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Abstract: Optical imaging techniques that provide free space, label free imaging are powerful
tools in obtaining structural and biochemical information in biological samples. To date, most of
the optical imaging technologies create images with a specific contrast and require multimodality
integration to add additional contrast. In this study, we demonstrate spectroscopic Thermo-
elastic Optical Coherence Tomography (TE-OCT) as a potential tool in tissue identification.
TE-OCT creates images based on two different forms of contrast: optical reflectance and
thermo-elastic deformation. TE-OCT uses short laser pulses to induce thermo-elastic tissue
deformation and measures the resulting surface displacement using phase-sensitive OCT. In this
work we characterized the relation between thermo-elastic displacement and optical absorption,
excitation, fluence and illumination area. The experimental results were validated with a 2-
dimensional analytical model. Using spectroscopic TE-OCT, the thermo-elastic spectra of elastic
phantoms and tissue components in coronary arteries were extracted. Specific tissue components,
particularly lipid, an important biomarker for identifying atherosclerotic lesions, can be identified
in the TE-OCT spectral response. As a label-free, free-space, dual-contrast, all-optical imaging
technique, spectroscopic TE-OCT holds promise for biomedical research and clinical pathology
diagnosis.

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

1. Introduction

Optical imaging techniques have proven to be powerful tools in providing information on tissue
structure and molecular composition with high spatial and temporal resolutions. Typically, optical
imaging technologies rely upon a single form of imaging contrast and offer a single, specific type of
information on the tissue sample. Microscopy implementations include the chemical information
offered by fluorescence, Raman and multiphoton microscopy, optical reflectance visualized by
confocal microscopy and tissue elasticity shown by Brillouin microscopy [1–4]. To further expand
imaging capabilities, systems consisting of multiple modalities have been demonstrated which
create images containing multiple imaging contrasts simultaneously. However, this normally
requires the integration of various imaging modalities [5,6]. Another key technical concern of
note involves the use of contrast agents in imaging modalities where signal detection is limited.
Due to the general toxicity of common contrast agents, further investigation is required into their
safety and adverse effects [7–10]. As a result of these factors, development of new label-free and
free-space hybrid imaging modalities has been desirable in the field of optical imaging.
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In the last decade, photoacoustic imaging (PAI) has emerged as a hybrid imaging technique,
bearing potential for research and clinical diagnostic applications [11,12]. PAI employs pulsed
laser to induce thermoelastic deformation in tissue. Following the absorption of the laser
pulse, the tissue undergoes rapid thermal expansion which generates internal thermoelastic
stresses and acoustic waves, then slowly relaxes over tens of microseconds during a period
referred to as, ‘quasi-steady-state equilibrium’ [13]. PAI uses ultrasound transducers to detect
the consequent acoustic wave to achieve tissue specific imaging contrast. This allows for
simultaneous visualization of tissue components depending on optical absorption, and tissue
structure depending on the acoustic properties of the tissue [14,15]. The optical contrast imaging
offered by PAI, has thus been applied in a number of research areas from changes in vasculature
to lipid identification [16–20]. However, conventional PAI typically requires a contact medium
between the transducer and sample to ensure propagation of the acoustic wave. To achieve
non-contact imaging, photoacoustic remote sensing (PARS) has been proposed [21], in which
the ultrasound detection is replaced by optical sensing. However, this tradeoff for all-optical
detection results in the loss of depth information and the ultrasound imaging contrast.

Optical coherence tomography (OCT) is an all-optical imaging technique which uses low-
coherence interferometry to provide volumetric imaging of tissue microstructure, having
widespread applications, most notably in ophthalmology, cardiology, and oncology [22–25].
The imaging contrast of OCT depends on the optical scattering and reflection of the sample.
Though OCT offers non-contact, high-resolution imaging, it conventionally shows only the tissue
structure and surface optical reflectance in its microscopy format [26,27]. Functional extensions
of OCT have been proposed to offer additional tissue-specific contrast. For instance, polarization
OCT (PS-OCT) measures changes in the polarization state of the detected light to identify tissue
type such as collagen and muscle [28]. Spectroscopic OCT (SOCT) can extract the spectroscopic
features of the tissue within the wavelength range of the OCT laser source [29]. Phase-sensitive
OCT (PhS-OCT) can detect the minute tissue displacements on a nanometer to sub-micrometer
scale [30,31]. One of the major implementations of PhS-OCT has been in photothermal (PT-OCT)
[32]. Traditional PT-OCT uses continuous wave (CW) laser to progressively induce temperature
rise in tissue. The temperature rise further generates a photothermal signal that can be detected by
PhS-OCT, thus creating additional imaging contrast that is dominated by the optical absorption.

Previously, we demonstrated the concept of thermo-elastic (TE-OCT), a hybrid imaging
technique between PAI and PhS-OCT [33]. When tissue absorbs a laser pulse with a duration
that is shorter than the thermal relaxation time of the tissue, thermal confinement is achieved.
TE-OCT exploits this effect by combining a nanosecond pulse laser, which is used to induce
TE displacement, with a megahertz phase-sensitive OCT system for detection. Like PAI, the
TE-OCT signal is proportional to the locally deposited heat, and thus to the local fluence and
absorption coefficient. Relying upon the laser induced, thermo-elastic expansion and making
use of the technical advantages of PhS-OCT, TE-OCT offers structural OCT images and tissue
type imaging simultaneously. In our previous study, we demonstrated single or dual wavelength
characterization of tissue samples. In this study we advance the concept of TE-OCT towards a
spectroscopic imaging setup for tissue identification. Employing a two-dimensional (2D) model
and a pulse laser with a large wavelength tunable range, we extracted TE displacement spectra of
phantoms and biological tissue, which can be used as a new contrast for tissue characterization.
Furthermore, we acquired high-speed TE-OCT images of atherosclerotic plaque, in which the
lipid, collagen and elastin tissue components can be identified by imaging at selected salient
wavelengths.
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2. Materials and methods

2.1. 2D model of thermo-elastic surface displacement at steady state

The absorption of laser energy by a material produces molecular vibrations and a non-uniform
temperature distribution resulting in thermoelastic deformation. For the case of nanosecond laser
pulses, the temperature distribution T(r,z), can be approximated by an axial symmetric function,
a Gaussian radial profile and an exponentially decaying axial profile called the optical attenuation
depth, D [34]:

T(r, z) = T0 exp
{︃
−

r2

w2

}︃
exp

{︂
−

z
D

}︂
(1)

T0 =
Φµa

ρCv
(2)

D =
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3µa(µa + µs ′) (3)
where r is the radial coordinate, z is the axial coordinate, w is the radius of the laser beam, Φ is the
laser fluence, Cv is the heat capacity at constant volume, µa is the optical absorption coefficient,
µs

′ is the reduced scattering coefficient, T0 is the initial temperature distribution and D is the
optical attenuation depth, given as the distance along the axial coordinate (z), in which the laser
beam is reduced to 1/e of its initial surface intensity. It should be noted that in the case of the
gel wax phantoms used in the characterization of the system, scattering is assumed negligible
due to the transparency of the phantoms. In this case, the optical attenuation depth, D, is simply
proportional to the absorption coefficient of the material:

Dtrans = µa (4)

where Dtrans is the optical attenuation depth for a transparent material.
The deformation in a solid body as a function of time, can be determined based on the theory

of elasticity using the thermoelastic wave equation, which is detailed by Landau et al. [35]:

ρ
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E
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3(1 − 2σ)

∇T(r, z) (5)

where u is the displacement vector, ρ is density, E is Young’s modulus, σ is Poisson’s ratio, and
ß is the thermal expansion coefficient. From Eq. (5) a complete solution for the displacements
and stresses can then be derived with appropriate boundary and initial conditions following the
work by Albagli et al. [36]. The initial condition assumes that the displacement, u, equals to zero
at time equal to zero. The boundary conditions then assumes that the surface of the sample is
free, with the stress at the surface equal to zero. In addition, the bottom of the sample is assumed
fixed. Under these initial and boundary conditions, the axial, uz and radial, ur displacement
components under steady state can be found by:

uz = −
1 + σ

3(1 − σ)
D β T0 ·∫ ∞

0
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(y2 − 1)

]︃
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0
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]︃
RJ1(Ry)J1(yr′)dy

(7)

where r′ = r/D and z′ = z/D are dimensionless variables, y is a symbolic variable, R = w/D is
an aspect ratio relating beam width, w, to effective optical attenuation depth and J1 and J0 are
first and zero order Bessel functions.
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The axial surface displacement for a Gaussian temperature distribution can then be determined
by setting z= 0:

uz = −Sg0(R, r′) (8)

where the negative sign indicates motion towards the incoming light and

S =
2(1 + σ)

3
DβT0 (9)

g0(R, r′) =
∫ ∞

0

R2y
2(y + 1)

exp
{︃
−
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4

}︃
J0(yr′)dy (10)

By combing equations (2), (3) or (4), (9) and (10) and substituting them in Eq. (8), an expression
for determining the axial surface displacement resulting from an incident light pulse of Gaussian
distribution while accounting for the mechanical, thermal and optical properties of the tissue, can
be found:
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The displacement can be written as a product A · B, where A describes the mechanical and
thermal properties, while the optical properties of the tissue can be written in terms of B, including
the optical attenuation depth, D, which can be simplified to Dtrans depending on the medium
turbidity:
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2(1 + σ)

3
·
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ρCv
(12)
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It can be appreciated that the components of B, are governed by optical absorption and related
to the wavelength of excitation, while the mechanical and thermal properties in A, are inherently
determined by the tissue type. Thus, by selecting an appropriate wavelength, the intrinsic optical
absorption of the tissue can be exploited. This offers imaging where the optical absorption at a
given wavelength is then the contrast mechanism of the imaging system.

2.2. Phase-sensitive OCT system

For interrogation, a phase-sensitive OCT system based on a 1.6 MHz Fourier-domain mode locked
laser (FDML) is employed. The laser has a central wavelength of 1316 nm and a wavelength
sweeping range of 108 nm. The laser achieves an output power of 20 mW with a sensitivity of
102 dB and a phase stability of 0.5 nm in air. The output from the FDML laser was split in a
9:1 ratio, with 90% of the output power being sent to the sample arm, while the remaining 10%
was sent to the reference arm. The reflected light from the sample arm was recombined with
the light from the reference arm in a 50/50 coupler. The coherence fringes were detected by a
1.6 GHz, InGaAs balanced photodetector (Thorlabs, PDB480C-AC, U.S.) and then converted to
an analogue signal with a 4 GS/s, 8-bit data acquisition (Gage, CobraMax, U.S.). The PhS-OCT
system finally achieves an axial resolution of 11.9 µm and a lateral resolution of 27.0 µm. A
detailed characterization of the system can be found in previous work by Wang et al. [37].

2.3. Spectroscopic TE-OCT imaging system

To induce thermo-elastic deformation, we integrated a wavelength tunable pulsed optical
parametric oscillator (OPO) laser (SpitLight EVO-OPO, Innolas, Germany), into the PhS-OCT
system as shown in Fig. 1(a). The pulsed laser has a wavelength tuning range of 660 - 2400
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nm with pulse durations of 4 - 7 ns and repetition rates of 10 - 200 Hz. Output light from the
tunable pulsed laser was attenuated to desired levels using absorptive neutral density filters then
collimated with a best form lens (LBF254-100, Thorlabs, U.S.). The collimated beam was then
reflected by two protected silver mirrors (PF10-03-P01, Thorlabs, U.S.) onto a second, best form
lens (LBF254-040, Thorlabs, U.S.) which focuses the light through a 500 µm copper aperture
(#39-895, Edmund Optics, U.S.). The light exiting the aperture was collimated with a third best
form lens (LBF254-040, Thorlabs, U.S.), reflected off a 50:50 UVFS beamsplitter (BSW30,
Thorlabs, U.S.) and focused on the sample through an achromatic doublet lens (AC254-030,
Thorlabs, U.S.). Additionally, 1% of the light transmitted through the beamsplitter was sent to a
10 GHz, extended InGaAs photodetector (818-BB-51, Newport, U.S.) to monitor pulse-to-pulse
variations in pulse energy. The interrogation OCT beam was collimated with a 1310 nm air-spaced
doublet (F810APC-1310, Thorlabs, U.S.), co-aligned with the pulsed laser beam through the
achromatic doublet lens and focused upon the same location on the sample.

b c

a

Pulsed laser

Lens Mirror

Lens

Lens Lens

Mirror

Beamsplitter

Pinhole

Photodiode

PC

50/50
coupler

Balanced
photodetector

90% 10%

Reference
mirror

FDML laser

Computer

DAQ

Translation
stage

x y

z

Fig. 1. Schematic of the TE-OCT imaging system. (a) Schematic of the setup based on a
wavelength tunable pulsed laser and a 1.6 MHz phase-sensitive OCT system. OCT, optical
coherence tomography, FDML, Fourier domain mode locked, PC, polarization controller,
DAQ, data acquisition card. (b) Characterization of the overlapping OCT beam and pulsed
laser beam and their respective full-width-half-maximum (FWHM) spot sizes. (c) Lateral
resolution was measured by scanning the sharp edge of a detector card and fitting the edge
spread function (ESF). The point spread function (PSF) was derived from the ESF, with a
FWHM lateral resolution of 27.0 µm.

The spot sizes of the co-aligned beams were measured using a dual scanning slit beam profiler
(BP209-IR2/M, Thorlabs, U.S.) with spot sizes (FWHM) of 90.0 µm for the pulsed laser and 27.0
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µm for the PhS-OCT system (Fig. 1(b)). To characterize the lateral resolution of the TE-OCT
system, we fitted the edge-spread function (ESF) acquired by scanning a sharp edge of a laser
detector card (VRC2, Thorlabs, U.S.) as shown in Fig. 1(c). The point-spread function (PSF)
was then calculated by taking the derivative of the ESF. The lateral resolution measured as
the full-width at half-maximum (FWHM) of the PSF, is approximately 27.0 µm. Images of
the biological samples were generating by raster scanning a 3-axis translational stage setup
(X-LDM110C-AE54D12, Zaber, Canada; KMTS50E/M, Thorlabs, U.S.; LTA-HS, Newport,
U.S.). A 200 Hz master clock signal was used to synchronize the movement of the stages, OCT
data acquisition, photodiode detection and pulse emission from the pulsed laser.

2.4. Data processing and image reconstruction

For each laser pulse, an M-mode OCT image consisting of 40 A-lines (27 µs duration) for imaging
or 80 A-lines (50 µs duration) for spectra study, was acquired to display tissue motion versus time,
at one location on the sample. The acquisition of each M-mode image was triggered 8 µs prior to
the arrival of the laser pulse. To measure the displacement, the Doppler phase shift was extracted
from the M-mode dataset by comparing the phase signal before and after the arrival of the laser
pulse. The Doppler phase shift (∆φ) was further converted to tissue displacement following:

u(r, z) =
λ0

4nπ
∆φ(r, z) (14)

where u(r, z) is the surface displacement at a radial location, r and depth, z, n is the refractive
index of the sample, and λ0 is center wavelength of the OCT laser source.

The surface displacement for each data point on a spectrum or image was found by taking the
mean phase of 4 A-lines before the arrival of the pulse and subtracting this from the mean phase
value of 4 A-lines following the arrival of the pulse (with a 15-A-line delay after the pulse arrival)
which is observed in the M-mode images, giving the absolute change in phase above the noise
floor. In the end, each M-mode image produced a new A-line that shows the tissue displacement
corresponding to a specific excitation laser pulse. The new A-lines are then combined to produce
a 2D TE-OCT image which can be reconstructed to offer a top view of the entire biological
sample. To improve the image quality, a filter replaces each pixel with the average of its 3× 3
neighborhood. Meanwhile, in the conventional way of OCT data processing, the intensity part of
the dataset was used to reconstruct the OCT image that shows the microstructure of the sample
with a contrast that relies upon optical reflectance.

2.5. Tissue collection and processing

Tissue samples were acquired from two regions of a porcine right coronary artery (RCA). Each
region was cut into two blocks. In block one, adjacent slices were made for histology staining
while in block two, a piece of unprocessed tissue was freshly resected, and directly used for
TE-OCT imaging without any staining or labelling. Sample acquisition was approved by the local
animal welfare committee of the University Medical Centre Utrecht and was executed conforming
with the “Guide for the Care and Use of Laboratory Animals”. The porcine (Exemplar Genetics
LDLr KO 60-80 kg) was fed for 1 year on an atherosclerotic high fat diet containing egg yolk,
ground corn, sucrose, sweet butter cream, di-cal-phosphate, lard and limestone.

2.6. Gel wax phantom preparation

Gel wax phantoms were prepared to characterize the TE-OCT prototype. Native gel wax (FF1
003, Mindsets Online, Waltham Cross, UK), was selected as the material of choice as reference
data for both the absorption and scattering coefficients are readily available [38]. We mixed the
native gel wax with carbon black ink (Cranfield) with concentrations varying from 0.005 to 0.03
w/v, following the procedure described in E. Maneas’s work [38]. The native gel wax was then
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heated to ∼200 °C with continuous magnetic stirring for approximately one hour. The gel wax
was then sonicated (Emag 12 HC, Emag, Germany) for 2 minutes then reheated to maintain
mobility of the gel wax. This step was repeated once for the transparent phantoms and multiple
times for the phantoms with added ink, until the wax-ink solution appeared homogenous. All
phantoms were then transferred to a vacuum chamber for degassing to allow any remaining
bubbles to float to the surface. Lastly, they were poured into glass containers and allowed to cool
to room temperature.

3. Results

TE-OCT relies on the detection of nanometer scale thermo-elastic tissue displacements made
possible by a high-speed, PhS-OCT system, in combination with a wavelength tunable nanosecond
pulsed laser for sample excitation. The surface movement following irradiation is detected
as the Doppler phase shift signal by the OCT system and used to reconstruct thermo-elastic
displacement images.

3.1. Characterization of the surface thermo-elastic displacement in gel wax phantoms

We investigated the thermo-elastic (TE) displacement response by recording the signals of
mineral-oil rich gel wax phantoms. The experimental results were compared with the theoretical
results generated from the 2D model. Figure 2(a) shows the M-mode images acquired from a
gel wax phantom with no added absorbing or scattering materials using 1210 nm and 1330 nm
excitation wavelengths. The surface displacement was extracted from the M-mode images as seen
in Fig. 2(b). The displacement was averaged upon 1000 laser pulses for each wavelength, with a
fixed pulse energy of 470 µJ. Displacement is observed at 1210 nm due to the relatively high
optical absorption coefficient at this wavelength (1.79 cm−1) [39]. Little to no optical absorption
at 1330 nm (0.19 cm−1) by the gel wax phantom leads to a much lower displacement when
compared to that of 1210 nm wavelength. It is worth mentioning that no change can be seen in
the M-mode OCT images since the displacement is much smaller than the axial resolution of
conventional OCT, and it can only be measured by comparing the phase signal.

To investigate the relationship between surface displacement and optical fluence, gel wax
phantoms containing no added absorbing or scattering materials were used. We varied the fluence
of the pulsed laser and measured the resulting surface displacement at both 1210 nm and 1330
nm wavelengths. The pulsed laser was operated at 10 Hz repetition rate and each displacement
measurement at a particular fluence was obtained by averaging 300 measurements and plotted
with their corresponding error bars in (Fig. 2(c)). The results show linearity with increased
fluence resulting in a corresponding increase in displacement with R2 values of 1.0 at 1210 nm
and 0.984 at 1330 nm.

To characterize the relation between the optical absorption coefficient and surface displacement,
we mixed gel wax phantoms with various concentrations of an optical absorber (carbon black
ink). Five phantoms with concentrations ranging from 0.005 to 0.03 w/v % were prepared and
the surface displacements were measured at 1210 nm and 1330 nm with a fixed pulse energy
of 285 µJ. Each displacement was averaged upon 300 measurements. As shown in Fig. 2(d), a
linear relationship is found between the surface displacement and the optical absorption, with R2

values of 0.971 at 1210 nm and 0.993 at 1330 nm.

3.2. Spectroscopic measurements using TE-OCT

To investigate the spectroscopic detection using TE-OCT, we measured the surface displacement
of a gel wax phantom while tuning the wavelength of the excitation pulsed laser from 1100
nm to 1500 nm with a 1 nm step size. Each displacement value was obtained by averaging the
measurements of 10 laser pulses. As the pulse energy of the pulsed laser gradually decreases
going further in the short-wave infrared (SWIR) range, from 1100 nm (650 µJ) to 1500 nm (315
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a c

b d

1210 nm

1330 nm

Fig. 2. Characterization of thermo-elastic surface displacement in gel wax phantoms. (a)
M-mode OCT images showing the sample structure and displacement before and after
pulse arrival (black arrow), at 1210 nm and 1330 nm excitation wavelengths. (b) Surface
displacements of gel wax phantom extracted from M-mode OCT images using 1210 nm and
1330 nm excitation laser pulses. (c) Correlation between surface displacement and pulsed
laser fluence at 1210 and 1330 nm. (d) Correlation between surface displacement and optical
absorption in phantoms containing varying concentrations of carbon black ink at 1210 and
1330 nm

µJ), a photodiode was used to monitor the pulse energy and compensate the spectrum, knowing
the linear relationship between displacement and pulse laser fluence. A theoretical TE spectrum
was calculated based on the 2D model by assuming negligible scattering and referencing the
absorption spectrum of mineral oil from literature [40]. As shown in Fig. 3(a), the surface
displacements measured at various wavelengths form a spectrum which is governed by the optical
absorption of the phantom. To the details, displacement peaks of methylene in the mineral oil are
observed at 1196 and 1210 nm and the combination of methylene and methyl groups at 1390
and 1420 nm are visible. These measured spectral features agree well with the theoretical TE
displacement spectrum. As scattering is assumed negligible in the phantom, the 2D model is then
dominated by the absorption spectrum of mineral oil with no discernable difference. The strength
of the model can be better appreciated when acquiring spectra from porcine lipid containing
scattering as shown in Fig. 3(c).

Another variable of interest is the pulsed laser beam spot size and its relationship with fluence
and optical penetration depth. To investigate this relationship, TE displacement spectra were
acquired over the wavelength range of 1100–1300 nm with 10 pulses averaged per wavelength
as shown in Fig. 3(b). The upper and lower limits of each set of 10 pulses per wavelength,
were plotted in the shaded area around the mean experimental spectra. The pulsed laser was
operated at an energy of 650 µJ per pulse at 1100 nm decreasing to 420 µJ per pulse at 1300
nm. The results show that the displacement magnitude across the spectrum with a 150.0 µm
spot size (FWHM) is two times larger compared to that of the spot size (FWHM) of 300.0 µm.
This suggests that a smaller spot size and proportionately higher energy density, results in a
higher detected signal magnitude. The measured spectra were close to the theoretical spectra
and mineral oil optical spectra obtained from literature [40]. A slight mismatch between the
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Fig. 3. TE displacement spectra of mineral oil and porcine fat. (a) Comparison between
normalized thermo-elastic displacement spectrum, theoretical spectrum, and optical absorp-
tion spectrum of mineral oil. (b) Comparison between experimental and theoretical spectra
using different spot sizes of the excitation laser pulse. (c) TE displacement spectrum of
porcine fat with comparison with theoretical and reference spectra.

experimental spectrum and the theoretical spectrum can be found at 1150± 10 nm wavelength.
This might be due to slight variations in the refinement of our phantoms versus the referenced
pure mineral oil spectrum in literature [40].

3.3. TE-OCT imaging of porcine coronary arteries

TE-OCT images and spectra were acquired in two regions (region 1 and region 2) of a porcine
right coronary artery (RCA) without any staining or labelling. Two TE displacement spectra over
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the 1100 - 1850 nm wavelength range were respectively acquired from the coronary artery wall
and periadventitial lipid in region 1. Each displacement data point was averaged over 10 pulses
with an energy range of 650–235 µJ per pulse. As shown in Fig. 4, different features can be seen
between the artery wall and the periadventitial lipid. Specifically, two peaks can be seen at 1210
nm and 1720 nm in the spectrum of periadventitial lipid. This is because of the strong optical
absorption of lipid at 1210 and 1720 nm wavelengths agreeing with that of the reference optical
absorption spectrum [41]. In contrast, displacement can be seen over the 1400–1525 nm range
on the artery wall, which is due to a combination of the optical absorption of collagen, elastin
and water at this wavelength range [42,43]. However, in a recent paper by Salimi et al. [44],
they report that water, though highly absorbing at 1210 nm, shows little change in optical path
length due to its large heat capacity which acts against temperature rise and thermal expansion.
This translates to only a small contribution to the measured displacement in the 1450 nm region
corresponding to the large absorption peak of water [43]. On one hand, TE-OCT reveals unique
spectral features of specific tissue types, while on the other hand, tissue type could possibly be
identified in the TE-OCT images by choosing a proper excitation wavelength.

2 mm

Fig. 4. TE displacement spectra of healthy artery wall and periadventitial lipid in region 1.
Two spectra corresponding to the artery wall (highlighted blue on sample) and periadventitial
lipid (highlighted orange on sample), over the wavelength range of 1150–1850nm.

2D TE-OCT images were acquired by scanning the coronary artery of region 1 at 1590
and 1720nm, with an excitation energy of ∼54 µJ per pulse. A TE-OCT image (10× 10 mm
dimension, 400× 400 pixels) can be acquired within 13.3 minutes by setting a 25 µm step size of
the 2D scanner and a 200 Hz repetition rate of the pulsed laser. As TE-OCT utilizes PhS-OCT
detection, the conventional OCT structural image can also be acquired simultaneously. The
experimentally acquired TE-OCT images were qualitatively compared to histological samples
which were stained using Hematoxylin–Eosin (H&E) for general structure, Oil Red O (ORO) to
highlight lipid content and Resorcin–Fuchsin (RF) staining for the collagen-elastin components.
The OCT image (Fig. 5(a)) shows the microstructure of the coronary artery which corresponds
to structures observed in the H&E stained histology (Fig. 5(b)). However, owing to the low
contrast of optical reflectance, conventional OCT images cannot clearly identify tissue type.
Figure 5(c) shows the TE-OCT image using 1720nm excitation laser pulses to highlight lipid. The
periadventitial lipid shows displacement and can now be clearly identified in the TE-OCT image.
This is confirmed by the presence of the dissolved lipids which are seen as red droplets in the
ORO histology and indicated by yellow arrows in Fig. 5(d). In addition, displacement is observed
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Fig. 5. TE-OCT images of coronary artery (region1) compared to histology. (a) Conventional
OCT image of coronary artery. (b) H&E-stained histology of coronary artery. (c) Surface
displacement image of artery excited at 1720nm. (d) ORO-stained section of coronary artery.
(e) Surface displacement with 1590 nm excitation. (f) RF-stained section of coronary artery.

on the artery wall (green arrows) as shown in the magnified part in Fig. 5(c) as compared to
Fig. 5(d). This is likely due to the polarity of the lipids as ORO staining only highlights non-polar
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lipids. The lipid area near 11 - 13 o’clock was not observed in the TE-OCT image. That is
because the low OCT intensity signal led to a relatively large phase noise, and the signal was
filtered out after a 3× 3 pixel smoothing. Moving to a 1590 nm excitation wavelength, surface
displacement is now observed on the artery wall where collagen and elastin are highlighted
as shown in Fig. 5(e). This is confirmed in Fig. 5(f) which shows the RF-stained histology
highlighting the collagen-elastin tissue component in red. In addition, displacement signal was
detected in the myocardium indicated by the yellow arrows (Fig. 5(e)), which is due to optical
absorption of cardiac muscle.

A TE displacement spectrum was also acquired in an atherosclerotic plaque from region 2
of the same RCA as shown in Fig. 6. The spectrum shows complex features as a combination
of spectral features of the artery wall and periadventitial lipid. More specifically, displacement
can be seen at 1210 nm, 1720nm and across the 1400–1525 nm wavelength range. This result
suggests that the displacement is contributed by both lipid and collagen tissue components.

TE-OCT images of the atherosclerotic plaque of region 2 were acquired at 1590 and 1720
nm wavelengths. The conventional OCT image shows the structure of the artery wall (Fig. 7(a))
which is comparable to the H&E histology (Fig. 7(b)). Slightly stronger OCT signal can be seen
at 5 o’clock (blue dashed box), 9 o’clock (yellow dashed box) and in the periadventitial tissue
(green dashed box) compared to other areas in the image. This may be due to the relatively
high optical reflectance of the lipid component. However, the OCT image feature interpretations
are not sufficient to identify lipid tissue. Figure 7(c) shows the TE-OCT image acquired by
using 1720 nm pulse laser excitation. Again, displacement can be seen in the periadventitial
lipid (green dashed box), which is confirmed by the lipid laden areas (red droplets indicated by
yellow arrows) in the ORO histology (Fig. 7(d)). In addition, two lipid-rich areas can be seen
in the magnified parts, one in the yellow box and another in the blue box, both of which are
confirmed by the ORO histology (yellow and blue boxes in Fig. 7(d)). Switching the excitation
wavelength to 1590 nm, the collagen-elastin tissue components are highlighted, as shown in
Fig. 7(e). In the magnified parts of Fig. 7(e), the image features are different from Fig. 7(c). In
the periadventitial lipid (green box in Fig. 7(e)), there is no longer a discernible signal compared
to the same location using 1720 nm excitation. Displacement can be observed in the lipid-rich
area (yellow and blue boxes), however, this is now mainly due to the collagen and elastin tissue

3 mm

Fig. 6. TE displacement spectrum acquired from atherosclerotic plaque in region2 of the
RCA. Spectrum corresponding to the atherosclerotic plaque on artery wall (highlighted
orange in sample), over the wavelength range of 1150–1850nm.
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Fig. 7. TE-OCT image analysis of atherosclerotic plaque (region 2) compared with histology.
(a) Conventional OCT image of artery. (b) H&E-stained histology of coronary artery. (c)
Surface displacement of artery at 1720nm. (d) ORO-stained section of coronary artery. (e)
Surface displacement at 1590 nm. (f) RF-stained section of coronary artery

components. In addition, collagen bands are observed on the outer wall of the sample which are
highlighted by the yellow arrows in Fig. 7(e). In all cases, the collagen-elastin components are
confirmed by the RF histology as shown in the corresponding locations in Fig. 7(f). Therefore,
both lipid and collagen-elastin tissue components of the atherosclerotic plaques can be identified
by TE-OCT with histology confirmation, which also agrees with our previous analysis of the
TE-OCT spectrum features.
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4. Discussion

We demonstrate spectroscopic TE-OCT as a new tool in optical imaging which utilizes the
laser-tissue interaction basis of PAI, and the technical advantages of PhS-OCT. TE-OCT can
simultaneously visualize tissue microstructure as in conventional OCT and identify tissue
components as in PAI. The experimentally acquired TE displacement spectra show good
agreement with that of the analytical model and reference optical absorption spectra. TE-OCT
provides imaging in an all-optical, non-contact and label-free form offering potential advantages
for biomedical applications by eliminating the need for a contact medium as is required in
transducer-based PAI [45]. Furthermore, the demonstration of optical absorption contrast
imaging in porcine coronary artery samples ex vivo, with identification of lipid and collagen
content offers a substantial increase in functionality over stand-alone OCT [46–48]. In addition,
TE-OCT can be practically achieved by improving most of the existing OCT platforms without
facing the difficulties of system integration.

PT-OCT is a well-known, related development, which relies on PhS-OCT to detect thermal
expansion induced by optical absorption. Until recently, PT-OCT relied on CW sources, which
has led to progressive heat build-up in tissue. The introduction of modulated PT-OCT alleviated
this limitation [49,50]. PT-OCT has also been used in lipid imaging in coronary arteries
[51]. Compared to these recent PT-OCT studies, our study focused on extracting spectroscopic
information from thermoelastic displacement. Since the thermoelastic displacement happens
within a few microseconds, TE-OCT can achieve spectroscopic imaging, which however requires
a MHz A-line acquisition rate and relatively expensive pulsed laser, as opposed to the kHz A-line
rate and relatively low-power and low-cost laser used in PT-OCT. Spectroscopic OCT can extract
optical spectroscopic information of tissue, but the features are limited to the wavelength range
of the OCT laser source. In contrast, Spectroscopic TE-OCT relies upon the wavelength tuning
range of the pulsed laser which can achieve a larger range than that of the OCT laser source.

Our current TE-OCT prototype does suffer from several technical limitations. First, the pulsed
laser used for excitation has a maximum repetition rate of 200 Hz. This results in an acquisition
and processing time of 13.4 minutes for a 400× 400 pixel TE-OCT image. In principle, the 1.6
MHz FDML OCT system, can support a laser pulse repetition rate of up to 30 kHz, which can
potentially generate a TE-OCT image within 5.3 s. In the future, we would employ a faster pulsed
laser, thus, increasing the imaging speed. Second, the resolution of TE-OCT depends mainly
upon the spot size of the OCT beam while the excitation area is determined by the spot size of
the pulsed laser. In the current system, the laser fluence induces a temperature rise on the order
of millikelvin from each pulse as is the same for photoacoustic imaging. Though the effect on
tissue heating is reduced by energy deposition on a nanosecond scale [52], tissue damage can
occur due to repetitive pulse illumination. In the future, we will further reduce the spot sizes of
both the pulsed laser beam and the OCT beams to achieve better resolution and higher excitation
efficiency. Third, our current study has been focused on surface imaging of the tissue specimen,
but it is possible to advance the study towards volumetric three-dimensional (3D) imaging. In
the future, we will investigate a 3D model to determine tissue motion along the full depth of
the interrogation beam. Characterization of tissue structure and composition in the entire 3D
imaging volume may further enable catheter or handheld-probe-based imaging applications.

5. Conclusion

In this work, we have demonstrated and characterized spectroscopic TE-OCT, an optical imaging
modality which can simultaneously acquire co-registered images containing structure and tissue-
specific information in a label-free, non-contact form. The experimental data acquired in this
study agrees well with the theoretical data calculated using a 2D model. Preliminary results of
coronary artery samples show that lipid and collagen tissue components can be identified in both
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imaging and TE displacement spectra. We believe that spectroscopic TE-OCT could become a
useful optical imaging tool for biomedical research, with the possibility of extending TE-OCT
towards pathology, cardiology, and endoscopic imaging.
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