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Intravascular optical coherence elastography
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Abstract: Optical coherence elastography (OCE), a functional extension of optical coherence
tomography (OCT), visualizes tissue strain to deduce the tissue’s biomechanical properties. In
this study, we demonstrate intravascular OCE using a 1.1 mm motorized catheter and a 1.6 MHz
Fourier domain mode-locked OCT system. We induced an intraluminal pressure change by
varying the infusion rate from the proximal end of the catheter. We analysed the pixel-matched
phase change between two different frames to yield the radial strain. Imaging experiments
were carried out in a phantom and in human coronary arteries in vitro. At an imaging speed
of 3019 frames/s, we were able to capture the dynamic strain. Stiff inclusions in the phantom
and calcification in atherosclerotic plaques are associated with low strain values and can be
distinguished from the surrounding soft material, which exhibits elevated strain. For the first
time, circumferential intravascular OCE images are provided side by side with conventional OCT
images, simultaneously mapping both the tissue structure and stiffness.

© 2022 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

Optical coherence tomography (OCT) is a powerful tool for biomedical imaging and industrial
non-destructive testing [1–4]. Two-dimensional (2D) or three-dimensional (3D) OCT images
show in detail the microstructure of samples with a resolution of typically 10 µm and a penetration
depth around 1 mm. Intravascular OCT (IV-OCT) has been developed to guide interventions
in patients with coronary artery disease. An optical imaging catheter delivers the OCT light
beam into the artery, directs it onto the artery wall and collects the back-reflected light for image
reconstruction [3,5–7]. The typical diameter of the catheter is less than a millimetre, compatible
with the small lumen size of the coronary vasculature.

Since the first demonstration of intracoronary imaging in a living patient in 2001 [8], IV-OCT
has generated a wealth of insights into coronary artery diseases and stenting [6]. The number
of IV-OCT–guided percutaneous coronary intervention (PCI) procedures was estimated to be
approximately 100,000 per year in 2017, with a growth rate of 20% per year [9]. In clinical
practice, tissue characterization using IV-OCT in coronary arteries affected by atherosclerosis can
inform PCI decision-making [10,11]. Hard calcified plaque may impede full stent expansion and
so lead to complications during and after the intervention, while soft and fragile lipid-rich plaque
should be avoided as a stent-edge landing zone [6,12]. Presently, plaque composition is inferred
from OCT image features, such as brightness or border definition [6], but the interpretation
of OCT image features requires experience and may be affected by imaging artifacts [13,14].
Multimodal imaging techniques combine IV-OCT with, for instance, fluorescence or absorption
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spectroscopy to improve tissue characterization [15–17]. Alternatively, functional extensions of
OCT add tissue-type information by processing the OCT signal itself [18–20].

Intravascular ultrasound (IVUS)-based elastography has successfully characterized atheroscle-
rotic plaque mechanics [21,22], and has been used to derive features that correlate with clinical
aspects of coronary artery disease [23]. Optical coherence elastography (OCE), a functional
extension of OCT, visualizes the strain in tissue to deduce the tissue’s mechanical properties,
which can support tissue characterization [24–27]. OCE involves inducing stress in tissue
using a mechanical stimulus, detecting the displacement by processing the OCT data set and
reconstructing the tissue strain to indicate the tissue stiffness qualitatively. An experimental
demonstration of intravascular OCE (IV-OCE) imaging has so far remained elusive.

Elastography requires a mechanical stimulus to induce tissue strain. IVUS elastography uses
the passive intracoronary pressure change as the stimulus, and the heart itself serves as the
excitation pump [28,29]. Several studies attempted to integrate the excitation stimulus into the
catheter itself, but the large dimension of the excitation source became an impediment to the
catheter size [30].

Beam scanning stability is crucial to OCE analysis. Local tissue displacement at a sub-
resolution scale induces a phase shift in the OCT signal. OCE extracts the phase shift by
comparing the phase of two co-registered OCT frames, matched with subsample accuracy,
acquired before and after the displacement [26,31]. In microscopic OCE, a frame-based phase
comparison is guaranteed by the use of high-precision galvanometer scanning or an accurate
moving stage to scan the sample. In a conventional catheter-based set-up, a proximal fibre joint
rotates a long fibre probe. This scan mechanism is prone to non-uniform rotational distortion
(NURD), complicating accurate alignment between two frames [7]. In contrast, distally actuated
catheters use a micromotor at the catheter tip to implement a rotational scan [32–35], while the
long fibre probe remains stationary during imaging. We have previously demonstrated that beam
scanning stability can be significantly improved using a high-speed synchronous micromotor
[36].

To bring OCE towards catheter-based applications, new solutions are needed. In this research,
we demonstrate an experimental realization of phase-based OCE imaging of tissue strain in
response to an applied stress by means of a side-looking, rotary scanning catheter. We characterize
the method in an elastic tubular phantom and use it for IV-OCE of human coronary artery samples.
The IV-OCE system integrated a 1.1 mm motorized catheter and a 1.6 MHz phase-sensitive
Fourier domain mode-locked (FDML) OCT system. Stress is applied by modulating the fluid
pressure in the lumen. A micromotor with a dual-layer coil design was developed specifically
to enable stable beam scanning with the catheter, which allows us to compare the phase signal
between two different frames sample by sample. At a frame rate of 3019 frames/s, the dynamic
radial strain in response to a varying pressure can be measured by our IV-OCE system.

2. Methods

2.1. Dual-layered coil micromotor for stable beam scanning of the catheter

We developed a two-phase, two-pole synchronous micromotor that uses a structure of two
separate coils etched on a flexible Kapton foil (Etchform BV, Hilversum, The Netherlands).
Two channels of a sinusoid current signal with 90° phase shift were fed to the two layers of
the coils. The widths of the copper tracks (Fig. 1(a)) were chosen to approximate a sinusoidal
current distribution (Fig. 1(b)) by their relative resistance. The flexible print was rolled up
inside a cylindrical stainless-steel housing (2.0× 1.0 mm), forming a homogeneous magnetic
field that rotates the magnetic rotor inside the housing. Compared to a single-layer design
[36], this arrangement produces a more homogeneous field and consequently minimizes NURD
(Visualization 1). We carried out a finite element model (FEM) simulation of the magnetic field
(ANSYS, Maxwell 16.0) generated by the folded coil, which confirmed the uniformity of the
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produced field. More details of the magnetic field simulation can be found in Supplement 1
and in a video (Visualization 1). Based on the dual-layer micromotor, we developed an OCT
catheter with 1.1 mm outer diameter (1.6 m length from tip). The design of the catheter can be
found in our previous study [32], and the characterization of the catheter optics can be found
in Supplement 1. The sine and cosine signals are supplied by an arbitrary waveform generator
(AWG; Agilent 33522A; Santa Rosa, CA, USA) and converted to symmetric driving currents by
a floating ground dual-channel balanced current amplifier.

 

Fig. 1. (a) Schematic diagram of coils using dual-layer design. (b) Current density
distribution in the coil. (c) The coils after rolling into a tube shape for assembly. (d) Photo
of the dual-layer micromotor compared to a Euro coin of 10 cents.

2.2. Experimental set-up using motorized catheter

A photo of the motorized catheter is shown in Fig. 2. In IV-OCT used in clinical practice, a
flexible tubular guiding catheter is used to deliver the flushing medium (physiological saline
solution) and the imaging catheter to the coronary arteries. As shown in Fig. 2, the 1.1 mm
motorized catheter was delivered to the lumen of the hollow imaging target through an 8-French
guiding catheter (Boston Scientific, JR4) to realize circumferential cross-sectional imaging.
Utilizing the stable scanning offered by the motorized catheter and the 1.6 MHz wavelength
sweep rate of the FDML-based OCT engine, the IV-OCE system achieves an imaging speed of
3019 frames/s. The system’s overall phase noise was 9.7 mrad, corresponding to a minimum
detectable displacement of 0.76 nm. The maximum observable displacement without phase
unwrapping corresponds to a phase shift of π rad, equivalent to 244 nm in tissue (refractive index
nref= 1.34).

We controlled the intraluminal pressure by modifying the flush rate from the proximal end
of the guiding catheter, which was positioned in the lumen of the imaged object. A home-built
syringe pump was used to control both the volume and flush rate. The prescribed flush rate
produced an elevated pressure in the lumen of the phantom or in the vessel because of the finite
flow resistance in the tube; terminating the flow resulted in a gradually decaying pressure. The
intraluminal pressure was monitored by a disposable in-line transducer (B. Braun, Melsungen,
Germany).

Imaging experiments were performed in a polyvinyl alcohol (PVA) cryogel soft elastic tubular
phantom with a stiff plastic (VeroWhitePlus; VWP) inclusion. The PVA hydrogel phantom was
prepared with three freeze-thaw cycles and had an estimated Young’s modulus of 100–150 kPa
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Fig. 2. Schematic diagram of the experimental set-up, shown with a photo of the motorized
catheter, and cross-sectional diagram of the imaging phantom. PVA: poly(vinyl alcohol),
VWP: VeroWhitePlus. The catheter is positioned via a guiding catheter, through which the
flush media is delivered at a prescribed flow rate (white arrows) for pressure application.

[37]. A 2.5 mm lumen was formed by a mould, and a stiff inclusion made of VWP was implanted
in the phantom to create a stiff area with a diameter of approximately 0.8 mm. The VWP material
was chosen because its optical scattering is close to that of the PVA phantom, but it has a much
larger Young’s modulus of approximately 1400 MPa [38]. Thus, there was a large contrast in
stiffness compared to the surrounding material but a similar OCT appearance.

2.3. Beam scanning and acquisition synchronization

The OCT system was built based on a phase-sensitive FDML laser [39,40]. The FDML laser
cavity produces a master sweep at a frequency of 389460 Hz with a duty cycle of 25%. This
master sweep is converted to a cluster output of one master sweep and three buffered copies, thus
achieving a sweep rate of 1.6 MHz. More details of the FDML laser and the OCT system were
previously described [41,42]; the characterization of the system can be found in Supplement 1.

We realized accurate frame-to-frame sample co-registration, required for phase analysis,
by synchronizing the beam scanning, laser output, and data acquisition. Particularly, we
programmed the motor drive signal using the FDML master sweep trigger, which also triggers
the data acquisition. To form a circumferential image consisting of 516 A-lines, we discretized a
sinusoidal cycle in 129 samples and applied the FDML master sweep trigger as an AWG sample
clock. Figure 3 shows the timing sequence. In such way, corresponding A-lines (the white lines
in Fig. 3) from two different frames will correspond to the same angular location, thus enabling a
phase comparison. This combination of parameters leads to a speed of the micromotor of 3019
revolution/s and a frame rate of 3019 frames/s.

2.4. Signal processing and image construction

OCT data was acquired as wavelength-swept interferograms. After compensating the sampling
offsets between master and buffered fringes and linearization in wavenumber domain, a fast
Fourier transform was performed to convert the interferogram from the wavenumber domain to a
complex data set I in the spatial domain, thus forming an A-line in a complex format [43]. Each
set of 516 A-lines forms a circumferential cross-sectional frame. The absolute signal was used to
construct the conventional structural OCT image, and the phase signal was processed for the
OCE imaging.

We compute the strain image as follows, working in the polar domain. The local displacement
d at sample j in A-line i can be measured by extracting the phase shift ∆φ between frame (f ) and
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Research Article Vol. 13, No. 10 / 1 Oct 2022 / Biomedical Optics Express 5422

Fig. 3. Schematic diagram of synchronization between the motor drive signal, the FDML
sweep output, data acquisition, and image reconstruction. The white lines indicate two
co-registered and overlapping A-lines.

frame (f + ∆f ) according to [26,31,44]:

d(j, i, f ) =
λ

4nref π
∆φ(j, i, f ) =

λ

4nref π
tan−1

{︃
Im[I(j, i, f )I∗(j, i, f + ∆f )]
Re[I(j, i, f )I∗(j, i, f + ∆f )]

}︃
(1)

where ∆f indicates the frame interval for the phase comparison, nref is the refractive index of
the sample, I is the original complex OCT data, and λ is the centre wavelength of the FDML
laser, which is 1316 nm in our case. The asterisk (*) denotes the complex conjugate. The radial
strain ε is the displacement gradient along the radial direction, and was calculated by the central
difference method with a window size of 2 · ∆j:

ε(j, i, f ) =
d(j − ∆j, i, f ) − d(j + ∆j, i, f )

2 · ∆j · ∆z
(2)

where ∆z is the spatial sample interval. Substitution of Eq. (1) yields

ε(j, i, f ) =
λ

8π · nref · ∆j · ∆z
(∆φ(j − ∆j, i, f ) − ∆φ(j + ∆j, i, f )) (3)

In this formulation, compressive strain is positive. The measured phase shift ∆φ is affected by
three factors: phase wrapping when the true phase shift is >π or <–π, global phase offset ∆φg
due to the displacement between the catheter and the sample, and the OCT phase noise. Taking
these three factors into account, the experimentally measured phase shift ∆φ can be written as

∆φ (j, i, f ) = ∆φdis (j, i, f ) + σ(j, i, f ) + ∆φg(i, f ) + 2m(j, i, f )π (4)

where ∆φdis is the true value induced by tissue displacement, σ is the OCT phase noise, and the
last term indicates the phase wrapping. m is an integer and its value is unknown without applying
phase unwrapping.

The global phase shift is cancelled out when calculating strain, since it does not change with
radial depth. Phase wrapping can be avoided in Eq. (4) by choosing small enough pressure
intervals. When this condition is fulfilled, only the phase noise affects the measurement. In our
study, the data set was acquired at a rate of 3019 frames/s and the pressure difference between
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two neighbouring frames is small (< 0.06 mmHg, as determined from the maximum slope of the
measured pressure), which allows us to choose a proper frame interval to avoid phase wrapping,
while maintaining sufficient image contrast. The OCT phase noise σ is known to be associated
with laser spectrum variance, data acquisition jitter, and fluctuation of the reference arm length
[26,27]. Rather than measuring the contribution of each factor, we measured the overall phase
noise σ to be 9.7 mrad, corresponding to 0.76 nm in tissue (with a 20-frame interval and 20-frame
average). This number determines the minimum detectable displacement. The characterization
of the phase stability and further suppression of the phase noise are detailed in Supplement 1.

The strain computed using Eq. (3) in 516 circumferential A-lines is transformed to a Cartesian
grid by bilinear interpolation of the polar domain ε(r, θ) data to ε

(︂√︁
x2 + y2, tan−1 [︁ y

x
]︁ )︂

for each
(x, y) coordinate pair.

2.5. Human samples and histology preparation

The human arteries were obtained from the Department of Pathology of the Erasmus University
Medical Centre, in accordance with a protocol sanctioned by the local ethics committee
(Institutional Review Board: Erasmus University Medical Centre, MEC-2019-0217). The arteries
were obtained from two donors (LAD1: female, age: 58 and LAD2: male, age: 61) with non-
cardiovascular cause of death. The arteries were dissected from the myocardial tissue within 24
hours post-mortem and snap-frozen. Then they were stored at -80° until the day of the experiments.
Before the tests, they were thawed for 30 min at room temperature. The temperature of the water
bath was maintained at 36.8°C during imaging. Following imaging, arteries were embedded
in gelatin (VWR, The Netherlands) and frozen in preparation for cryosectioning. Cryosections
were cut at 8 µm thickness. Sections were fixed in buffered formaldehyde (Boom BV, The
Netherlands) and then stained using Resorcin-Fuchsin (RF) (basic fuchsin and ferri(III)chloride:
Sigma Aldrich, The Netherlands; Resorcin: Merck, The Netherlands; 96% ethanol: Boom BV,
The Netherlands; 37% HCl: Honeywell, The Netherlands) for elastin and collagen, and Oil-red-O
(ORO) (Sigma-Aldrich, The Netherlands; 2-propanol: Honeywell, The Netherlands) for lipids.

3. Results

3.1. Imaging of stable phantom

IV-OCE imaging experiments were first carried out in the PVA phantom while maintaining a
constant intraluminal pressure. Figures 4(a)-(c) shows the conventional OCT images that were
reconstructed using the absolute value of the complex OCT data set. Four shadow areas can be
seen in the image, which were induced by the wires of the micromotor. The boundary of the
inclusion is visible in the OCT image, and the image appearance inside the inclusion is similar to
that of the PVA phantom. We acquired 200 frames using the motorized catheter and displayed
them on the right panel in Visualization 2 at 20 frames/s playback speed; motion cannot be
detected visually.

To demonstrate the imaging stability, we applied frame averaging over 20 and 100 frames
and then assessed image sharpness, since any scan speed variation will blur the image when
applying frame averaging [45–47]. Figures 4(a)-(c) show the intensity images before and after
frame averaging at the same dynamic range. Sharpness was preserved, even after applying frame
averaging over 100 frames, while the noise was reduced. Figures 4(d)-(f) magnify a bright
feature of the phantom (indicated by dashed boxes), demonstrating stability down to sample
scale (also shown on the right panel in Visualization 2). Figure 4(g) shows the intensity plot
of one axial line (A-line) before and after frame averaging, demonstrating preserved features
(indicated by the dashed arrows) and reduced noise. Since 20-frame averaging achieved similar
noise suppression to 100-frame averaging, we chose 20-frame averaging to improve the image
quality for all conventional OCT images.
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Fig. 4. (a-c) OCT images of the PVA phantom (a) without frame averaging, (b) with
20-frame averaging, and (c) with 100-frame averaging. (d-f) Magnification of a bright
feature of the phantom to pixel level, as highlighted by the dashed boxes in (d-f) and indicated
by the yellow boxes in (a-c). (g) Amplitude plots of one axial line (A-line) data as indicated
by blue, black and red lines in (a-c). The solid arrows indicate the catheter tube, and the
dashed arrows indicate speckle maxima in the OCT signal.

The importance of scan stability on the displacement image can be seen by a calculation of the
phase difference between two aligned frames, compared to intentionally mismatched frames (±1
A-line, 0.7° angular). The interval between two aligned frames was 20 frames (∼ 6.7 ms interval).
As shown in Fig. 5(b) and (d), the small artificial mismatch washes out the phase shift signal that
could be reliably extracted in Fig. 5(c). In absence of an intraluminal pressure change, no strain
was induced, and the stiff inclusion cannot be distinguished from the surrounding soft phantom
material. The measured phase shift here is almost uniform, indicating it is caused by the relative
displacement between the catheter and the phantom. This global motion (of approximately 0 - 50
nm) is not noticeable in the intensity image but can clearly be seen in the phase shift, which is
highly sensitive to displacements at sub-sample scale. A video was recorded showing both the
structural image and phase-shift image (Visualization 3).

3.2. Dynamic strain imaging in a phantom

We introduced a dynamic intraluminal pressure to visualize the strain effected in the phantom.
For 300 ms after starting the recording, the pressure was maintained at 84 mmHg by applying
a constant infusion rate. Upon stopping the infusion, the pressure dropped to approximately

https://doi.org/10.6084/m9.figshare.20278140
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Fig. 5. (a) OCT signal phase in two frames at constant pressure, (f ) and (f+20). Frame
(f+20) was shifted by one A-line clockwise in (b), zero A-lines in (c), and one A-line
counterclockwise in (d). Only without mismatch in (c) could the phase shift be successfully
extracted.

24 mmHg over 700 ms; a pressure difference and rate of change that is comparable to the
physiological variation in the normal cardiac cycle [48]. The deformation of the phantom during
this sequence was imaged by IV-OCE. We first analysed the phase shift during the pressure drop
using frame intervals of 1, 10, 20, and 50 frames (corresponding to pressure drops of 0.06, 0.48,
1.0, and 2.31 mmHg as measured by the transducer). As shown in Fig. 6(a)-(d), the phase shift
changes gradually along the radial depth due to the radial strain induced by the pressure change.
Phase wrapping (π to -π jumps) along the radial direction, can be seen in the soft PVA phantom
but not in the VWP inclusion due to its high stiffness.

Figure 6(e)-(h) shows the strain images that correspond to Fig. 6(a)-(d). The radial strain was
calculated as the gradient of the displacement over a radial depth range of 20 samples (∼74 µm
in nref= 1.34), using a central finite difference approximation. It can be seen that the strain in
the PVA phantom increases with the pressure difference, while the strain in the VWP inclusion
remains close to zero. This image contrast distinguishes the stiff inclusion from the soft PVA
phantom.

A larger pressure difference (and thus frame interval) produces a proportionally larger strain
and thus greater contrast. Phase wrapping can be avoided if a small enough frame interval is
chosen. Figure 6(i) plots the phase shift at two points on one A-line with 20-sample difference in
radial depth, and Fig. 6(j) plots the phase shift gradient on the 20-sample window as a function of
frame interval. This experiment demonstrates that no wrapping of the phase shift gradient occurs
for a frame interval < 27 frames, in this moderately stiff homogeneous phantom. Therefore, for
the subsequent experiments, we chose an interval of 20 frames to extract the phase shift, calculate
the gradient, and reconstruct the strain images. The interval and window may be chosen shorter
for softer materials which exhibit larger displacement and strain.

Figure 7 shows dynamic strain imaging in the phantom. At constant pressure, only the phase
shift induced by the global displacement between the catheter and the phantom can be detected
(Fig. 7(d)). The strain is zero everywhere as shown in Fig. 7(g). In the presence of a pressure
differential, the inclusion shows a much lower strain than the surrounding soft phantom in
Fig. 7(h). Due to the highly overlapping frames, frame averaging could be applied over 20
subsequent strain images to suppress the phase noise and improve the image contrast, as shown
in Fig. 7(k). Figure 7(c),(f),i,l show the IV-OCE images acquired over a smaller pressure drop,
resulting in a smaller strain in Fig. 7(l), compared to Fig. 7(k). An FEM simulation was also
performed, which shows results similar to our strain image. The details of the simulation can be
found in Supplement 1. In the structural OCT images (Fig. 7(a)-(c)), no tissue deformation can

https://doi.org/10.6084/m9.figshare.20763961
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Fig. 6. Phase shift and gradient of phase shift calculated over 20 pixels along the radial
depth. (a-d) Phase shift between two frames with a frame interval of (a) 1 frame, (b) 10
frames, (c) 20 frames, and (d) 50 frames. (e-h) Gradient of phase shift over 20 samples
calculated with a frame interval of (e) 1 frame, (f) 10 frames, (g) 20 frames, and (h) 50
frames. (i) Phase shift as a function of frame interval of two samples with 20-sample
difference in radial depth (blue asterisk in a). (j) Gradient of phase shift calculated based on
the two pixels in (i), which changes with frame interval in VWP (red line and red asterisk)
and PVA phantom (blue line and blue asterisk). ∆f indicates the frame interval.
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be seen, and the only noticeable change was the lumen size of the phantom. A video was made
to show the dynamic strain imaging at 150 frames/s playback speed in Visualization 4.

Fig. 7. Dynamic IV-OCE imaging of PVA phantom and VWP inclusion. (a-c) Intensity
OCT images, (d-f) corresponding phase shift images, (g-i) strain images, and (j-l) strain
images after 20-frame averaging. (m) Plot of measured intraluminal pressure over time.
Asterisks indicate the area of the stiff VWP inclusion. (a,d,g,j) were acquired at constant
pressure (zero strain). (b,e,h,k) were acquired during rapid pressure change (large strain).
(c,f,i,l) were acquired during slow pressure change (small strain).

3.3. Ex vivo strain imaging of calcified and collagenous atherosclerotic plaques

Ex vivo strain images were acquired in two human left anterior descending (LAD) arteries,
respectively. The experimental set-up and image processing were the same as in the phantom
study, except the temperature of the experiment was maintained at 36.8°C.

The conventional OCT image features in LAD2 suggest the possible existence of two
calcifications (yellow asterisks) because of the clear boundary of the calcified area as shown
in Fig. 8(d) [49]. Similarly, abnormal tissue (black asterisk) can be found in LAD1 as shown

https://doi.org/10.6084/m9.figshare.20278146
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in Fig. 8(a). However, it is difficult to identify the plaque type based on the structural image
appearance alone. The IV-OCE images (as shown in Fig. 8(b),(e)) show the strain in the
plaques. It can be seen in Fig. 8(e) that the calcified plaques exhibit a low strain value, which
has been reported by IVUS elastography previously [21]. This low strain reflects the high
stiffness of calcifications. Low strain can also be seen in the plaque in Fig. 8(b), suggesting
a possible existence of a relatively stiff tissue type, consistent with collagen. Using histology
as a gold standard, the presence of calcified plaque and collagen-rich plaque was confirmed.
A collagen-rich fibrous area can be seen near the surface in Fig. 8(c) (red area, black asterisk)
and calcifications can be seen in the Fig. 8(f) (dark blue calcium borders, yellow asterisk). The
healthy arterial wall (Fig. 8(a),(b),(c), 3 o’clock to 9 o’clock) exhibits moderate strain, while two
high strain spots appear at the transition regions to collagen-rich plaque, indicated by blue arrows
in Fig. 8(b). The transition regions, also referred to as shoulder regions, demonstrate higher
strains and stresses due to the increased local curvature in the lumen as shown previously [50].

Fig. 8. Ex vivo IV-OCE images acquired in two human LAD arteries: (a-c) were acquired
in LAD1 while (d-f) were acquired independently in LAD2. (a, d) Structural OCT images
show the typical morphology of collagen-rich plaque in (a) and plaque with calcified
inclusions in (d). (b,e) Strain images show the low strain of the plaque and inclusions.
(c,f) Histology shows an atherosclerotic plaque with a collagen-rich fibrous area near the
surface (c, resorcin-fuchsin [RF] stain, collagen in red, black asterisk) and a plaque with
calcifications (f, Oil Red O [ORO]/hematoxylin stain, calcification with dark blue boundary
and mineralized appearance, yellow asterisks).

4. Discussion and conclusion

In this study, we demonstrate the first IV-OCE using an intravascular motorized catheter, a
megahertz FDML OCT system, and a proximal flushing pump. The stable beam scanning offered
by the catheter and careful synchronization allow us to resolve the phase shift between two
frames sample by sample. Using the proximal flushing pump, an intraluminal pressure change
was induced. Phase wrapping was prevented in the strain calculation by choosing a small frame
interval. At an imaging speed of 3019 frames/s, IV-OCE can capture the dynamic strain induced
by the pressure change. Combining these advances in system control, catheter engineering, signal
processing and image analysis, strain images and structural OCT images are simultaneously
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provided by a catheter-based imaging system. In the strain images, a stiff inclusion implanted in
a soft phantom can be easily distinguished. Similarly, stiff calcified and collagen-rich plaques
can be identified by IV-OCE.

Several approaches have been demonstrated towards endoscopic realization of OCE [30,51–53].
One common approach is to turn off the beam scanning of the catheter while measuring strain
(as M-mode imaging). In this way, tissue deformation is only measured at a single angular or
transverse location rather than over the entire circumferential cross-section [51–53]. Another
approach induces rapid tissue displacement using the acoustic radiation force (ARF) generated
by an ultrasound transducer [54]. The rapid displacement induced by the ARF can be resolved
between two adjacent A-lines, and a cross-sectional endoscopic OCE image can be achieved
using slow beam scanning. However, the ARF stimulus normally requires a transducer that is too
large to integrate into a catheter that is compatible with intravascular imaging [30]. Anatomic
OCT accesses tissue stiffness by tracking the lumen change, and has been applied in airway
imaging [55]. Anatomic OCT processes the OCT intensity images rather than the phase signal.
Localized tissue compliance can be extracted [56], but not actual tissue strain, which requires the
imaging of displacement in the tissue with nanometre accuracy.

In our study, the radial strain was calculated as the phase shift gradient over an appropriate
radial depth. To calculate the phase shift gradient, we used a linear symmetric finite difference
method, a straightforward method that has low computational cost [31,57]. The strain calculation
may be refined using advanced methods, such as intensity-weighted ordinary least squares [31,58].
Besides the phase processing method, a speckle-based or complex-decorrelation-based analysis
can also be used for signal processing [24,59], which may yield the measured strain deformation
not only along the radial direction but also along the transverse direction [60]. Applying such a
method to IV-OCE data, circumferential strain may potentially yield a 2D strain measurement,
from which the principal strain can be computed.

We qualitatively interpreted features of the strain image in terms tissue stiffness. Because
the deformation is small and the lumen of the sample is close to round, we consider the stress
distribution to be symmetric, i.e., the stress is similar at the same radial depth. However,
the heterogeneity, anisotropy, and presence of plaques or vessel bifurcations may lead to non-
symmetric geometries, thus affecting the stress distribution and interpretation of strain as stiffness
[61,62]. The measured strain depends on the catheter position relative to the lumen center [63].
Future quantitative studies will combine structural images and strain images with computational
models to yield quantitative tissue elasticity maps [64,65]. Arterial tissues exhibit Young’s
moduli that range over three orders of magnitude (kPa to MPa), and are very challenging to
quantify exactly [61]. Strain-based elastography methods have a limited dynamic range. In
vascular imaging, the contrast between soft (lipid-rich), stiffer (fibrous) and hard (calcium) tissues
is relevant. The method has been tuned to be sensitive to strain in softer materials. Although the
Young’s modulus of the inclusion in these experiments is outside of the range of vascular tissue
constituents, the measured strain patterns in the softer material will not be affected by the exact
stiffness of the hard inclusion.

In the clinical practice of IV-OCT, radiocontrast dye or saline is used to flush away the highly
scattering red blood cells at a rate of 3-5 ml/s [6]. The mechanical actuation method we applied
in this study can potentially be achieved by modifying the clinical flushing procedure. Our data
demonstrate that a pressure change of 1.0 mmHg already induces sufficient imaging contrast
for IV-OCE (Fig. 4(g)). The images were acquired at a base pressure of around 80 mmHg,
which is within the normal coronary artery pressure range (60–140 mmHg) [66]. Therefore,
beyond a modulated flushing, the coronary artery pressure change itself could also be sufficient
for inducing a measurable strain for IV-OCE. Future in vivo experiments in animal models will
inform optimization of the excitation method. Volumetric IV-OCE imaging of an entire coronary



Research Article Vol. 13, No. 10 / 1 Oct 2022 / Biomedical Optics Express 5430

artery could potentially be achieved using a step-by-step pullback, sampling OCE images acquired
in a manner similar to the in vitro results described here, at 500 µm to 1 mm intervals.

Several parameters, such as the frame interval, window size of the strain calculation, and the
number of frames used for averaging, may be tuned to optimize the in vivo imaging quality. The
OCT intensity data could be applied for masking out areas with low signal in the strain image. In
principle, it is possible to achieve IV-OCE at a conventional frame rate of approximately 150
frames/s. However, at this lower speed, the motorized catheter scan stability is insufficient for
reliably computing frame-based phase differences, nor is the noise reduction by frame averaging
feasible. We expect the laser’s phase stability and imaging speed to be compatible with in vivo
imaging. The 1.1 mm diameter motorized catheter can also be used for an in vivo imaging study
as demonstrated previously [32].

In PCI procedures, heavily calcified stenoses require aggressive lesion preparation, mainly
owing to the large stiffness of calcification. Methods to image and quantify the calcification,
such as IV-OCE, are of immediate interest to clinical users of IV-OCT. In our study, not only the
calcified plaque but also the collagenous area is found to be stiff by IV-OCE, which may serve to
distinguish it from lipid-rich plaque that can sometimes have a similar OCT appearance. Our set
of coronary artery samples did not include lipid-rich plaques (the collection was complicated
by the COVID-19 pandemic). Future extension and diversification of our sample set will not
only deepen our understanding of the formation of atherosclerotic plaque but also unlock this
information for diagnostic use. In particular, biomechanical simulation studies predict a high
stress/strain area near the shoulder of plaques, which has never been clearly demonstrated
experimentally to date [50,67,68]. Figure 8(b) demonstrates these high strain spots in a pattern
consistent with those observed in simulations [50,59,67]. IVUS-based elastography has focused
on high-strain signatures of lipid-rich plaques, which have been implicated in the elevated risk
of ischaemic events [22]. However, its imaging resolution and strain sensitivity are inferior
by a factor of approximately 10 compared to IV-OCE [69]. In the future, we believe IV-OCE
will become a powerful tool for investigating the mechanism of plaque rupture. Combining the
morphological OCT image, mechanical OCE image, and biomechanical FEM simulation may
possibly offer a comprehensive risk assessment for plaque vulnerability and associated acute
coronary syndrome.

Beyond cardiovascular applications, it is possible to acquire strain images in other luminal
organs, such as the airways and the gastrointestinal tract, where passive stimuli (tidal breath and
gastrointestinal motility) may induce sufficient tissue stress to offer a detectable strain [55,56].
Abnormal tissue types, such as tumour and lung fibrosis, are usually associated with different
stiffnesses compared with the surrounding healthy tissue [69,70], and the diagnosis normally
requires tissue removal for biopsy assessment. Visualizing the strain and the morphology at the
same time in vivo will certainly bring new opportunities to the study, diagnosis, and treatment of
these diseases while avoiding tissue removal from patients.
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