as a

fluid-dense follicle or vacuole.

Spectroscopic OCE is at an early stage of development and several areas require

further investigation. As discussed in Sect. 32.4.4, the impact of tissue geometry,
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heterogeneity, and the natural vibration modes of the mechanical mounting hard-

ware on the complex mechanical response measured in the sample needs to be

determined. Further work on theoretical modeling and simulation (see Sect. 32.6)

could provide a method to invert the complex displacement maps in order to extract

the elastic and viscous properties of the sample. These simulations could also

investigate the role of mechanical coupling on the spatial resolution of the inversion

process. ARF-OCE (see Sect. 32.4.3) is a promising approach to address potential

resolution limitations with external (bulk) mechanical excitation [23]. Further work

is required to adapt ARF-OCE for B-mode or volumetric spectroscopic imaging.

Finally, it would be interesting to extend the excitation frequency range into the

kHz regime (as in ultrasound-stimulated vibro-acoustography). Ultimately, the

Fig. 32.16 Spectroscopic OCE of rat mammary tumor adjacent to adipose tissue. (a) B-mode OCT

image, (b) corresponding nearby histology, (c) mechanical amplitude spectrum for adipose (spatial

average over blue box in (a)), (d) mechanical amplitude spectrum for tumor (spatial average over

magenta box in (a)), (e) displacement amplitude image at excitation frequency of 83 Hz, and

(f) displacement phase image at excitation frequency of 83 Hz (Adapted from [87])
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success of spectroscopic OCE will depend on characterizing the appropriate fre-

quency ranges (or specific excitation frequencies) that maximize contrast between

regions of tissue with distinct biomechanical properties.

32.5 Implementation

Translation of OCE techniques to clinical use requires further development of

practical probes that enable simultaneous loading and imaging of tissue. This

section reviews initial efforts to implement OCE in vivo, using probes suitable

for superficial tissues such as skin and catheter-based and needle-based probes

suitable for use within the body.

32.5.1 Imaging Superficial Tissues

Most initial OCE studies performed imaging and loading of small samples from

opposite sides [40, 49, 52]. While this configuration may be sufficient for imaging

small ex vivo tissue samples or phantoms, imaging and loading from the same side

are essential for in vivo imaging. In the first OCE paper [9], loading and imaging

were performed from the same side using an annular piezoelectric actuator, but an

A-scan rate of 11 Hz and decorrelation of speckle due to sample movement limited

the in vivo capabilities of this setup. A same-side OCE setup was later proposed

using a similar design [19], as shown in Fig. 32.17. An annular piezoelectric

transducer is fixed to an imaging window and coupled directly to the sample,

enabling simultaneous, concentric actuation and imaging of the tissue. This ring

Fig. 32.17 Ring actuator design for in vivo OCE of superficial tissues. (a) Probe schematic and

(b) photograph of implementation for skin imaging
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actuator design can be used to apply pico- to microscale displacements to tissue

over a wide range of frequencies and has been used in compression and spectro-

scopic OCE studies [51, 87], including the first in vivo 3D OCE measurements,

which used human skin as the target tissue [51].

To perform ARF-OCE or SAW-OCE requires either an impulse load or vibra-

tional load applied to the tissue. Implementation of these dynamic loading tech-

niques requires careful synchronization of the actuation and imaging, but they have

the practical advantage that the tissue loading may be performed adjacent to the

imaging, eliminating the need to combine actuation and imaging capabilities into

a single device. SAW-OCE on skin in vivo has been achieved using a mechanical

shaker coupled directly to the tissue [54]. The mechanical shaker employed

a piezoelectric element to introduce an impulse load to the tissue, and the resulting

surface waves were measured by the adjacent OCT probe. For applications where

direct contact of the probe with tissue is not desirable, such as imaging of the

cornea, a noncontact implementation of SAW-OCE has also been proposed using

a remote laser pulse to generate surface waves [88].

Other loading techniques for superficial tissues have included an air puff system

for measuring the elastic response of the cornea [89, 90] as well as an annular

suction device which applies a suction force concentric with the OCT imaging to

measure elasticity of skin in tension [32].

32.5.2 Catheter-Based OCE

Implementation of OCE using miniaturized, fiber-based probes for endoscopic and

intravascular imaging presents new challenges for developing loading schemes that

can be deployed in such confined spaces. One natural approach to overcoming this

issue is to use physiological deformation of the tissue as the “loading” mechanism.

This is especially suitable for tissues that undergo regular changes in luminal

pressure, such as airways and blood vessels. This concept has been used for

measurement of the elastic properties of the airway wall using anatomical OCT

(aOCT), a long-range OCT technique for profiling of hollow organs [91]. Here,

changes in airway dimensions versus pressure were measured in patients with and

without obstructive lung diseases to investigate the correspondence of airway wall

compliance with pathology.

Luminal pressure changes have also been proposed as a loading technique for

performing intravascular OCE [92, 93]. Although physiological deformation of

tissue is convenient to measure, quantitative measurement of mechanical properties

requires controlled loading of the tissue. An OCT imaging catheter that achieves

this has been proposed for applying acoustic radiation force at localized points deep

in the body [94]. A catheter design incorporating a piezoelectric ultrasound trans-

ducer into the distal probe head has the advantage that direct contact with the tissue

is not required, as the acoustic radiation force may be focused to induce a tissue

“push” at a desired distance from the probe. Such a probe design, shown in

Fig. 32.18, has been realized for combined OCT and ultrasound structural imaging
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of arteries [94], but not yet been used to perform elastographic measurements.

Another proposed technique for catheter-based OCE incorporates a small palpation

device in the distal end of the probe, which may consist of a controlled liquid jet or

mechanical indenter for compressing adjacent tissues [95]. Despite the several

proposed embodiments of catheter-based OCE, results acquired using such a

probe have yet to be reported.

32.5.3 Needle-Based OCE

The recent development of three-dimensional OCT needle probes has allowed

imaging deep within solid tissues, extending potential OCT applications to include,

e.g., biopsy and surgical guidance and monitoring of interstitial procedures

[96, 97]. When needles are inserted into soft tissue, the needle exerts a force on

the tissue ahead of the tip, as well as a shear force on the surrounding tissue due to

friction. Measurement of this needle-induced deformation has been used to perform

the first needle-based OCE measurements [98]. These measurements used a

forward-facing probe design and phase-sensitive displacement measurement to

capture 1D deformation ahead of the needle during insertion. The deformation

caused by a flat end-faced needle, such as the one employed in these studies, can be

approximated as compression of a column of tissue ahead of the needle [99]. There-

fore, changes in the displacement with depth, i.e., the strain, indicate changes in

mechanical properties.

Results from needle insertion into excised pig airway wall, consisting of layers

of varying stiffness, are shown in Fig. 32.19. The displacement plot shows three

distinct slopes, indicating the locations of tissue boundaries, as well as providing

a measure of their relative stiffness. The displacement curve is in agreement with

the corresponding histology acquired along the path of needle insertion, which

shows layers of mucosa, submucosa, and smooth muscle.

Fig. 32.18 Schematic of combined ultrasound and OCT probe that may be suitable for performing

catheter-based ARF-OCE. PTFE polytetrafluoroethylene, GRIN graded-index (Adapted from [94])
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32.6 Fidelity of OCE: Comparison to Models of Tissue
Deformation

In this section, we discuss artifacts that can arise in OCE and limit the accuracy with

which elastograms represent the underlying elastic properties of tissue. We present

initial efforts to use modeling of tissue deformation to investigate the impact of

parameters such as tissue geometry and boundary conditions on the resulting contrast

in elastograms. We also review initial efforts in OCE to produce more reliable,

quantitative elastograms by approaching elasticity reconstruction as an inverse problem.

32.6.1 Limitations on the Mechanical Fidelity of Elastograms

In OCE, constructing a map of elasticity from measured displacements requires

some assumptions to be made about the tissue, such that its observed behavior and

mechanical properties may be linked through a mathematical model. The most

common of these assumptions, which underlie image formation in compression,

ARF, and SAW techniques described in Sect. 32.4, are (1) tissue is linear elastic,

which allows stress and strain to be related linearly through elastic constants, and

(2) tissue is isotropic (properties are direction independent), which reduces the

fourth-order elasticity tensor to two elastic constants for describing the mechanical

behavior of tissue (as described in Sect. 32.2.3). Magnetomotive and spectroscopic

techniques (Sects. 32.4.4 and 32.4.5) have employed a more advanced model of

tissue behavior, accounting for viscoelastic properties, but image formation and

quantitative measurements in these techniques rely on assumptions about the tissue

geometry and mechanical coupling of tissue regions.

Use of such assumptions simplifies the characterization of tissue, facilitates the

development of OCE methods, and may in some cases prove sufficient for produc-

ing clinically useful images. However, tissue behavior in general is much more

complex, exhibiting varying degrees of nonlinearity, viscoelasticity, poroelasticity,

Fig. 32.19 Needle OCE of excised pig airway wall. (a) Photograph of OCE needle probe

insertion into sample; (b) measured tissue displacement ahead of the needle tip shows changes

in slope at the positions of the red stars, indicating different tissue types; and (c) corresponding
histology validates the presence of three tissue types (Reproduced from [98])
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anisotropy, and geometric complexity. When simple assumptions break down in the

presence of such complexities, the resulting elastograms contain mechanical arti-

facts, limiting their fidelity to the underlying tissue properties and, ultimately, their

potential clinical utility.

For OCE to advance toward clinical implementation, it is necessary to test the

validity of assumptions employed in the various techniques, understand where they

break down, and quantify the impact of artifacts on image contrast and reliability.

Such quantitative assessment requires comparison of the measured tissue deforma-

tion in OCE to that predicted by mechanical models. Discrepancies between the two

will highlight sources of mechanical artifacts and allow their effects on image

contrast to be assessed. In addition to serving as an investigative tool, modeling

of tissue deformation may also be used as part of an iterative elasticity reconstruc-

tion process to produce quantitative elastograms.

Accurate modeling of tissue deformation involves solving for complex geome-

tries and heterogeneous elasticity fields, and therefore, numerical methods are

preferred over analytical methods for accurate representation of tissue deformation.

The predominant numerical method for modeling tissue deformation is the finite

element method (FEM). In FEM, the tissue geometry is divided into a mesh of

individual elements, and the governing equations of motion are solved for each

element. FEM has been used in OCE to validate new methods for estimating

velocity and strain [30], to validate new loading techniques for generating

elastographic contrast [77, 100], and to estimate stress and strain fields in artery

walls under luminal pressure [92], but has not yet been used to evaluate

the limitations of mechanical artifacts on image contrast. Such investigations

have been performed extensively in ultrasound elastography [101–104]. However,

the impact of mechanical artifacts on image contrast in OCE will differ from

those in ultrasound elastography due to different limits on measurable displace-

ment and an increased sensitivity to boundary conditions, as images are generally

limited to the first few millimeters of tissue. In the next section, we report

on early efforts in using FEM to investigate sources of mechanical artifacts and

evaluate their effects on image contrast for the particular case of compression

elastography.

32.6.2 Modeling of Compression OCE

In compression elastography, strain is measured and used to represent elasticity.

Interpreting strain elastograms as one-to-one representations of modulus assumes

a uniform stress distribution within the sample. This assumption is invalid for

samples with heterogeneous mechanical properties or when stress concentrations

arise at tissue boundaries. Stress distribution beyond the sample surface cannot be

measured directly, but FEM allows us to simulate the stress distribution for a given

sample and investigate sources of its nonuniformity. In the case study described

here, FEM is employed to simulate sample deformation in compression OCE of

tissue-mimicking phantoms. The effect of feature geometry and boundary
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conditions on mechanical artifacts and the resulting image contrast are investigated

in both FEM and experiments.

Careful fabrication of phantoms with known geometry and mechanical proper-

ties was essential for input to the model and fair comparison of the simulated and

measured sample deformation. Silicone was used, as its optical and mechanical

properties can be controlled over a wide range, and it can be readily molded into

complex shapes [105]. Two types of phantoms were fabricated: mechanically

homogeneous phantoms and phantoms comprising a hard inclusion (Young’s

modulus 450 MPa) in soft bulk (Young’s modulus 23 kPa). The mechanical

behavior of the silicones was measured independently using compression tests,

providing stress-strain curves for each material from which moduli were estimated.

Compression OCE was performed using a ring actuator setup as described previ-

ously [51]. A phase-sensitive technique [40] was used to measure sample displace-

ment, and weighted least squares (WLS) strain estimation [53] was used to generate

elastograms.

A linear elastic, axisymmetric 3D model was employed, and the phantom

geometry and material behavior from the compression tests were used as inputs

to the simulations. FEM produced simulations of sample displacement and strain

fields, which were compared to that produced experimentally for validation. Once

agreement was obtained between the measured and simulated displacements and

strain, the simulated stress distributions could also be analyzed to aid interpretation

of mechanical artifacts in the elastograms. Two prevalent sources of stress

nonuniformity in the compression experiments are discussed here: friction and

stress concentrations at feature boundaries.

Friction: For a homogeneous sample undergoing uniaxial compression, the strain

and stress are expected to be uniform throughout the sample. For nearly incompress-

ible materials such as soft tissues, axial compression is coupled to lateral expansion in

order to conserve volume, as discussed in Sect. 32.2.4. If friction is present between

the sample and the compressor, this restricts lateral motion of the sample at the

boundary, resulting in lower strain, and, as a result, a region of apparently higher

stiffness in the elastogram. To demonstrate the effect of friction on the resulting

elastogram, two OCE measurements of a 0.8 mm thick, homogeneous silicone

phantom were acquired with different boundary conditions. The results are shown

in Fig. 32.20. In the first experiment, a lubricant was applied at both surfaces to

allow slipping of the sample boundary against the compression plate. In the

second, no lubricant was used on either surface. In the resulting elastograms

shown in Fig. 32.20, the lubricated case shows a homogeneous strain field, as

expected, while in the non-lubricated case, the effect of friction manifests as two

bands of low strain at the top and bottom surfaces. These experiments were also

simulated with FEM, using the two extreme boundary conditions of frictionless

and no-slip at the surface, respectively. The representative plots (taken from the

center of the sample) of displacement versus depth in Fig. 32.20 show good

agreement between the measured and simulated displacements. This example

demonstrates the importance of considering boundary conditions both when

acquiring and interpreting elastograms in compression OCE.
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Stress Concentrations at Feature Boundaries: When a lesion of higher stiffness

than that of the background is present, this creates a region of low strain in the

elastogram, as expected. However, stress concentrations also arise above, below,

and at the sides of the lesion, resulting in regions of higher strain at these locations.

Thus, the assumption of stress uniformity does not hold for this geometry; if the

strain image were interpreted directly as elasticity, the regions of higher strain about

the inclusion would erroneously be interpreted as regions of low stiffness. The

magnitude of this artifact increases for increasing modulus contrast between the

lesion and the background material and also depends on the position in depth of

the lesion. To demonstrate the presence of these artifacts and the nonuniform

stress field for the case of a stiff lesion, compression OCE was performed on a soft

phantom with a hard inclusion embedded. The resulting experimental elastogram,

simulated strain, and simulated stress fields are shown in Fig. 32.21. The exper-

imental and simulated strain both show the regions of higher and lower strain

around the inclusion, and the simulated stress field allows analysis of where the

stress uniformity assumption fails.

Although a linear elastic FEM was employed in this initial study, the silicone

materials used exhibit nonlinear behavior, as do many tissues. This results in

a nonlinear relationship between the strain introduced to the sample and the resulting

strain contrast; i.e., the elastogram contrast changes as a function of stress on the

sample. This was observed to cause discrepancies between the model, for which

a single modulus value was assigned to each material, and the experiments, in which

the effective stiffness of each material varied depending on the applied stress.

Although tissue may be assumed to behave linearly at strains <0.1 [22], remaining

in this linear regime is not always feasible when performing elastography of tissue, as

large local deformations are common in the body; e.g., arteries undergo physiological

strains of up to 0.2 [93]. This highlights a need to employ more advanced models of

tissue to enable more accurate construction of elastograms.

Fig. 32.20 (a, b) Experimental strain elastograms and (c, d) comparison of measured and

simulated displacement plots for the cases of (a) and (c) frictionless and (b) and (d) no-slip

conditions at the boundaries
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32.6.3 Model-Based Elastography: Inverse Methods for
Quantitative Elastograms

As seen in the preceding example of compression elastography, elastograms

constructed based on simplified models of tissue deformation do not always accu-

rately represent tissue elasticity. In ultrasound and magnetic resonance elastography,

several techniques have aimed to produce quantitative, reliable elastograms by

approaching elastography as an inverse problem [106]. The forward problem in

elastography can be formulated as follows: given a distribution of mechanical

properties and boundary conditions, calculate the displacements resulting from an

applied load, as described in Sect. 32.6.2. The inverse problem for elastography, then,

attempts to calculate the distribution of mechanical properties from a distribution of

measured displacements. Reconstructing elasticity images using inverse methods has

been an active area of research in ultrasound and magnetic resonance elastography for

several years [106], but only a few studies in OCE have begun to approach this

problem. The earliest of these studies were toward the application of OCE for

assessment of atherosclerotic plaque vulnerability [93, 107, 108]. These studies

proposed an iterative approach to solving the inverse problem using FEM, in which

the mechanical parameters in the model are optimized to produce the best match to

Fig. 32.21 (a) Measured strain, (b) simulated strain, and (c) simulated stress of a phantom

comprising a stiff inclusion in soft bulk, demonstrating regions of high strain due to stress concen-

trations about the inclusion
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the measured displacements using OCT. Images of the resulting elasticity distribu-

tions for a hard and soft inclusion embedded in a bulk material of constant stiffness

are shown in Fig. 32.22. These studies showed promising results in simulations of

OCT-derived displacements of tissue, but would be very computationally intensive to

implement and may be prone to error in the presence of experimental system noise.

Quantitative, model-based OCE has also been achieved by measuring sample

response to a mechanical waveform, then fitting the measured response to an

analytical model for motion in a viscoelastic material [52]. Although it provides

quantitative maps of Young’s modulus, this method requires solving the wave

equation for each pixel, a computationally intensive and slow process. More recent

studies have moved toward quantification of Young’s modulus by implementing

transient loading techniques in which the shear modulus may be extracted directly

from the velocity of shear waves in the sample [23, 26, 56]. However, these

quantitative techniques come at a loss of resolution, as they assume tissue homo-

geneity for the length over which shear wave speed is calculated [56, 57]. This

assumption may not be suitable for imaging organs with heterogeneous, complex

structures, such as the breast.
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Fig. 32.22 Estimated

distribution of elasticity for

(a) a hard inclusion in a soft

bulk, simulating a calcified

nodule in an artery wall, and

(b) a soft inclusion in a stiffer

bulk, simulating a lipid pool

in an artery wall, as

determined by an iterative

solution to the inverse

problem using simulated OCE

data as an input to a finite

element model of tissue

(Modified from [108])
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32.7 Outlook

Since its first demonstration in 1998, over 200 papers on OCE and related tech-

niques have been published, accumulating over 500 citations in 2012 alone. As the

technical development of OCT reaches maturity, the scope and capacity for the

development of OCE is increasing. Indeed, over the last 2 years, the number of

groups publishing in OCE has doubled. Comparison of the published literature

suggests that OCE is at a similar stage of development to that of ultrasound

elastography in the late 1990s, and thus, continued rapid development is expected

in the coming years. In the following, we predict the key developments needed to

enable the technique to flourish.

Imaging Probes: The majority of OCE results have been demonstrated on

excised tissue when in vivo imaging is the intended application. However, the

clinical applicability of many current implementations is limited. A key require-

ment is the development of probes incorporating both imaging optics and loading

mechanisms. In recent years, as discussed in Sect. 32.5, this has been recognized,

and an increasing number of OCE probe implementations have been proposed

[19, 72, 98, 109]. This is a key enabling technology required for clinical OCE

imaging, and substantial further work is required.

Displacement Measurement: Measurement of mechanical properties over a large

range and with high sensitivity is ultimately limited by the measurable displacement.

Using cross-correlation in speckle tracking, the dynamic range of measurable strain is

limited to �3.3. In phase-sensitive compression OCE, the measurable displacement

range enables a strain dynamic range of>60 and the minimum measurable displace-

ment in phase-sensitive detection is in the sub-nanometer range [45]. In both speckle

tracking and phase-sensitive methods, there is significant scope for improvement. In

speckle tracking, there is a scope for parametric algorithms to provide sub-pixel

displacement sensitivity, and in phase-sensitive methods, phase unwrapping algo-

rithms will enable maximum displacements beyond the 2p limit.

Elastogram Fidelity: Contrast in elastograms depends not only on the true elastic

contrast within the tissue being probed but also on the accuracy of the employed

mechanical model of tissue behavior. As illustrated in Sect. 32.6 for the particular case

of compression OCE, erroneous assumptions about tissue mechanics, such as the

assumption of uniform stress distribution, result in significant artifacts in elastograms,

degrading their fidelity to the true underlying elastic properties. This and other

common assumptions, such as that of linear elastic tissue behavior or tissue homoge-

neity over the acoustic wavelength in wave-based techniques, allow for straightfor-

ward estimation of the distribution of elastic properties and may in many cases prove

sufficient for providing clinically useful contrast. However, the validity of employed

assumptions must be assessed for each technique and proposed application. Finite

element modeling is expected to remain an essential tool for validating the contrast

generated using various OCE techniques and for analyzing how variables such as

geometry, heterogeneity, boundary conditions, and loading rate impact on contrast.

Applications: Until now, the reported results of applying OCE to tissue have

largely served to demonstrate a particular technique or implementation. In so doing,
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such reports have highlighted a number of potential applications, including in

dermatology (Fig. 32.23a) [11, 19, 24, 32, 51], cardiology (Fig. 32.23b) [30, 31,

72, 92, 107, 108, 110], ophthalmology (Fig. 32.23c) [57, 89, 90, 111], and breast

cancer (Fig. 32.23d) [15, 52, 112]. As well as human in vivo applications, there is

Fig. 32.23 Example images from potential OCE clinical applications. (a) Dermatology,

(Adapted from [51]), (b) cardiology [72], (c) ophthalmology [57], and (d) breast cancer [52]
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opportunity for clinical ex vivo applications, e.g., as an intraoperative tumor margin

assessment in freshly resected tumor masses and as a tool in studying animal

models of disease.

Although various applications show promise or appear attractive, there is a need to

prove the ability of OCE to provide additional contrast (particularly over standard

OCT) through baseline ex vivo studies, co-registered with histology, of diseased and

non-diseased tissue. To date, there have been no reports focused on the systematic

application of OCE to multiple cases of a particular pathology. As discussed above,

enabling such studies also depends on the further development of imaging probes.

OCE is undoubtedly at an early stage of development, especially when compared

with the closely related fields of ultrasound and magnetic resonance elastography.

The recent increase in activity in the field and the acceleration of progress suggest

there is good cause to expect future clinical applications of this emerging technique.

Note: Since submitting this manuscript in April 2013, many works in this field,

including our own, have been published. For a more recent review, see B. F. Kennedy

et al., “A Review of Optical Coherence Elastography: Fundamentals, Techniques and

Prospects” IEEE J. Sel. Top. Quantum Electron. 20, 7101217 (2014)
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