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Abstract: Full-Field OCT (FF-OCT) is able to image biological tissues in
3D with micrometer resolution. In this study we add elastographic contrast
to the FF-OCT modality. By combining FF-OCT with elastography, we
create a virtual palpation map at the micrometer scale. We present here a
proof of concept on multi-layer phantoms and preliminary results onex
vivo biological samples such as porcine cornea, human breast tissues and
rat heart. The 3D digital volume correlation that is used in connection with
the 3D stack of images allows to access to the full 3D strain tensor and to
reveal stiffness anisotropy.
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1. Introduction

Organ structures, tissues and cells have distinctive intrinsic mechanical properties. Moreover,
the mechanical properties of tissues and cells are related to their structure and function: changes
in those properties can reflect healthy or pathological states [1]. Adding a map of mechanical
properties as a supplementary contrast mechanism to morphological images could help diagno-
sis. During the last decade intensive research has been done to combine elastographic contrast
with several biomedical imaging modalities with valuable results, particularly in MRI [2] or
in ultrasonic imaging [3] where the elasticity information contributes to determining the final
diagnosis. In the field of OCT imaging this mapping of mechanical properties was introduced
by Schmitt [4] in 1998. Since this pioneering work, a number of methods have been devel-
oped such as 2D, 3D, static or dynamic elastography [5–10]. Here, we would like to show
that FF-OCT setups are well adapted to perform static elastography of tissue samples, with
minimal implementation effort. To the best of our knowledge this is the first time that FF-OCT-
elastography has been demonstrated. The main advantage of the technique over the various
OCT approaches is the ability to perform 3D measurements (that are mandatory when a soft
matter sample is deformed) with sub-cellular resolution.
More precisely in this study we present the theoretical background and the experimental setup
leading to the static method we have developed in order to add an elastographic contrast to a
high resolution FF-OCT images. By doing so, one should be able to recreate a virtual palpation
map at the micrometer scale achieved by FF-OCT. In this method we register a volumetric im-
age before and after mechanical solicitation of the sample. From these two sets of images we
calculate the 3D strain maps inside the sample by using finite element digital volume correlation
based algorithms.
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2. Experimental setup

The FF-OCT system is based on a Linnik interferometer [11] (Fig. 1). The illumination that is
provided by a halogen lamp (SCHOTT-KL 1500 compact) takes advantage of a Kohler illumi-
nator to ensure homogeneous illumination of the sample. The spectrum of the halogen source
is broad, and the light passes through two filters: a high pass filter at 610 nm and a low pass
filter at 1000 nm in order to match the spectral response of the camera and minimize the energy
incident on the sample. Taking into account the spectral response of the camera, the spectral
bandwidth is approximately 150 nm, centered at 710 nm.
A pair of identical water-immersion microscope objectives (Olympus, 10X, NA = 0.3) are
placed in the arms of the interferometer. A silicon mirror (reflectivity of about 20 %) is placed
in the reference arm. Images are recorded with a CCD camera (Dalsa 1M60, 1024 1024 pix-
els, 50 Hz, 12 bits, full well capacity of 150,000). The interference signal is isolated from the
background by a PZT driven modulation of the path difference.

Figure 1. Schematic of the FF-OCT setup.

As high numerical apertures are used, FF-OCT systems have usually a better lateral
resolution than other OCT setups but the drawbacks is that using high numerical aperture
makes the systems more sensitive to multiple scattering and to tissue induced aberrations. With
this custom setup, a lateral resolution of 1.4µm and an axial resolution of 1µm is achieved
with a sensitivity of 77 dB (for acquisition of a single image) and the typical penetration depth
in biological tissues is about 200µm.
By moving this very compact Linnik interferometer (15× 15× 5 cm3) vertically (along the
sample arm axis), it is possible to record 3D images of the sample.
The second part of the setup is a custom sample holder developed at the company LLTech
which commercializes FF-OCT systems (Fig. 2). The holder has a piston system that
can induce precise displacements along the z-axis for accurate sample compression. Thus,
mechanical stress can be applied to the sample in a controlled manner. The sample is placed
between a 1 mm thick glass window (matched in the reference arm) and the piston. A
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small force sensor (in blue in Fig. 2, Honeywell FS micro force sensor) is included between
the piston and the sample to ensure that the measurement is taken just after contact with a
minimal preload. In order to remain within the region of linear elasticity for the tissues under
examination, a mean strain of about 1 % is applied between imaged reference and loaded states.

Figure 2. Schematic view of the custom sample holder. Small gap around the sample allows
lateral expansion of the sample as it is compressed by the piston against the glass window.

3. Method

In order to highlight the mechanical properties of soft tissues, a volumetric image of the sam-
ple before and after compression is captured using the above described sample holder. After
compression, a waiting period of approximately 2 minutes is observed before taking the second
FF-OCT volumetric image in order to allow relaxation of the sample (as can be observed on
the force signal). Then, from these two sets of images, the 3D strain map is obtained by using
the 3D digital volume correlation method described below.
Previous works have already discussed uncertainties of strain measurements in Optical Coher-
ence Elastography (OCE) [12] and Digital Volume Correlation method (DVC) [13]. A proper
estimation of local uncertainty field is key to the quality of the DVC analysis, and a more
thorough analysis will be reported in the future. Indeed, when using FF-OCT (or any other
tomographic imaging instrument), one do not master the local contrast. Moreover, this dis-
placement resolution is also spatially varying as very deep sections display a lower signal to
noise ratio. Therefore, a full quantitative analysis has to rely on a pre-determination of the
uncertainty, and noise evaluation for each specific set of images.

3.1. Estimation of the displacement map

In this paper, a global 3D DVC [14] is used to estimate the displacement field within the sample
volume. Here, a brief overview of the algorithm used to perform this correlation is provided.
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This method is based on the hypothesis that the 3D texture of the sample (here the density of
scatterers) is assumed to be passively advected by the deformation. This hypothesis allows one
to relate the reference volumetric image,f (x), acquired before the application of any load, to
the volumetric image after a chosen mechanical loading,g(x),

f (x) = g(x+u(x))+β (x) (1)

wherex marks the position of the pixel,β (x) being a noise function.

In order to estimate the displacement mapu(x), DVC consists in minimizing the quadratic
difference between the reference image,f (x) and the deformed imageg(x) corrected with a
known displacement map ˜u. In practice this consists of minimizing the following functionalΓ:

Γ[ũ] = ‖ f (x)−g(x+ ũ(x))‖2 (2)

Under the assumption thatβ (x) is a Gaussian white noise, the above formulation is the most
appropriate.Γ being strongly non-linear, its minimization requires that the trial displacement
field is reasonably close to the actual solution. Close to its minimum a Newton-Raphson scheme
is used, so that calling ˜g(x) = g(x+ ũ(x)), we estimate the incremental correctionδu(x) to ũ(x)
as the minimization of the linearized functionalΓ0.

Γ0[δu] = ‖g̃(x)− f (x)−∇ f (x).δu(x)‖2 (3)

This linearization is a valid approximation for small incremental displacements. By
iteratively correcting the displacement ˜u(x)← ũ(x) + δu(x) and image ˜g by the estimated
displacement field, the algorithm is able to converge to a displacement field.

In the following, the displacement field ˜u(x) is decomposed over a finite element functions
basis,Ψk, namely piecewise tri-linear functions over 8-node cubic elements where a regular
and uniform cubic mesh is used over the entire region of interest. The trial displacement field
can thus be written as:

ũ(x) = ∑
k

uk.Ψk(x) (4)

Now, the minimization problem is then reduced to the resolution of a linear system as:

Mi j δu j = bi (5)

where

Mi j =

∫ ∫ ∫

[∇ f (x).Ψi(x)][∇ f (x).Ψ j(x)]dx

bi =

∫ ∫ ∫

[∇ f (x).Ψi(x)][g̃(x)− f (x)]x

The resolution of this system enables calculation of the 3D local displacement field in the
samples. It should be noted that the spatial extension of the finite element basis functions is an
important parameter. Indeed, this parameter is comparable to the correlation window size in
classical Digital Volume Correlation (DVC) [13].
In order to estimate the validity of the calculation, we define a quality parameter,R, as the
square root of the functionalΓ[ũ] at convergence, suitably normalized by the dynamic range of
the reference image.
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R=
‖ f − g̃‖

max( f )−min( f )
(6)

where max(f) and min(f) refer respectively to the maximun and the minimum values of the gray
levels in the image.
A low value of the latter quantity means that most of the image signal has been captured in
the matching of both images. It has been shown that this specific formulation of DVC which
ensures continuity of the displacement field offers better performance than classical DVC [13].
Furthermore, this method has the advantage of being very flexible with regards to the choice of
finite element shape functions and mesh geometry. With this method it is possible to estimate
displacements of about 1/100 pixel [13]. However, the spatial resolution of the displacement
field is strongly dependent on the contrast and texture (via the pair correlation function) of the
imaged tissue, on the image noise, but also on the chosen kinematic basis. In particular, it
was shown in [13] that the mesh size,l , (size of the cubic elements expressed in voxel) plays
a key role; A fine mesh (smalll ), allows for a good spatial resolution at the price of a high
uncertainty on the measured displacements. On the contrary, a coarse mesh (large) will have a
small uncertainty but will not be able to capture rapidly varying displacement fields. Hence a
compromise has to be chosen depending on image quality and sought resolution. In all case,
a small value ofR is an essential feature to ensure that the analysis quantitatively accounts for
the true kinematics.

3.2. From displacement map to stiffness

Most soft biological tissues can be considered as incompressible, and in particular the different
test cases shown below. Moreover, only small strains are considered and hence we restrict our
discussion to linear elastic incompressible media.
Incompressibility means that the displacement field is expected to obey everywhere in the tissue

div(u(x)) = 0 (7)

There are two different ways of dealing with such a constraint:

- Either DVC ignores this incompressibility constraint, and the result of the analysis
will either prove this property, or alternativelydiv(u(x))2 can be used as an indicator of
the quality of the displacement evaluation.

- Or, one can restrict the minimization ofΓ[ũ] to the sub-space of isochoric displace-
ments.

The second route will be followed herein, through a penalization technique. Namely, in
addition toΓ[ũ], a regularization functional is considered as the space integral of the quadratic
norm of unbalanced stress with the bulk. This stress is estimated from linear elasticity of an
incompressible solid, so that to dominant order it resumes to

Γreg[ũ] =
∫ ∫ ∫

| grad(div(u(x))) |2 dx (8)

A weight A is attributed to the regularization, andΓ[ũ] +AΓreg[ũ] is finally minimized. A
is the penalty factor that ensures incompressibility (or uniform volume change is the boundary
conditions reveal incompatible with an isochoric constraint). In addition, when the regular-
ization functional is not built strictly from an incompressible solid (a Poisson ration of 0.49
was chosen in our case), it acts as a smoothing filter below a length scale which (after a suite
normalization of the functionals) is equal to the fourth root ofA. In the following, this length
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scale is chosen as twice the mesh size,l , so that its effect is quite modest apart from setting the
incompressibility constraint.
Let us introduce the strain tensor,ε(x), as the symmetric part of the displacement gradient

εi j (x) =
1
2
(∂iu j + ∂ jui) (9)

Incompressibility implies that the strain tensor is traceless,tr(ε(x)) = 0. Within the frame-
work of linear elasticity the strain magnitude can be captured through the equivalent von Mises
strain which reads

εeq(x) =

√

2
3

tr(ε(x)2) (10)

Under the incompressibility assumption, a linear elastic law simply relates the stress tensor,
σ(x), to the strain,ε(x), as

σ(x) = 2µ(x)ε(x) (11)

whereµ(x) is the shear modulus. The balance equation, (in the absence of body forces),
div(σ(x)) = 0, and the above constitutive law and compatibility equation can be combined
altogether to provide the so-called Lams equation to be fulfilled by the displacement field

div(µ(x)grad(u(x))) = 0 (12)

The full 3D components of the displacement field are to be properly evaluated in order to
estimate relative variation of the shear modulus. Indeed as observed in the Lams equation, there
is no way to determine absolute values ofµ(x) if only a kinematic information is exploited.

4. Results

4.1. Proof of principle on a phantom

The method was first applied to test optically homogeneous and mechanically heterogeneous
samples. The sample was made of Polydimethylsiloxane (PDMS Sylgard 184) and Zinc oxide
(ZnO – 205532 SIGMA-ALDRICH) particles. ZnO particles were selected to induce optical
scattering and PDMS to control the stiffness of the sample because stiffness depends on the
cross-linker concentration.
With a ZnO particle concentration of 0.2 mg/g and a stack of three 50µm thick layers of
differing stiffnesses manufactured using the spin-coating method: the first layer has 10 % of
cross linkers corresponding to a Youngs modulus of about 2.6 MPa [15], the second layer has 3
% of cross linkers corresponding to a Youngs modulus of about 0.55 MPa [15], the third layer
have 5 % of cross linkers corresponding to a Young modulus of about 1.03 MPa [15]. The
following results shown in Fig. 3 were obtained. Figure 3(a) shows a representation of the
layered sample structure. A cross-section of the volumetric FF-OCT image is shown in Fig.
3(b). In Fig. 3(c) the cross-sectional image of the evaluated strain map corresponding to the
FF-OCT image plotted. Figure 3(d) is the profile of the strain averaged overy.

With this 1D layered sample geometry, one can both clearly distinguish the three layers on
the strain map (that cannot be distinguished on the FF-OCT section) and also have access to
a relative value of the stiffness. The ratio between the strain in the second layer and the third
layer is equal to 1.53 which corresponds well to the ratio of the Youngs moduli equal to 1.87. It
is difficult to give a value for the first layer because the relative stiffness between this layer and
the neighboring one is too high. Thus the first layer undergoes negligible strain that can hardly
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Figure 3. a) FF-OCT cross-sectional image of a PDMS sample with zinc oxide particles
(ZnO). b) Sample made of three 30µm-thick layers of differing stiffness. c) Strain map in
percent calculated with the 3D DIC method corresponding to the FF-OCT image in a). d)
Plot of the strain profile averaged over y.

be measured.
In order to compute this strain map we usedl=16 voxels. This size was chosen because 16
voxels is approximately the distance between two ZnO particles and there is not enough sig-
nal backscattered light between ZnO particles. With such an element size, the residualR of
equation (2) is 0.1 % which is a remarkably low value.

4.2. Ex vivo biological tissues

The final objective of this study being to aid diagnosis by complementing the FF-OCT im-
ages, three preliminary results on biological samples were obtained. The first sample was fresh
porcine cornea, the second was freshly excised human breast tissue and the last was fresh rat
heart. The samples are cut using a standard surgeon scalpel. This procedure is enough to ensure
a good contact with the windows with the minimum preload mentioned before in order to limit
the artifacts induce by a non-uniform tissue loading.

4.2.1. Ex vivo porcine cornea

Human and animal cornea have previously been studied with FF-OCT [16]. The current
setup was tested on cornea because a strong mechanical contrast between the epithelium and
the stroma is expected. The current study aimed at highlighting this heterogeneity.
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Figure 4(a) is a cross-sectional slice of the volumetric FF-OCT image of anex vivo porcine
cornea. We can easily distinguish the epithelium with small round cells and underneath the
stroma with undulated collagen sheets. Figure 4(b) shows a cross-sectional image of the eval-
uated strain map corresponding to the FF-OCT image of Fig. 4(a). The two layers clearly
exhibit different stiffness. The strain of the epithelium layer is about two times larger than the
deformation of the stroma. The element size was chosen to bel=8 voxels. The residual levelR
= 0.8 % is remarkably low in this example.

Figure 4. a) FF-OCT cross-sectional image of anex vivoporcine cornea. The layers from
top to bottom correspond respectively to the epithelium, the anterior basement membrane,
the Bowmans layer and underneath the collagen sheets corresponding to the stroma. b)
Strain map in percent calculated with the 3D DIC method corresponding to the FF-OCT
image in a). For this estimationR = 0.8 %.

4.2.2. Humanex vivobreast tissue

Recent studies on fresh breast tissue have demonstrated good correspondence between his-
tology slides and FF-OCT images [17]. These studies show very good agreement between
histopathological and FF-OCT based diagnoses by exploiting only the morphology of the tis-
sue (sensitivity 93%, specificity 75%). In order to improve the sensitivity and specificity, the
current study aims to combine FF-OCT and elasticity maps in the hope of mimicking the suc-
cessful approach combining elastography with ultrasonic imaging [18] that was demonstrated
in our laboratory. Here, this preliminary test looks at the mechanical contrast between an area
of fatty tissue (adipocyte cells) surrounded by normal fibrous tissue. Figure 5(a) is a cross-
sectional slice of the volumetric FF-OCT image of the sample. In this image, the adipose tissue
(big black cells) is clearly distinguished from the surrounding fibrous tissue. Figure 5(b) is a
cross-sectional image of the evaluated strain map corresponding to the FF-OCT image. Indeed,
the far greater deformation of the fat cells in relation to the surrounding tissue can be appreci-
ated. Due to the absence of signal from inside the adipocyte cells, an element sizel=32 voxels
was used, leading to a residualRof 1.1%.
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Figure 5. a) FF-OCT cross-sectional image ofex vivohuman breast tissue. In the center of
the upper image, note an adipose inclusion (big black cells) surrounded by breast tissue. b)
Strain map in percent calculated with DVC corresponding to the FF-OCT image in a). For
this estimationR= 1.1 %.

4.2.3. Ex vivo rat heart

In this example the strain map was used to detect the muscle fiber direction in theex vivo
rat heart. Indeed, muscle fibers have anisotropic mechanical properties [19]. The muscle fiber
will not show the same strain along the fiber axis and perpendicular to the fiber axis under the
same stress. Using this property of the muscle fibers and the fact that the FF-OCT elastogra-
phy method provides access to a 3D strain map, it is possible to detect a change in the fiber
orientation. For each pixel the eigenvector corresponding to the largest eigenvalue of the strain
tensor is calculated. This vector~εeigen gives the principal strain direction. The principal strain
direction indirectly reflects the fiber direction.
In the heart, the muscle fibers are organized in a stack of layers of different orientations [20].
In this example, the FF-OCT image was captured at the border between two layers. Figure 6(a)
is a cross-sectional slice from the volumetric FF-OCT image of the sample. In the FF-OCT
image it is difficult to evaluate the fiber direction, and the two different fiber orientations are
not visible. However, if the angle of the projection of the vector~εeigen on the(x,y) plane (Fig.
6(b)) is plotted, it is clear that there are two different fiber orientations.

This example shows that the local strain map provides access not only to stiffness informa-
tion but also to other mechanical properties of the sample such as mechanical anisotropy or
compressibility.

5. Discussion and conclusion

These preliminary results were obtained using an unmodified commercial setup. They show
that it is possible to produce accurate 3D displacement maps with a residual below 1 % at the
micrometer scale in biological tissues. From these displacement maps it is possible to calculate
3D local strain maps that reflect the local contrast in elastic properties. However, as the local
stress map remains inaccessible, there is still a lack of quantitative information.
The stiffness information, although not quantitative, could aid medical diagnosis. The next step
will be to validate that the strain information can detect or reveal stiff inclusions such as, for
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Figure 6. a) FF-OCT cross sectional image of anex vivorat heart. b) Angle map calculated
with the 3D DIC method corresponding to the FF-OCT image in a). For this estimationR
= 1.05 % and an element size of 32 voxels was chosen.

example, tumorous breast tissues that are known to be very stiff [21]. Moreover, having access
to a full 3D local strain tensor not only gives access to stiffness information but also open the
way to other contrasts such as mechanical anisotropy as shown here onex vivorat heart example
(Fig. 6) or compressibility.
In the current study, the stress applied to samples is taken into account only in order to have a
idea of the preload applied to the samples. This measurement of the stress with a flat sensor is
not well adapted to the current setup because if the sample is not flat the measurement is biased.
In order to work with biological tissue, which is not flat and is mechanically non-linear [22], it
is necessary to precisely control the stress being applied. In order to measure the applied stress,
a custom force sensor is under development. With this new force sensor it should be possible
to measure an accurate and local value of the applied force.
Furthermore, a FF-OCT front view endoscopic adaptation of this method is currently under
development forin vivo and in situ imaging. The setup developed by A. Latrive et al. [23] is
being used to capture the 3D FF-OCT image of the sample, while the sample is compressed by
the tip of the endoscope. Preliminary results onex vivotissues are very encouraging [24].
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