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Abstract. The calibration dependencies of the optoacoustic (OA) transformation efficiency on tissue temperature
are obtained for the application in OA temperature monitoring during thermal therapies. Accurate measurement of
the OA signal amplitude versus temperature is performed in different ex vivo tissues in the temperature range 25°C
to 80°C. The investigated tissues were selected to represent different structural components: chicken breast (skeletal
muscle), porcine lard (fatty tissue), and porcine liver (richly perfused tissue). Backward mode of the OA signal
detection and a narrow probe laser beam were used in the experiments to avoid the influence of changes in
light scattering with tissue coagulation on the OA signal amplitude. Measurements were performed in heating
and cooling regimes. Characteristic behavior of the OA signal amplitude temperature dependences in different
temperature ranges were described in terms of changes in different structural components of the tissue samples.
The accuracy of temperature reconstruction from the obtained calibration dependencies for the investigated tissue
types is evaluated. © 2012 Society of Photo-Optical Instrumentation Engineers (SPIE). [DOI: 10.1117/1.JBO.17.6.061214]
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1 Introduction
Accurate, rapid, and noninvasive measurement of temperature
distribution inside biological tissues is an important issue in
most thermal therapies aiming at localized tumor destruction,
such as hyperthermia, high-intensity focused ultrasound
(HIFU) therapy, laser interstitial thermotherapy (LITT), and
radio frequency (RF) ablation.

In HIFU therapy, powerful ultrasound waves are focused
inside a human body to induce thermal denaturation of tissue
at the focus of the transducer without affecting the surrounding
organs. HIFU ablation has been applied to the treatment of a
wide variety of both benign and malignant tumors, including
uterine fibroids, prostate cancer, liver tumors, and other solid
tumors that are accessible to ultrasound energy.1–4 A single
HIFU lesion is often referred to as being “cigar-shaped,” and
is typically about 5 to 10 mm in length, 2 to 3 mm in cross sec-
tion, and takes anywhere from 1 ms to tens of seconds to induce,
depending on the clinical application. For the treatment of a
larger tissue volume, the transducer focus is scanned over the
targeted area.

Both RF ablation and LITT are minimally invasive proce-
dures in which either an optical fiber or a needle electrode is
inserted into the targeted tissue area under ultrasound or mag-
netic resonance (MR) guidance. The unwanted tissue adjacent to
the tip of the fiber or electrode is then thermally coagulated
through either light absorption or heat generated by high-
frequency alternating current. A single treatment takes several
minutes, and the resulting lesion can be 5 to 10 mm in diameter.5

Based on the time needed to create a single thermal lesion
and the lesion size, the requirement to the temporal resolution
of a temperature-monitoring method should be on the order of a
second or less, and the spatial resolution should be within a
millimeter range. To date, the following methods have been
employed for this purpose, with varying degrees of success:
diagnostic ultrasound-based methods, MR thermometry, infra-
red thermography, and acousto-optical imaging.

Most diagnostic ultrasound-based methods for temperature
monitoring use the temperature dependence of the sound
speed in tissue.6 This dependence leads to a shift of the heated
area relative to the image of the targeted tissue. Solving the
inverse problem under the approximation of an acoustically
homogeneous medium, the temperature distribution within
the tissue can be reconstructed,7,8 provided that the dependence
of sound speed on temperature for this tissue is known. The
essential limitation of this method is that most tissues cannot
be considered acoustically homogeneous. In addition, the
dependence of the speed of sound on temperature is relatively
weak (∼1 m∕s per degree) and varies greatly among tissues.9,10

For example, the speed of sound increases with temperature in
muscle and other tissues with high water content and decreases
in fatty tissues.6,11–13 Structural tissue changes caused by coagu-
lation or dehydration also lead to changes in the speed of
sound,13 but the total change does not exceed a few percent for
all kinds of soft tissues in the temperature range of 30°C to
80°C.11

The biggest advantage of MR thermometry is that, unlike
ultrasound-based methods, it can provide tissue temperature
maps overlying the MR image of the target almost in real time.
The distribution of sufficient thermal dose is then calculated and
assumed to correspond to thermally ablated tissue. The temporal
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resolution of MR thermometry is 1 to 4 s per image, and the
spatial resolution is determined by the size of the image
voxel, which is typically about 2 × 2 × 6 mm3.14 Therefore,
MR-guided HIFU or LITT is suitable only for treatments in
which the heating occurs slowly, on the order of tens of seconds
for a single thermal lesion. Motion artifacts due to breathing and
heartbeat are also a concern in a clinical setting. MR-guided
HIFU has been used clinically for the treatment of breast
tumors15,16 and uterine fibroids,17 and MR-guided LITT for
treatment of brain, liver, and prostate tumors.18 The practical
limitations are the high cost and limited availability of MR
imaging systems.19 Unfortunately, neither MR imaging nor
ultrasound-based guidance methods can provide the image of
the thermal lesion directly and in real time as it forms in tissue,
due to the lack of contrast between intact and thermally dena-
tured tissue.

Infrared thermography allows for performing temperature
monitoring in real time within 0.1°C, but only at the surface of
an object, and it is therefore only applicable for photodynamic
therapy of skin or mucous tissue.20

Optical imaging methods, such as optical diffusion tomogra-
phy (ODT), seem attractive for imaging thermal lesions since
coagulation necrosis induces large changes, up to 300%, in
optical properties of tissue containing blood and protein.21–26

However, strong light scattering inherent to most tissues in the
visible and near-infrared range dramatically decreases the image
spatial resolution,27 which is comparable to the imaging depth.
Since thermal therapy procedures are often applied to tissues
located at the depth of several centimeters within a human
body, and a typical size of a thermal lesion is on the order of
millimeters, purely optical methods are hardly applicable for
the purpose, despite the advantage of high contrast.

The acousto-optical method28,29 is a hybrid and is based on
the modulation of diffuse light in tissue by ultrasound waves
emitted by conventional ultrasound scanners. Only ultrasound-
modulated photons are then used for image reconstruction;
therefore, the spatial resolution is determined by the area of
interaction of light and sound; i.e., the focal area of the ultra-
sound array. Sufficient sensitivity of this method for detection
of lesion formation in vitro was demonstrated.29 However, even
in 2-D environments, the acousto-optical method faces
substantial difficulties in lesion imaging and temperature
monitoring.

Thus, the development of a noninvasive method that would
have sufficient spatial and temporal resolution, high sensitivity
to temperature change, high contrast between intact and
thermally denatured tissue, and sufficient monitoring depth
(a few centimeters) is of great practical importance.

Optoacoustic (OA) imaging is a potentially advantageous
method for both imaging thermal lesions and measuring
temperature distribution inside tissue. In OA imaging, tissue
is irradiated by a nanosecond laser pulse, which leads to tissue
heating, its rapid thermal expansion, and generation of a
wideband ultrasound signal that will be referred to as the
“OA signal.”30 The OA signals are then detected by an array
of ultrasound transducers and used for the tomographic recon-
struction of the distribution of laser-induced heat release in
tissue.31–33 The amplitude of the OA signal excited in an elemen-
tary tissue volume is proportional to the efficiency of the OA
transformation—the product of light absorption coefficient μa
and the Grueneisen parameter Γ, calculated as Γ ¼ c20β∕cp
(where c0 is sound speed, cp is specific heat, and β is the thermal

expansion coefficient).30 Both μa and Γ depend on structural
changes that occur in tissue during its heating.10,11,24,34–38

As mentioned above, the temperature changes of the speed of
sound in most soft tissues do not exceed a few percent. The var-
iation of the specific heat of tissues with temperature is explored
very little, especially beyond the point of tissue coagulation. The
only known example is liver tissue that exhibits changes in spe-
cific heat by no more than a few percent in the temperature range
of 20°C to 80°C.37 This is not surprising, considering that the
specific heat of water changes within 1 percent in that tempera-
ture range.10 However, the variations in cp of fatty tissues with
temperature may be more significant.10

The thermal expansion coefficient of water increases by 5%
per degree; therefore, the corresponding dependence in tissues
with high water content may be quite strong. Unfortunately, the
literature yields very little information on the temperature
dependence of β in different tissues for temperatures over
40°C. Some authors consider β a constant up to the point of tis-
sue coagulation;39 beyond that point, the change in β, to our
knowledge, was not investigated to date.

The information on the dependence of μa on tissue coagula-
tion status is also contradictory. Optical properties (at 632 nm
wavelength) of ex vivo myocardial tissue samples, which were
subjected to rapid step changes in temperature, were studied by
Agah et al.24 After the temperature had reached the maximum
value of about 52°C, the light absorption coefficient increased
by 1.5 times compared to its initial value. More than twofold
growth in light absorption was detected at 1064 nm for ex
vivo porcine liver21 and chicken breast23 samples after thermal
denaturation. The increase in optical absorption by 100% to
300% within the wavelength range of 600 to 1500 nm was
also demonstrated after in vivo rat liver coagulation.22 Such
an increase can be explained by the fact that the coagulation
changes the concentration of chromophores40,41 and by forma-
tion of methemoglobin from hemoglobin in blood at tempera-
tures beyond 60°C.36,42 In contrast to the works cited above, a
sufficient decrease of light absorption for human and porcine
liver samples during heating from 36°C to 80°C was observed
by Ritz et al.35,43 This result could be related to the complex
procedure of sample preparation, which included sample freez-
ing in liquid nitrogen and subsequent homogenization. We
believe, however, that the growth in light absorption coefficient,
rather than its decrease after tissue denaturation, is more explic-
able for most types of soft tissues.

Thus, temperature changes in the efficiency of OA conver-
sion (the product of μa and Γ) seems to be much greater than that
of the speed of sound or acoustic impedance. That makes the
OA technique very promising for temperature monitoring in
biological tissues. Both the image of the thermal lesion and the
temperature distribution inside the tissue can potentially be
acquired by solving the inverse OA imaging problem. However,
for direct application of the OA method, the dependence ΓðTÞ
and the change in μa with coagulation should be known in the
tissue under examination. The corresponding calibration mea-
surements were addressed in several works that are reviewed
briefly below.

The feasibility of the OAmethod in diagnostics of an isolated
thermal lesion was first demonstrated by Khokhlova et al.21 for a
HIFU-induced thermal lesion in porcine liver, and by Larin
et al.44 for an LITT-induced lesion in canine liver. In both cases,
the lesions were induced at 1 cm depth, and the sizes were
3 mm × 25 mm for the HIFU lesion and 5 mm × 15 mm for
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the LITT lesion. The profiles of the OA signals generated in the
samples and detected by single-element transducers clearly indi-
cated the presence of a highly absorbing heterogeneity—the
thermal lesion—and allowed the determination of its transverse
size and location depth. In a separate set of experiments, the
contrast in optical absorption at an 1064-nm wavelength
between coagulated and intact porcine liver tissue was measured
and was 250% for porcine liver21 and 150% for canine liver
tissue.44 The difference in these values is most probably related
to the difference of the measurement methods or the procedures
for sample preparation employed in the studies.

In another study, HIFU lesions were produced in in vivo and
ex vivo mouse kidney and then examined using an OA imaging
system.45 Surprisingly, the lesion appeared darker on the OA
image (i.e., less absorptive than the intact tissue) in the in
vivo case, but brighter in the ex vivo case. The reason for
such behavior was unclear, but the authors speculate that despite
the expected growth of the light absorption coefficient, the
coagulation process in tissue can block blood circulation and
initiate tissue dehydration. These processes are assumed to
decrease the thermal expansion coefficient and, consequently,
the amplitude of the OA signal from the lesion.

The dependencies of the OA signal amplitude on temperature
were measured by Larin et al. in canine liver and canine muscle
tissue.44 The increase in OA pressure amplitude with tissue heat-
ing was observed before tissue coagulation apparently due to the
gradual increase of the thermal expansion coefficient. After
tissue coagulation occurred, the increase became more rapid,
possibly due to abrupt change in tissue optical absorption
and scattering. Unfortunately, the influence of each individual
parameter (absorption, scattering, and Gruneisen parameter)
on the signal amplitude could not be separated in that particular
experimental design.

In other studies, the dependence of the OA signal amplitude
on temperature was measured in turkey muscle46 and porcine
muscle tissue infused with gold nanoparticles.47 The experi-
ments were performed in a relatively narrow temperature range
(23°C to 37°C), and a linear relationship was found in
both cases.

The goal of the present work was to investigate the tempera-
ture dependence of the OA transformation efficiency at different
heating-cooling regimes, in a wide range of temperatures, and in
different tissue types to evaluate the applicability of OA imaging
to temperature mapping during thermal therapies.

2 Materials and Methods

2.1 Theoretical Background

The reconstruction of the temperature distribution in tissue by
solving the inverse problem of OA tomography is possible if the
calibration dependence μaΓ on temperature for that tissue is
known. In the present work, the following method is employed
to measure the calibration curves.

Consider the laser beam irradiating the boundary z ¼ 0 of the
transparent medium and the biological tissue. The laser fluence
in the incident laser beam can be represented as

Eincðr⊥; τÞ ¼ E0LðτÞRðr⊥Þ; (1)

where Rðr⊥Þ and LðτÞ are the dimensionless transverse fluence
distribution within the laser beam and the temporal profile of the
laser pulse, correspondingly. For simplicity, the distribution
Rðr⊥Þ will be considered Gaussian, as follows:

Rðr⊥Þ ¼ exp

�
−
4r2⊥
d2

�
; (2)

where d is the laser beam diameter. Within the turbid medium
(i.e., tissue), the axial distribution of laser fluence can be
represented as

Eðz; r⊥ ¼ 0; τÞ ¼ EðzÞLðτÞ. (3)

If the laser pulse is considered infinitely short,
LðτÞ ¼ τLδðτÞ, the heating of the turbid medium can be consid-
ered instantaneous, and hence the thermal sources as “frozen.”
The profile of the OA signal excited in the turbid medium and
detected in backward mode in the transparent medium, but very
close to the tissue surface, can be represented as48,49

p0ðτ; r⊥ ¼ 0Þ ¼
�

0; τ < 0

RacΓμaEðz ¼ ctrτÞ; τ > 0
; (4)

where Rac ¼ 2ρtrctr∕ðρtrctr þ ρ0c0Þ; ρtr and ρ0, are the density of
the transparent and turbid media, respectively; and ctr is the
speed of sound in the transparent medium. As seen, the temporal
profile of the acoustic signal described by Eq. (4) in the region
τ > 0 corresponds to the in-depth distribution of heat release.

In the case of a short, but finite, laser pulse (μeffc0τL << 1), it
is necessary to take into account the change of the heat release
distribution within the laser pulse duration, which results in the
broadening of the OA signal front:

pðτ; r⊥ ¼ 0Þ ¼ RacΓμa
Z

∞

0

LðtÞI½ctrðτ − tÞ�ϑðτ − tÞdt; (5)

where ϑðτÞ is the Heaviside function and IðzÞ is the laser fluence
rate in the turbid medium.

Equation (5) shows that the amplitude of the OA signal
excited in a turbid medium is proportional to μaΓ, but it also
depends on the distribution of laser fluence EðzÞwithin the med-
ium. It is well known that the laser fluence in the subsurface
region can exceed the value of E0 in the incident laser beam
by up to six times due to backscattering.50,51 The amplification
factor k ¼ Emax∕E0 depends on the ratio μa∕μ 0

s of tissue optical
coefficients and on the value of d∕l� (l� ¼ 1∕μ 0

s , photon trans-
port mean free path in the turbid medium).52 This factor is dif-
ficult to account for in the measurements when the optical
coefficients are not known beforehand or can change unexpect-
edly in the course of the experiment. However, if a narrow laser
beam is employed (i.e., d∕l� < ∼1), the subsurface laser fluence
amplification diminishes (k → 1) and the laser fluence is at its
maximum at the tissue surface: Emax ¼ Eðz ¼ 0Þ. The OA sig-
nal amplitude thus depends on μa only, not on the ratio of optical
coefficients μa∕μ 0

s .
52 However, in this case, a strong diffraction

transformation of the acoustic signals within the transparent
medium takes place,53 and the signal profile, detected in the
transparent medium at the distance L from the tissue surface,
is represented as follows:

pdðτ; r⊥ ¼ 0Þ ¼ d2

8ctrL
∂p
∂τ

¼ d2

8ctrL
RacΓμa

�
I0
E0

Eðz ¼ 0ÞLðτÞ

þ ∂EðctrτÞ
∂τ

ϑðτÞ
�
; (6)

and is essentially the time derivative of Eq. (5).
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The first component of Eq. (6) repeats the laser pulse envel-
ope and has a sharp maximum at τ ¼ 0. Since the laser fluence
distribution EðzÞ inside a turbid medium is a smoothly varying
function compared to the laser pulse envelope, the second com-
ponent of Eq. (6) is much smaller than the first one within the
laser pulse duration. Therefore, the leading edge of the OA sig-
nal pðτ < 0Þ is determined by the laser pulse envelope, and its
amplitude is proportional to the light absorption coefficient μa
and to the maximal value of laser fluence Emax in the medium
that depends very little on the reduced scattering coefficient μ 0

s .
52

The trailing edge of the OA signal profile is determined by the
two terms of Eq. (6) and depends on the distribution EðzÞ and,
therefore, on both coefficients μa and μ 0

s .
Thus, the OA conversion coefficient μaΓ in tissue and its

dependence on temperature and tissue coagulation status can
be measured locally from the amplitude of the OA signal excited
in tissue by a narrow laser beam under stress confinement
and thermal confinement conditions. The inaccuracy of mea-
surement of μaΓ in this case will not exceed 8%, even if the
reduced scattering coefficient μ 0

s is changed twice due to tissue
denaturation.52

2.2 Experimental Setup

The diagram of the experimental setup is shown in Fig. 1.
Radiation of the fundamental harmonic (laser wavelength
λ ¼ 1064 nm, pulse duration τL ¼ 12 ns, pulse repetition rate
50 Hz) of a Q-switched Nd:YAG laser was used for the excita-
tion of the OA signals. The pulse energy could be decreased by a
set of neutral light filters and was 2 to 3 mJ at the tissue surface.
The laser beam diameter at the tissue surface was 2.5 mm. It is
important to note that the incident laser fluence was lower than
medical safety standards dictate.54 Heating of the tissue samples
by a single laser pulse was less than one-hundredth of a degree,
which can be estimated by a simple expression:

ΔT ¼ μaE0∕ρcp ≈
20 m−1 � 600 J∕m2

1000 kg∕m3 � 4200 J∕K
¼ 0.0028 K.

(7)

Here, the density and specific heat are that of water. In some
tissues, these values may be different by no more than 20%,
which would lead to an insubstantial difference in the estimated

temperature increment.10 However, even neglecting heat diffu-
sion, the accumulated laser-induced heating of the sample over
the entire cycle of 128 laser pulses did not exceed 0.4 K. This
allowed the tissue heating effects induced by probe laser radia-
tion to be disregarded.

A light-separating cube with a 4-cm side was used for rota-
tion of the laser beam by 90 deg toward the tissue surface. The
cube was made of the two quartz prisms of triangular cross-
section brought into optical contact. A thin metal layer was
deposited onto one of the contacting surfaces. This layer was
“acoustically thin,” i.e., the OA signal excited in the medium
passed through the contact layer without considerable reflection
losses. As shown in Fig. 1, the bottom of the cube was in acous-
tical contact with the investigated tissue. The top of the cube was
attached to a 7-mm-thick duralumin diaphragm filled with deio-
nized water, which was in acoustic contact with the receiving
custom-built piezoelectric transducer. The transducer itself
had a metal housing fixed in a metal holder placed on the mas-
sive optical table. The presence of the duralumin diaphragm
with water and the metal holder provided dissipation of heat,
and thereby sufficient decrease of temperature, at the detector
surface during the experiment (the maximum temperature of
deionized water adjacent to the detector was additionally mon-
itored with a thermocouple and did not exceed 40°C). Possible
changes in detector sensitivity with temperatures in the range of
25°C to 40°C were tested by detecting the signal from a
well-characterized OA source—the blue-green glass light filter
BGG-22. No changes in the transducer spectral sensitivity
exceeding 1% were observed. Thus, the pyroelectric effect in
the piezoelement of the transducer and the change in its sensi-
tivity with temperature were disregarded.

The detector was made of a 110-μm-thick polyvinyldenfluor-
ide foil (PVDF) film deposited onto a block of PMMA. It had a
smooth frequency response in the megahertz range, and its low-
frequency sensitivity was 845 mV∕Pa (after a 50-fold amplifi-
cation). A more detailed description of the receiver design can
be found in our previous works.21,52,55 The detected signal was
recorded by a digital oscilloscope (Tektronix TDS-1012, sam-
pling rate 1 GHz, analog frequency 100 MHz) online with a
computer.

The temperature dependence of OA conversion efficiency
can be very different for tissues with different structural compo-
nents, i.e., the content of fat, water, protein, and blood.10,11,36

Fig. 1 Diagram of the experimental setup.
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For that reason, we selected several representative tissues for the
measurements: chicken breast as a model of skeletal muscle,
porcine lard as a model of fatty tissue, and porcine liver as a
model of richly perfused tissue. The investigated tissues were
obtained from an abattoir and stored on ice for no longer
than 36 h after removal from the animal. The samples were
cut out to fit a holder with dimensions of 3 × 3 × 2 cm and
then degassed in a desiccant chamber for 1 h. This allowed
the extraction of air bubbles from tissue that could distort the
temporal profile of the OA signals. Overall, 10 samples of
each tissue type were tested.

Following the degassing procedure, the samples were
mounted in the holder, which was then placed into a bath filled
with heated, deionized water. Tissue temperature was monitored
with a thermocouple. Measurement of the temperature depen-
dencies of the OA signal amplitude was performed in two
regimes: heating and cooling. During both heating and cooling,
the temperature of samples was changed in the range 23°C to
78°C. For several samples of each tissue type, the cooling
process was also performed starting from lower temperatures
to evaluate residual changes in tissue properties. Temperature
change was very slow—about 2 min per degree—to provide
near-homogeneous temperature distribution24 within the tissue
samples. To perform measurements in the cooling regime,
water in the thermostat was gradually mixed with cold water.

3 Results
Typical temporal profiles of the detected OA signals at different
tissue temperatures for porcine liver and fatty tissues are shown
in Fig. 2(a) and 2(b). As seen in Fig. 2(a), the amplitude of the
OA signal from porcine liver almost doubles as the temperature
increases from 31°C to 76°C, whereas in porcine lard it

decreases significantly with temperature. As discussed above,
the trailing edge of the OA signal excited at a narrow laser
beam cannot be used for quantitative determination of μeff in
tissue due to the laser beam divergence in tissue and OA signal
diffraction transformation. However, the slope of the trailing
edge can qualitatively indicate changes in optical properties:
the steepening of the slope can be caused by the increase of
μa, μ 0

s , or both. Figure 2 demonstrates the different dynamics
of changes in the trailing edge slopes for the different tissues.
In porcine liver [Fig. 2(a)], the slope steepness does not change
with temperature until partial coagulation starts to occur at
∼46 °C and within the interval 65°C to 72°C. Gradual steepening
of the slope occurs with the increase in temperature in the ranges
46°C to 65°C and 72°C to 76°C, indicating the increase of opti-
cal coefficients. The potential reasons for this fact will be con-
sidered in the discussion. Similar changes in the signal slope
were observed for the chicken breast samples. However, in por-
cine lard [Fig. 2(b)], the OA signal profile changed very little
with temperature, except for the decrease in amplitude. This
indicates the absence of considerable changes in tissue absorp-
tion and scattering.

3.1 Temperature Dependence of the OA Signal
Amplitude in Chicken Breast

A typical temperature dependence of the OA signal amplitude
for a chicken breast sample is shown in Fig. 3. The dependence
during the heating process consists of three parts: a linear depen-
dence preceding tissue coagulation (23°C to 45°C); a steeper
linear dependence corresponding to the coagulation process,
and, apparently, to the changes in thermophysical and optical
properties (46°C to 65°C); and a post-coagulation part (>65 °C),
in which very little change of the signal amplitude with tempera-
ture is observed.

When cooling of a sample started from temperatures below
46°C, the dependence repeated the heating curve in the inverse
direction (shown by the solid circles in Fig. 3), which means
that no irreversible changes in tissue structure occur. When the
cooling process started from temperatures above 46°C, the OA
signal amplitude did not return to its initial value at room tem-
perature (shown by solid triangles and squares in Fig. 3), reveal-
ing irreversible changes in tissue. Interestingly, the cooling
dependencies were different depending on the maximum

Fig. 2 Temporal profiles of the OA signals excited in porcine liver
(a) and lard (b) tissue samples at different temperatures and detected
in backward mode, in the far field by the wide-band piezoelectric
transducer.

Fig. 3 An example of a temperature dependence of the OA signal
amplitude in an ex vivo chicken breast sample. Open symbols corre-
spond to heating, while solid symbols correspond to cooling regimes
that start from different temperatures. The data points for the heating
regime were least-square-fitted by two linear functions in the tempera-
ture ranges 25°C to 45°C (solid line) and 46°C to 63°C (dashed line).
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temperature that the sample reached before cooling. Figure 3
shows two of these dependencies when cooling occurred, start-
ing with over 70°C, and from 55°C.

3.2 Temperature Dependence of the OA Signal
Amplitude in Porcine Lard

Figure 4 shows typical temperature dependencies of the OA sig-
nal for porcine lard during heating (open circles) and cooling
(solid symbols). The main difference in the temperature depen-
dence obtained for porcine lard from all other investigated tis-
sues is that the amplitude of the OA signal decreases with
increasing of temperature from 25°C to 76°C. In the case of sam-
ple cooling starting from any temperature above 36°C, the slope
of the dependence changed and became less steep than that for
heating. It may indicate that a partial change in fatty tissue struc-
ture occurs at any temperature exceeding the temperature of a
living organism.

3.3 Temperature Dependence of the OA Signal
Amplitude in Porcine Liver

An important characteristic of liver tissue is that it is richly per-
fused. Blood is the main absorber in the visible and near-IR
range of optical radiation, and hemoglobin is known to trans-
form at higher temperatures (above 60°C) into methemoglobin,
which has higher optical absorption.26,36,56 Since the OA signal
amplitude is determined by μaΓ, its temperature dependence in
liver should contain additional growth at high temperatures due
to the change in absorption.

Figure 5 shows an example of temperature dependence of the
OA signal amplitude for porcine liver. Similarly to muscle tis-
sue, two linear dependencies are observed during heating, cor-
responding to pre- and post-coagulation. An additional growth
in the OA signal amplitude occurs at temperatures above 72°C.
When cooling of the samples had been performed starting with
temperatures below 45°C, the dependence repeated the heating
curve in the inverse direction. If the cooling process had started
at temperatures larger than 45°C, the dependence was linear,
but less steep than that for the heating process. The
amplitude of the OA signal that was measured before heating,
at room temperature, differed from that obtained after sample
cooling from 80°C to room temperature by more than 200%.

This result corresponds well to our earlier work,21 in which
the optical properties of raw and boiled porcine liver tissues
were measured.

3.4 Estimation of the Accuracy of Temperature
Reconstruction in Tissue

Using the temperature dependence of the OA signal amplitude for
different tissues, the accuracy of temperature reconstruction from
the OA signal amplitude can be assessed. For that purpose, the
obtained experimental dependencies in heating regime for each
tissue type were divided into groups corresponding totemperature
ranges in which the dependence is close to linear. In each of the
selected temperature ranges, the data were least-square-fitted by a
linear function, as shown in Figs. 3–5. For example, the depen-
dencies for porcine liver and chicken breast samples were divided
into two sections: 23°C to 45°C and 46°C to 65°C. Temperature
dependencies of the OA signal amplitude for porcine fatty tissue
samples were fitted with the linear function within the entire tem-
perature range, since the experimental curves for this tissue did
not reveal the change in slope.

Fig. 4 An example of a temperature dependence of the OA signal
amplitude in an ex vivo porcine lard sample. Open symbols correspond
to heating, while solid symbols correspond to cooling regimes that start
from different temperatures. The data points for the heating regime were
least-square-fitted by a linear function (dashed line).

Fig. 5 An example of a temperature dependence of the OA signal
amplitude in an ex vivo porcine liver sample. Solid symbols correspond
to heating, while open symbols correspond to cooling. The data points
for the heating regime were least-square-fitted by two linear functions in
the temperature ranges 25°C to 42°C (solid line) and 42°C to 62°C
(dashed line).

Table 1 Linear fit of the temperature dependencies of the OA signal
amplitude for chicken breast, porcine lard, and porcine liver samples.
The results are averaged over 10 samples of each tissue type. The inac-
curacy of temperature reconstruction using the mean slope is estimated
for each temperature range.

Tissue
type

Temperature
range (°C)

Mean
slope

(mV∕°C)

Standard
Standard

deviation of
the mean
slope

(mV∕°C)

Inaccuracy of
temperature
reconstruction

(%)

Chicken
breast

25 to 45 0.069 0.008 10

45 to 63 0.26 0.002 8

Porcine
lard

25 to 65 0.098 0.005 5

Porcine
liver

25 to 42 0.087 0.006 7

42 to 62 0.26 0.003 11
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The linear slopes mentioned above varied slightly from sam-
ple to sample within the same tissue type. The mean linear slope
averaged over 10 samples for each tissue type is presented in
Table 1, along with the standard deviation observed in the con-
sidered group of samples. The standard deviation from the mean
slope was used to estimate the corresponding error in tempera-
ture reconstruction in case mean linear dependence was being
used. As seen from Table 1, the error does not exceed 11%.

4 Discussion and Conclusions
In the present work, the dependence of the OA signal amplitude
on tissue temperature was investigated in a wide range of
temperatures (23°C to 80°C) for several different tissue types
to obtain calibration curves μaΓðTÞ for temperature monitoring
during thermal therapies. Below, we will discuss the observed
experimental facts in terms of changes in tissue structure and
determine factors that may contribute to such dramatic changes
in OA conversion efficiency during thermal impact. Multiple
factors, namely the temperature dependencies of sound speed,
specific heat, volume thermal expansion coefficient, and light
absorption, can potentially influence the measured value of
the OA signal amplitude. Unfortunately, not all these depen-
dences are known from the literature; moreover, some of the
dependences obtained by different authors demonstrate opposite
trends (for example, changes in light absorption).34,43

For the first, reversible, heating phase of chicken breast and
porcine liver tissues (the temperature range of 23°C to 45°C) the
growth of the OA signal amplitude with temperature is almost
linear, with mean slopes of 0.069 mV∕°C and 0.087 mV∕°C,
respectively. Most of the literature on the temperature behavior
of the specific heat of water and muscle and liver tissues report
very little changes before the coagulation threshold10 is reached,
even in comparison with changes in sound speed, which do not
exceed a few percent.9–13 Changes in the optical properties (light
absorption and scattering) are also unlikely in this temperature
range, due to absence of the irreversible changes in tissue struc-
ture. This statement is confirmed in our measurements: first, the
temperature dependence of the OA signal amplitude does not
exhibit hysteresis (see Fig. 3); second, the slope of the OA signal
trailing edge changes very little in this region, which indicates
no considerable changes in light distribution inside tissue
samples and therefore no noticeable changes in tissue optical
properties.

Thus, the only remaining parameter that may contribute to
the change in OA conversion efficiency in liver and chicken
breast tissues in the temperature range of 23°C to 45°C is the
thermal expansion coefficient. It is known that the thermal
expansion coefficient of liver and muscle tissues is much larger
than that of water, but its temperature variation is much smaller
than that for water.10 Indeed, within the temperature range of
23°C to 45°C, the increase of the amplitude of the OA signal
excited in pure water would be 2.6 and 3.3 times faster than
that in chicken breast and porcine liver tissues, respectively.
This suggests that the main contribution to the temperature
dependence of OA conversion before tissue coagulation thresh-
old is the change in thermal expansion of water contained in
tissue—72% to 75% reported for liver and muscle.6

A more dramatic increase in OA signal amplitude in the
heating regime is observed for porcine liver and chicken breast
tissues within the higher temperature range of 46°C to 65°C
corresponding to the tissue coagulation zone. Interestingly,
although the absolute value of the OA signal amplitude is larger

for the liver, themean slopeof the temperature dependences, aver-
aged over 10 samples of each tissue type (see Table 1), is the same
for both tissues—richly perfused liver and chicken breast, which
contains far less blood. Therefore, it is unlikely that theOA signal
amplitude growth is due to the increase in μa caused by structural
changes in blood itself. However, both optical coefficients of tis-
sue, μa and μ 0

s , can change due to tissue dehydration, shrinking,
and, consequently, the increase of the concentration of chromo-
phores.40,41 Our measurements support this hypothesis: the dura-
tion of the OA signal is decreasing, and the trailing edge is
becoming considerably steeper in this temperature range. This
is clearly illustrated inFig. 2(a) if onecompares theOAsignal pro-
files at 46°C and 56°C. This means that μeff of tissues is definitely
increasing, but, unfortunately, the temporal profiles ofOA signals
detected in the backward mode do not allow the determination of
the relative contributions of μa and μ 0

s .
Dehydration of tissue during its coagulation may affect not

only tissue optical coefficients, but Γ as well. The quantitative
information on tissue dehydration during its thermal coagulation
is scarce, and most of what is available comes from food science
literature. In particular, intact skeletal muscle and liver tissues
contain up to 75% water, and about 9% is lost during thermal
denaturation.57 Since the thermal expansion coefficient of soft
tissues exceeds that for water by more than two times,10 tissue
dehydration could lead to the increase of β. Furthermore,
dehydration also noticeably decreases the specific heat of
tissues. For example, the reported experimental values for cp
of hydrated and 18% dehydrated collagen are 1790 J∕kg∕K
and 1560 J∕kg∕K, respectively.10 According to Cooper and
Trezek,58 the specific heat of soft tissues can be estimated as
a mass fractional sum of the specific heat of water
(4200 J∕kg∕K), solid protein tissue (1560 J∕kg∕K), and fat,
which corresponds well to the specific heat reported for intact
liver and muscle tissue: cp ¼ 3300 to 3600 J∕kg∕K. The 9%
water loss that occurs with coagulation thus would cause the
decrease in tissue-specific heat that would result in a 10%
increase in OA signal amplitude. This means that the value
of β∕cp could change significantly during tissue coagulation.
The values of the speed of sound in water and in soft tissues
differ by no more than 6%; hence, they should not change sig-
nificantly with tissue denaturation and dehydration.

To summarize the above, we speculate that the main reason
for a sharp increase of OA conversion efficiency for liver and
muscle tissues in the temperature range of 46°C to 65°C is most
probably associated with dehydration, causing dramatic increase
in the value of β∕cp and, possibly, some increase in μa due to the
change in the concentration of chromophores.

The temperature range of 65°C to 75°C most probably repre-
sents the heating of completely coagulated tissue. The behavior
of the OA signal amplitude is markedly different for chicken
breast tissue, in which the OA signal amplitude does not change
within the experimental error, and porcine liver tissue, in which
it starts to increase from 72°C. The slope of the trailing edge of
the OA signal does not change in chicken breast tissue either, but
it undergoes a significant steepening in porcine liver at tempera-
tures over 72°C. We believe that this fact can be explained by
formation of methemoglobin in blood, which leads to the
increase of μa. Temperatures at which formation of methemo-
globin were observed differ between literature sources within
the range 60°C to 70°C26,36,56 and are reported to depend on sam-
ple preparation, blood oxygenation, and other experimental
conditions. Note also that the absolute value of the OA signal
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amplitude for porcine liver is much larger than that for chicken
muscle at any given temperature, due to the presence of blood in
the liver structure.

The components of the Gruneisen coefficient in this tempera-
ture range are likely to remain constant. The dependence βðTÞ
should become much weaker in both tissues since the tissue is
already dehydrated, and the water content is thought to provide
the main contribution into the growth of the thermal expansion
coefficient with temperature. Within this temperature range, the
value of c0 is reported to decrease slightly with temperature,11

and cp remains virtually unchanged.37

Cooling of both muscle and liver tissues does not change
either their water content or their optical properties. Therefore,
the slopes of temperature dependences of the OA signal ampli-
tude during tissue cooling should mainly follow the dependence
of βðTÞ inherent to the current stage of tissue dehydration.
Therefore, if the temperature at which the cooling starts is
below ∼45 °C, the OA conversion efficiency returns to its initial
value at the initial temperature. When the tissue is cooled from
temperatures exceeding the denaturation threshold, the OA con-
version efficiency exhibits a hysteresis; i.e., it does not return to
the initial value after cooling down to the initial temperature.

To summarize, we believe that the main factors determining
the increase of the OA conversion efficiency in muscle and liver
tissues with temperature are (1) tissue dehydration leading to
the change in the value of β∕cp; (2) gradual changes in light
absorption during tissue coagulation in the temperature range
of 45°C to 65°C due to the increase in the concentration of
chromophores;40,41 (3) increase in optical absorption in richly
perfused tissues due to formation of methemoglobin at tempera-
tures exceeding 70°C; and (4) the dependence of βðTÞ, which is
followed by the OA signal amplitude temperature dependence
during the cooling process.

The OA conversion efficiency has a totally different behavior
in cases of heating or cooling of porcine lard samples. As seen in
Fig. 4, the OA signal amplitude decreases gradually with tem-
perature during the heating process, and the dependence is close
to linear. We believe that the main reason for that phenomenon is
the negative slope of the curve βðTÞ for this tissue type.10 Slight
changes in sound speed11 cannot be responsible for the observed
twofold decrease of the OA signal amplitude. The dependence
of cpðTÞ for fat was studied by Choi and Okos,59 where it was
shown to be smooth and weak (∼1% per 10°C). There is no
obvious reason for changes in optical coefficients with tempera-
ture; indeed, the slope of the OA signal trailing edge remains the
same over the entire temperature range [Fig. 2(b)].

Explanation of the behavior of the OA conversion in lard
tissue during cooling is the most challenging among the depen-
dencies observed in this study. As reported by Duck,10 phase
transitions in purified fats exist in the considered temperature
range, and the positions of the transition points vary consider-
ably for different fats. Since fatty tissue compositions may vary
from sample to sample and contain impurities, these phase tran-
sitions may merge and/or shift and are known to irreversibly
change the specific heat of fatty tissue and, possibly, its thermal
expansion coefficient.10 Most probably, this is the reason for the
hysteresis observed in our measurements if the lard samples
were heated up to temperatures exceeding 36°C; the full descrip-
tion of this phenomenon in terms of structural changes in fatty
tissue could be the goal of a separate study.

The temperature dependencies of the OA conversion effi-
ciency in some of the tissues, in limited temperature ranges,

were reported earlier by Larin et al.,44 Pramanik and Wang,46

and Shah et al.47 In particular, within the temperature range
below the tissue coagulation threshold, the relative change of
the OA signal amplitude in liver and muscle tissues correspond
well to the values reported by Larin et al.44 and are much lower
than these observed by Pramanik and Wang,46 and Shah et al.47

in porcine and turkey muscle tissues. In the higher temperature
range (45°C to 65°C) we observed considerably smaller relative
changes of OA signal amplitude for muscle and liver tissues
(see Figs. 3 and 5) than these reported by Larin et al.44 Most
probably, this is due to the use of a narrow laser beam in pre-
sented measurements, which were thereby not affected by the
increase in light scattering during coagulation. Quantitative
data characterizing OA conversion efficiency in fatty tissue in
the broad temperature range were most probably obtained for
the first time (Fig. 4).

To conclude, in the present paper, the calibration dependen-
cies of OA conversion efficiency on tissue temperature, μaΓ,
were obtained for several different tissue types in the tempera-
ture range of 20°C to 80°C. These dependences will be used in
future in vitro and in vivo experiments to reconstruct tempera-
ture maps during tissue heating; for example, by HIFU transdu-
cers. The obtained calibration curves most probably will need to
be corrected for in vivo studies. However, the fact of the pre-
sence of a plateau in the temperature dependence of OA conver-
sion efficiency at the temperatures above 60°C, illustrating the
end of tissue coagulation, may be used directly as an indicator
for completeness of a thermal therapy, which is also very impor-
tant in clinical applications. We hope that the obtained results
will be useful for the development of the OA methods and
devices for in vivo temperature monitoring in biological tissues.
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