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ABSTRACT
Noninvasive imaging methods of internal body temperature are in high demand in both clinical
medicine and physiological research. Thermography and thermometry can be used to assess
tissue temperature during thermal therapies: ablative and hyperthermia treatments to ensure
adequate temperature rise in target tissues but also to avoid collateral damage by heating healthy
tissues. In research use, measurement of internal body temperature enables us the production of
thermal maps on muscles, internal organs, and other tissues of interest. The most used methods
for noninvasive imaging of internal body temperature are based on different parameters acquired
with magnetic resonance imaging, ultrasound, computed tomography, microwave radiometry,
photoacoustic imaging, and near-infrared spectroscopy. In the current review, we examine the
aforementioned imaging methods, their use in estimating internal body temperature in vivo with
their advantages and disadvantages, and the physical phenomena the thermography or thermo-
metry modalities are based on.
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Introduction

Noninvasive measurement of internal tissue tem-
perature is in high demand due to the increasing
use of thermal ablation in various neoplastic diseases
and in thermal tissue mapping in physiological
research. In clinical setting, the monitoring of inter-
nal temperature with imaging is mostly used in ther-
mal ablation to assess adequate target area heating to
achieve target tissue coagulation but also to avoid the
heating of surrounding healthy tissues. Local ther-
mal ablation is used for thermal destruction of can-
cer tissue and the aim is to cause minimal damage to
the surrounding tissue. The target tumor has to be
heated over 60°C in thermal ablation [1]. However,
the presence of large vessels may cause heat loss in
the target is during the procedure and target tem-
perature is not reached throughout the tumor tissue.
Thus, monitoring of deep tissue temperature during
thermal ablation treatment is vital not only to avoid
damage to surrounding tissues but also to ascertain
that the target temperature is reached during the
treatment.

Monitoring cerebral temperature during thermal
ablation requires a noninvasive accurate imaging

modality since body core temperature may differ
from cerebral temperature [2]. The monitoring of
brain temperature changes in newborns with
hypoxic-ischemic encephalopathy is one clinical
field which may benefit from noninvasive and non-
radiative imaging of internal temperature. Regional
oxygen saturation measured using near-infrared
spectroscopy has been examined in the assessment
of short-term outcome prediction in neonates with
hypoxic ischemic encephalopathy treated with ther-
apeutic hypothermia [3]. Additionally, near-infrared
spectroscopy can be used in estimating tissue tem-
perature whichmight be interesting in research in an
attempt to predict responders from non-responders.

Physiological research into heat-producing tis-
sues is another field that requires noninvasive
methods to provide thermal mapping in different
areas. Direct measurement of internal temperature
in these tissues with high spatial and temporal
resolution and reproducibility is vital for research
purposes to assess e.g. thermogenesis in brown
adipose tissue or skeletal muscle. The use of infra-
red thermography in measuring the surface tem-
perature over brown adipose tissue has been
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suggested as a cheap, fast, and noninvasive com-
plementary method to the radiating and expensive
positron-emission tomography [4]. Thus, thermo-
graphy modalities could offer a radiation-free
alternative to estimate metabolic activity in heat-
producing tissues. However, the relatively low
physiological variability in tissue temperature
(normothermia ranging between 36.5°C and 37.5°
C) requires a high thermal sensitivity from the
thermal imaging method in order to detect small
variations. Arterial blood temperature is the main
determinant of temperature in tissues with limited
heat exchange and according to Zaretsky et al.,
temperature difference between tissue and arterial
blood is proportional to arteriovenous difference
in oxygen content, is independent of blood flow,
and cannot exceed 1.3°C [5]. Thus, internal tem-
perature measurement may be used to estimate
tissue oxygen uptake but the temperature sensitiv-
ity in measurement of physiology should be
around 1.0 °C or below.

In 2006, Frich presented a list of requirements for
noninvasive methods to monitor tissue temperature
during thermal ablation procedures [6]: acquisition
time <10–30 seconds, temperature accuracy of 1–2°
C, and spatial resolution of 1–2 mm. We could
further deduce that an imaging modality of internal
tissue temperature in vivo would require a short
acquisition time, high spatial resolution, deep tissue
penetration, high thermal sensitivity, and little-to-no
harm to the examined tissue.

In the current review, we cover the most studied
imaging methods with capabilities to be utilized in
internal thermography, the phenomena they are
based on and the major advantages and disadvan-
tages in temperature measurement. The examined
noninvasive imaging methods for internal tem-
perature include magnetic resonance imaging
(MRI), ultrasound, computed tomography (CT),
near-infrared spectroscopy (NIRS), microwave
radiometry, and photoacoustic imaging. The sec-
tion of each imaging method contains the theore-
tical background of the imaging modality in the
beginning (directed toward physicists, engineers,
etc.) followed by an in-practice section which
examines the practical or clinical use of the exam-
ined method (directed toward biomedical
researchers, medical doctors, etc.). A list of tech-
nical terms is also provided in Table 2.

Part 1. Magnetic resonance imaging,
ultrasonography, and computed tomography

In this part, we cover thermometry methods which
use imaging modalities that are widely used in
clinical medicine outside internal temperature
measurements in vivo. These methods include
MRI, ultrasonography, and CT. The imaging
equipment for MRI and CT is heavy and, in
most cases, immobile so that the studied sample
or person has to enter the large scanner. In con-
trast to these methods, ultrasonography requires
smaller instruments that can be used for bedside
measurements.

Magnetic resonance thermometry

Temperature affects several parameters measured
in magnetic resonance imaging (MRI) and spec-
troscopy (MRS). Some of them can be used for
measuring absolute or relative temperature yet
simultaneously they can interfere with the tem-
perature measurement. This section introduces
the physical basis of the most commonly used
temperature-sensitive parameters and sources of
measurement errors. For a more in-depth analysis
of the biological applications of magnetic reso-
nance thermometry, we recommend an excellent
review by Odéen and Parker [7].

Proton resonance frequency

The most commonly used temperature-sensitive
effect in magnetic resonance is the chemical shift
of proton resonance frequency (PRF) discovered
first by Schneider et al. in 1958 [8]. The local
magnetic field experienced by a single proton Bloc
can be described as a function of temperature T as:

Bloc Tð Þ ¼ 1þ σ Tð Þ½ �B0 (1)

where σ(T) is the chemical shift at a temperatureT and
B0 is themainmagnetic field. Chemical shift is affected
both by temperature-independent effects such as B0
inhomogenities and temperature-dependent effects,
which arise from the hydrogen bonding between
water molecules [9]. Temperature rise increases
Brownian motion which causes hydrogen bonds to
bend, stretch, and break [10]. Therefore, temperature
rise decreases the average time i which the water
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molecules spend in hydrogen-bonded state which
causes greater shielding from the electron cloud result-
ing in lower resonance frequency (see Figure 1).

The chemical shift can be determined from the
phase Φ of magnetic resonance signal:

Φ Tð Þ ¼ γσ Tð ÞTEB0 (2)

where γ is the gyromagnetic ratio and TE is the
echo time. Using the phase information, it is pos-
sible to determine the relative temperature change:

ΔT ¼ T � Tref ¼
Φ Tð Þ � Φ Tref

� �
αγTEB0

; (3)

where Φ(T) is the phase of the signal after the tem-
perature has changed to temperature T,Φ(Tref) is the
phase of a reference baseline signal acquired before
the temperature change and α is the temperature
coefficient [9]. Figure 2 represents a temperature
measurement from a uterine fibroid during ablative
thermal therapy. In 1966, Hindman first reported the
temperature coefficient of pure water: -0.01 ppm/°C
[10]. In biological tissues, it has been shown to range
from -0.00739 to -0.0135 ppm/°C and being linear
between 20°C and 80°C [11]. However, the chemical
shift of other metabolites, for example N-acetyl-
aspartate and methylene part of a triglyceride

molecule is considerably less temperature-
dependent. Therefore, the phase information-based
thermometry cannot be applied to tissues where
water is not the prime component such as adipose
tissue. These less temperature-dependent metabo-
lites can be used as reference signals for absolute
thermometry in spectroscopic methods [11,12]. If
the chemical shifts of water and a reference metabo-
lite are denoted as σW and σref the absolute tempera-
ture can be determined from the equation:

T ¼ σW � σref
α

þ β (4)

where β is the temperature offset at which chemical
shift becomes zero [11]. An example of absolute
thermometry is shown in Figure 3 where a sample
of margarine is heated from 20°C to 32°C and the
frequency difference between water and methylene
signal of lipids is measured simultaneously [13].

Proton Resonance Frequency Shift
(PRFS) method has technical, physical, and biologi-
cal challenges. Technical challenges are static mag-
netic field drift over time and spatio-temporal
resolution limitations [14]. Physical challenges
include temperature-dependent changes of relative
permittivity, electric conductivity, and magnetic

Figure 1. A simplified scheme of the PRFS phenomenon on atomic level. Left: A hydrogen atom in a water molecule is in an external
magnetic field B0. The electron cloud of the water molecule induces an opposite magnetic field Bind which has considerably smaller
magnitude than B0. The induced field reduces the effect of the external magnetic field on the hydrogen nucleus (the proton) hereby
the local field experienced by the proton is: Bloc = B0 – Bind. The electron cloud thus causes a small shielding effect. However, the
adjacent water molecules are attracted to each other by a hydrogen bond (green dotted line) which has an effect on the electron
cloud. This causes a decrease of Bind and so reduces the shielding effect Right: As the temperature rises the hydrogen bonds stretch,
bend, and break due to thermal motion and the hydrogen bond does not interfere the electron cloud as strongly anymore.
Therefore, the shielding effect on the hydrogen nucleus increases and the local field is reduced.
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Figure 2. A color scaled PRF-based temperature map acquired using phase imaging from pelvic area during MRI-guided high-
intensity focused ultrasound treatment of uterine fibroid. Maximum heating can be seen in the focal point of ultrasound beam at the
center of uterine fibroid.
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Figure 3. An example of the temperature dependence of the frequency difference between water and fat. A test tube
containing 50 ml of margarine (fat content 82%, approximately the same as a mixture of white and brown adipocytes in
human supraclavicular adipose tissue) was heated from 20°C to 32°C while MR spectra were measured from a single voxel
(size: 10 × 10 x 30 mm3). Simultaneously an external thermometer was used for acquiring the temperature. Left: Few
spectra at different phases of heating. Right: The frequency difference between water and methylene signal of fat plotted
against temperature to show the correlation between the frequency difference and temperature. Reprinted with permission
from [13].
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susceptibility [11,14]. Biological challenges are
motion (respiratory and cardiac) during scanning,
perfusion, and diffusion changes in tissue [14].
Motion causes non-temperature-related phase-
differences which may be falsely interpreted as tem-
perature changes because the PRFS imaging is per-
formed by subtracting a baseline reference image
from the phase image to visualize only the tempera-
ture change [7].

T1 relaxation time

Spin lattice relaxation time (i.e. longitudinal
relaxation time, T1 relaxation time) of water pro-
tons in biological tissues is caused by inter- and
intra-molecular dipole–dipole interactions which
depend on the local magnetic field experienced
by the protons [15,16]. However, these interac-
tions fluctuate due to random thermal motion of
molecules. T1 relaxation time can be approximated
by the following equation:

1
T1

¼ 2γ2B2
loc

3
τc

1þ ω2
0τ

2
c

(5)

where γ is the gyromagnetic ratio, ω0 is the
Larmor frequency and τc is the characteristic time-
scale of the magnetic fluctuations that is inversely
proportional to temperature [17]. Hence, the T1

relaxation time and temperature are directly
proportional:

T1 / 1
τc

/ T (6)

The temperature can be quantified using T1 map-
ping if the baseline temperature Tref and the rela-
tionship between the temperature change dT and
T1 change dT1 are known. Using these parameters,
the temperature dependence of the T1 can be
written as [7,9; 18]:

T1 Tð Þ ¼ T1 Tref
� �þm1 T � Tref

� �
(7)

where m1 = dT1/dT. This parameter is tissue-
dependent, being higher in fat-containing tissues
than in water-containing tissues [19]. From this
equation, the temperature can be solved [7,9,18]:

T ¼ T1 Tð Þ � T1 Tref
� �

m1
þ Tref (8)

T1 relaxation time can be measured with inversion
and saturation recovery-based sequences which are
rather time-consuming as compared to variable flip
angle (VFA) gradient echo sequence. However, VFA
method is sensitive to B1-inhomogenities which
should be corrected [7].

T2 relaxation time

Transverse relaxation time (i.e. spin-spin relaxa-
tion time, T2 relaxation time) is caused by de-
phasing and de-correlation of spins inside an
imaging voxel which depends on local magnetic
field caused by surrounding spins [15,16].
However, the local magnetic field varies as
a function of time due to random thermal
motion, and therefore T2 relaxation time
depends on temperature (Parker, 1984).

T2 relaxation depends on the characteristic
timescale of the magnetic fluctuations τc just as
T1 but with different relation (Parker, 1984):

1
T2

¼ γ2B2
loc τc þ τc

1þ ω2
0τ

2
c

� �
(9)

Thus, the temperature T can be measured if base-
line temperature Tref and the relationship between
T2 change and temperature change is known (m2

= dT2/dT) [7]:

T ¼ T2 Tð Þ � T2 Tref
� �

m2
þ Tref (10)

T2 relaxation time can be determined with
multi-echo spin echo sequence in which signal
decay is measured at several echo times which is
a rather slow technique, but acquisition can be
accelerated with fast turbo-spin echo readouts
[20,21].

T2-based thermometry is routinely used in
clinical MRI-guided high-intensity-focused ultra-
sound treatments of uterine fibroids and bone
metastases because phase-imaging-based PRFS
thermometry is extremely challenging in adipose
tissues [20,21]. Temperature monitoring of near-
field subcutaneous fat tissue improves patient
safety and time efficiency of the treatment by
ensuring an optimal cooling time after each soni-
cation [20,21]. In adipose tissue, T2 relaxation
time depends linearly and reversibly on the
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temperature range of 20–50°C, and non-linearly
at temperatures of 50–70°C [20,21].

Diffusion

Temperature affects diffusion and viscosity of tis-
sue. Therefore, it is possible to use diffusion-
weighted MRI for measuring temperature change.
The Brownian motion of molecules can be
described by the diffusion constant D which
depends on temperature by the following equation
[22]:

D � e�Ea=kT (11)

where Ea is the activation energy of the molecular
diffusion of water, k is the Boltzmann constant
and T is absolute temperature. Equation (11) can
be further derived as:

dD
D

¼ Ea
kT

� �
dT
T

(12)

If diffusion coefficients D and Dref are acquired at
temperatures T and Tref, the temperature differ-
ence ΔT can be described as:

ΔT ¼ T � Tref ¼
kT2

ref

Ea

D� Dref

Dref

� �
(13)

assuming that ΔT ≪ Tref, and Ea is independent of
temperature [22].

In MRI, the motion sensitivity can be achieved
by applying strong diffusion gradients which
results in signal attenuation, if spin moves along
the direction of applied gradient, whereas signal of
stationary spin does not attenuate [7].

Although the sensitivity of diffusion-based ther-
mometry is relatively high, the method has several
challenges. Most important is that diffusion ima-
ging is very sensitive not only to the motion of
spins but also to patient motion. Furthermore,
diffusion is not only affected by temperature but
also by changes in tissue structure making thermal
ablation applications challenging. Measuring adi-
pose tissue is challenging due to its slow diffusivity
[7,9,18].

Magnetization transfer

Magnetization transfer method is an MRI technique
that can be utilized in tissues with protons in three

different states: protons in free water, protons bound
to macromolecules, and protons in water molecules
in the hydration layer between free water andmacro-
molecules [23]. Magnetization transfer method uses
selective radiofrequency pulses to saturate protons in
macromolecules and water molecules bound to
macromolecules. These saturated protons may then
enter either the free pool of protons or transfer the
magnetization to free water protons during the pulse
sequence resulting in decreased magnetic resonance
(MR) signal in areas with macromolecules affected
by the magnetization transfer [23]. Magnetization
transfer is not only temperature-dependent but also
low in sensitivity and tissue-dependent [24] there-
fore limiting its use in research.

Proton density

In 1987, Kamikura et al. examined the use of
proton density as a measurement of temperature
in vitro [25] and Young et al. later examined the
temperature dependence of proton density in vivo
in human muscle tissue [24]. Proton density is
known to be proportional to equilibrium nuclear
magnetization M0 which can be formulated by the
Boltzmann distribution [26]:

M0 � Nγ2h2I I þ 1ð ÞB0ð Þ
3μ0kT

� χ0B0 (14)

where N is the number of nuclear spins/unit of
volume, γ is the gyromagnetic ratio, h is the Planck
constant, I is the quantum number of the spin
system (1/2 for proton), B0 is the magnetic flux
density, µ0 is the permeability of free space, k is the
Boltzmann constant, T is the absolute temperature
and χ0 is the susceptibility. Therefore, tissue abso-
lute temperature can be estimated from proton
density-weighted images. Temperature does not
change the actual proton density of the tissue but
the susceptibility. In the range of 300–350 K, pro-
ton density signal change is approximately 0.29
%/°C in adipose tissue ex vivo [27]. In the study
by Chen et al., apparent proton density associated
with temperature linearly and reversibly in adipose
tissue but the results in muscle tissue were more
variable [27] suggesting the use of proton density
in MR thermometry would require more research
and development. The relatively small temperature
dependency requires a high signal-to-noise ratio
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(SNR) and a temperature uncertainty of 3°C would
require an SNR of 100 [27]. Thermometry based
on proton density requires long repetition times to
avoid the confounding effect of T1 relaxation time
which, on the other hand, makes the method slow
for in vivo use [28].

Temperature-sensitive contrast agents

MRI contrast agents with temperature-sensitive
properties can be used for temperature mapping.
These contrast agents include spin-transition
molecular materials, paramagnetic thermosensitive
liposomes, and paramagnetic lanthanide com-
plexes. The motivation for the development of
these contrast agents lies within the confounding
factors affecting MRI thermometry methods and
the increasing demand for thermometry during
ablative or hyperthermal treatments.

Paramagnetic thermosensitive liposomal con-
trast agents consist of a phospholipid membrane
surrounding a gadolinium or manganese com-
pound [29]. The liposomes have a specific gel-to-
liquid crystalline phase transition temperature
below which water cannot permeate the phospho-
lipid membrane. Thus, temperature increase above
the phase transition temperature yields relaxation
enhancement and absolute temperature can be
measured at the phase transition temperature.
These contrast agents have been studied in vivo
in animals [30].

Paramagnetic lanthanide complexes are com-
pounds with chemical shifts severalfold higher
than water 1 H shift. Complexes containing Pr3+,
Yb3+ and Tm3+ can display up to 300-fold stron-
ger temperature dependence compared to water
1 H signal [31]. Furthermore, the 1 H shift of
these contrast agents is unaffected by numerous
confounding factors such as the contrast agent
concentration, pH, and presence of ions or macro-
molecules [32,33]. The in vivo use of these tracers
requires the validation of an acceptable dose and
SNR [31].

Spin-transition molecular materials switch from
diamagnetic spin state of S = 0 to paramagnetic
spin state S = 2 at a temperature specific to the
chemical composition of the contrast agent [34].
Spectroscopy, relaxometry, and imaging may be
used in examining the susceptibility jump and R2*

effect [34]. Alternatively, the Curie Temperature of
a ferromagnetic substance is the temperature where
the substance loses net magnetization and becomes
paramagnetic without an external magnetic field
[35]. Currently, these contrast agents have not yet
been used in vivo.

In vivo use of temperature-sensitive MR contrast
agents requires several factors, most notably non-
toxicity and a homogenous accumulation in target
tissues. To meet these requirements, further research
is required before these contrast agents can be reli-
ably and safely used. Thermosensitive liposomes
have been used safely in animals [36], but to our
knowledge, the safety of any of the described contrast
in human population has not been verified.

Magnetic resonance thermometry in practice

Magnetic resonance thermometry appears to be the
ideal tool for temperaturemapping tool among other
imaging modalities [37]. Magnetic resonance spec-
troscopy, temperature-sensitive contrast agents, and
proton density can be used for absolute temperature
measurements and relaxation times, diffusion, and
imaging-based PRF can be used for relative tempera-
ture measurements [9]. In vivo applications usually
prefer PRFS method for thermometry, due to its
excellent linearity and tissue type independence
[18]. A phantom study comparing PRFS, diffusion,
and T1-based thermography concluded PRFS to be
most accurate [38]. A commercial MR-HIFU system
is reported having a discrepancy of -0.7 ± 0.9°C
between PRSF-based MR thermometry and thermo-
couple readings in a phantom study. The imaging
sequence had a 2.5 × 2.5mm2 voxel size, a 7mm slice
thickness and a 3.2 s temporal resolution [39].
Corbett et al. reported that the in vivo accuracy of
less than 1°C using proton magnetic resonance spec-
troscopy is easily attainable in the brain [12]. In
a recent article, Verius et al. speculate that it is not
possible to achieve less than ± 0.5°C accuracy in
absolute in vivo thermometry of the brain using
current hardware and software [40].

Magnetic resonance thermometry is clinically
utilized by few commercial thermal ablation
treatment systems, such as Sonalleve (Profound
Medical, Mississauga, Ontario, Canada) [41] and
ExAblate (InSightec, Haifa, Israel) [42]. Both
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systems produce real-time temperature maps
during the treatment procedure [41,42].

In research, magnetic resonance thermometry
has usually been performed using customized
pulse sequences and the raw data have been trans-
ported offline to generate the thermal images
[20,43,44]. According to Quesson et al. [9] radio-
frequency (RF)-spoiled gradient echo sequences
are used for PRFS-based thermometry imaging.
Gradient echo is preferred over spin echo because
the phase difference induced by the PRFS would
be lost in refocusing spin echo sequences. On the
other hand, the other MR thermometry methods
prefer spin echo sequences over gradient-echo
sequences because the phase-difference causes
image artifacts as the phase-difference is not the
primary interest in those methods [9]. For spectro-
scopic thermometry, the default pulse sequences of
an MRI system can be used as such. The frequency
difference between water and a reference metabo-
lite can be determined using an off-line software
for magnetic resonance spectroscopy data analysis,
such as jMRUI [45] or TARQUIN [46] both of

which are free. For the results to be most accurate,
calibration measurements are recommended [40].

Ultrasonography

Along with MRI, ultrasound is currently one of the
most studied thermometry imaging modalities.
Ultrasound imaging utilizes high-frequency
soundwaves usually between 2 and 15 MHz
which are transmitted to the imaged body by
a probe. The soundwaves travel in the tissue and
deflect from boundaries between two different tis-
sues. The soundwaves travel back to the probe and
the signal from the returning soundwaves is used
to form an image based on the time of each echo’s
return and the intensity of the echo. Numerous
ultrasound methods have been examined for tissue
temperature measurement: change in ultrasound
velocity, change in backscatter energy, and
changes in shear modulus. Figure 4 represents
some effects that temperature has on ultrasonogra-
phy parameters.

Figure 4. The most important effects that temperature change has on ultrasound parameters. The change in the speed of sound
appears as a shift of an echo, yet thermal expansion causes echo shifts as well [139]. Attenuation arises from ultrasound absorption
and scattering [64]. The backscatter energy changes due to the change in the speed of sound and the density of sub-wavelength
scatterers [140].
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Ultrasonic time-of-flight

Ultrasound velocity depends on the temperature of
the tissue [47] and the concept of using changes in
ultrasound velocity to estimate tissue temperature
was introduced in 1979 [48]. In most tissues, ultra-
sound velocity increases until 60°C and above that
then decreases. In fact, ultrasound velocity is
inversely associated with temperature. The princi-
ple of ultrasound thermometry is to measure the
ultrasound velocity between the transmitter and
receiver. The velocity is estimated based on the
ultrasonic time-of-flight (UTOF) and the distance
the ultrasound travels. The average temperature of
the medium can then be calculated.

Thermal strain imaging

In addition to UTOF, temperature estimation may
be performed with thermal strain imaging which
uses the time-shift estimation of backscattered
echoes induced by local changes in tissue tempera-
ture [49]. The echo time-shift is affected by the
temperature-dependence of ultrasound velocity in
the tissue and the thermal expansion of the tissue.
The temperature change of the tissue can be for-
mulated as follows [50]:

ΔT x; zð Þ ¼ c T0ð Þ
2

� 1
α� β

� @

@z τ x; zð Þð Þ (15)

where ΔT(x,z) is temperature change in lateral
location x and depth z, c(T0) is the initial ultra-
sound velocity at baseline temperature T0, α is the
linear thermal expansion coefficient, β is the coef-
ficient of the change in ultrasonic velocity with
change in temperature and τ(x,z) is the time-shift
of the echoes. The effect of the change in ultra-
sonic velocity is significantly higher than the effect
of tissue thermal expansion when temperature
increases are small in water-bearing tissues [49].
Thus, temperature change can be further formu-
lated as:

ΔT x; zð Þ ¼ k
@

@zΔd x; zð Þ (16)

where k is a tissue-dependent coefficient and

ΔT x; zð Þ ¼ k
c T0ð Þ
2τ x; zð Þ (17)

Change in backscatter energy

The change in backscatter energy (CBE) is another
method for ultrasound thermometry using pulse-
echo ultrasound [51]. The surrounding medium
and the compressibility and density of a sub-
wavelength scatterer affect the scattering cross-
section. The compressibility of the scatterer
changes with temperature resulting in a change
in the scattering coefficient. The change in scatter-
ing properties can be estimated by measuring the
change in backscattered power from the examined
tissue during heating compared to the power at
baseline [52]. The backscatter coefficient from
a random distribution of sub-wavelength scatterers
can be formulated as:

η Tð Þ ¼ k
ðρmcm Tð Þ � ρscs Tð ÞÞ2

ðρscsðTÞÞ2

� 1
3

3ρs � 3ρm
2ρs � 2ρm

� �2

(18)

where η is the backscatter coefficient at tempera-
ture T, ρ is the density, and c is the sound velocity
in the medium [51]. The backscatter energy for
a plane wave propagating in the direction z can
then be formulated as follows:

E Tð Þ ¼ η Tð Þ
α Tð Þ 1� e�2α Tð Þz

� �
(19)

where α is the ultrasound attenuation coefficient
in the medium at temperature T [51].

Compared to the echo-shift method, CBE seems
to have lower susceptibility to motion artifacts [53].
In thermal strain imaging, Shah et al. achieved
a lateral spatial temperature resolution of several
millimeters and an axial resolution of below one
millimeter [54]. The kernel size is selected to balance
SNR to spatial resolution as a smaller kernel gives
higher spatial resolution while a larger kernel gives
higher SNR. Spatial resolution is further affected by
ultrasound frequency. Higher bandwidth results in
better spatial resolution but lower penetration depth.
Effective tissue penetration of ultrasound is generally
thought to be 500 times the ultrasound wavelength
and for 7 MHz the tissue penetration limit would
then be 11 cm. Temporal resolution in thermal strain
imaging can be as high as 500 Hz, being practically
real-time [55]. Temperature sensitivity of echo shift
and backscatter energy ultrasound methods are
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approximately 0.05%/°C and 0.3 dB/°C, respectively
[56]. The temperature resolution of ultrasound is
related to the applied motion algorithm [57].

Shear wave thermometry

Shear wave thermometry employs the estimation
of local tissue elasticity with shear wave imaging in
two-dimensional mapping of tissue temperature
[58,59]. The mechanical behavior of biological tis-
sues is characterized by the bulk modulus K, being
the inverse of tissue compressibility (κ = 1/K), and
the shear modulus μ. Bulk modulus K varies very
little in water-rich soft tissues and it remains rela-
tively constant during changes in temperature
being mostly affected by tissue molecular compo-
sition and mechanics. However, shear modulus μ
differs largely between different tissues. Young’s
modulus E, displaying tissue stiffness, can be
then formulated as follows [59]:

E ¼ 9Kμ
3K þ μ

(20)

µ is strongly affected by the cellular and struc-
tural characteristics of the tissue. Therefore,
changes in tissue structure, for instance coagula-
tion, will also affect shear modulus-based ther-
mometry. Using magnetic resonance
elastography, Wu et al. showed tissue shear
modulus to decrease reversibly between 20°C
and 60°C, increase irreversibly around 60°C cor-
responding to denaturation temperature and
increase reversibly during cooling after thermal
damage [60]. The irreversible shear modulus
increase is due to collagen coagulation due to
thermal ablation [61].

Variation in tissue echogenicity

There is a low to moderate correlation between
tissue echogenicity and temperature [62] but this
method is rarely used in comparison to UTOF and
thermal strain-based ultrasound temperature mea-
surements. Additionally, contrast in conventional
B-mode ultrasound images varies also due to tissue
coagulation and bubble formation when used dur-
ing high-intensity-focused ultrasound (HIFU)
treatment [63].

Ultrasonic thermometry in practice

Boiling and cavitation during thermal ablation
treatment may produce bubbles which cause acous-
tic shadowing hampering the use of ultrasound.
Additionally, ultrasound thermometry methods
are highly tissue-dependent and therefore limited
to temperatures below 50°C [64] whereas thermal
ablation treatments usually heat tissue over 60°C
[1]. Ultrasound thermometry above 50°C is hin-
dered by non-linear temperature dependencies of
contrast parameters, tissue phase-transitions, and
cavitation bubbles [64]. Thus, non-thermometric
ultrasound methods are used for therapy monitor-
ing during HIFU ablation employing other acoustic
phenomena and ultrasound thermometry is usable
only in tissue hyperthermia [64] where target tumor
is heated to around 45°C [65]. The clear advantages
of ultrasound thermometry are the lack of ionizing
radiation, the high temporal and spatial resolution,
and adequate tissue penetration, the relatively low
cost of the measurement, the wide availability of
ultrasound equipment and the established clinical
use of ultrasound thermometry. Commercially
available thermography equipment and algorithms
are available such as the Tissue Change Monitoring
algorithm developed by Sanghvi et al. to be used as
a quantitative tool for the real-time assessment of
HIFU dose [66] with the Sonablate HIFU system
[67] (Sonacare Medical Inc. USA). In research, the
ultrasound thermometry hardware ranges from
completely custom-made systems [68,69] into clin-
ical ultrasound devices that have been used for
acquisition of raw data which has been processed
into thermal information on a separate system
[70–72].

Computed tomography

Computed tomography (CT) thermometry refers
to tissue temperature measurement based on tem-
perature-dependent change in CT number
(Hounsfield unit, HU) in the region of interest of
the examined tissue. CT imaging utilizes X-rays to
form a three-dimensional image of the studied
body within the scanning field. The examined
body is placed inside a circular scanner. A heated
cathode releases electrons which then emit
photons in the X-ray wavelength toward the
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body in the scanner. A detector opposite to the
X-ray source detects photons that have transmitted
through the patient. The X-ray source and detec-
tors inside the circular scanner rotate around the
patient to obtain projections from different angles
to provide three-dimensional planes of the
scanned body as stacked images via reconstruction
of the acquired imaging data. The difference
between the photons absorbed by the body and
the photons transmitted through the body is called
attenuation. Attenuation is dependent on the den-
sity of the tissue and is commonly measured by
HU which relates the tissue radiodensity to water
which has an HU value of 0. Differences in HU
between different tissues create the contrast in CT
images. The HU value of tissue in voxel x,y in
a given CT slice can be expressed as:

CT x; yð Þ ¼ 1000� μ x; yð Þ � μH2O

μH2O

(21)

where µH2O is the linear attenuation coefficient for
water and µ(x,y) is the linear attenuation coefficient
for the tissue in voxel (x,y). CT calibration is usually
performed at room temperature (T = 20°C) so that CT
number for water at this temperature is set at 0 HU.

Temperature-dependence of CT number

Temperature dependence of water and biological
tissue sample HU values was first described in 1979
by Bydder et al. [73]. In CT imaging, attenuation is
mostly due to Compton scattering. The probability
of Compton interaction increases in relation to the

effective electron density of the imaged tissue.
Increase in tissue temperature results in thermal
expansion of the tissue further resulting in decreased
electron density and decreased attenuation. Thus, an
increase in tissue temperature results in lower CT
number in the examined tissue (see Figure 5). The
phenomenon can be formulated as follows:

ρ Tð Þ ¼ ρ T0ð Þ
1þ αΔT

(22)

where ρ(T) is the density of the examined tissue at
temperature T, ρ(T0) is the density of the exam-
ined tissue at CT calibration temperature T0 and α
is the cubic thermal expansion coefficient of the
examined tissue.

Furthermore, the relationship between tissue
temperature T and linear attenuation coefficient
µ of the examined tissue can be formulated as:

μ Tð Þ ¼ μ

ρ
ρ Tð Þ (23)

where µ(T) is the linear X-ray attenuation coeffi-
cient at temperature T, µ/ρ is the mass attenuation
coefficient and ρ(T) is the density of the substance
at temperature T.

Thus, the dependence of change in tissue CT
number due to change in tissue temperature can
be displayed as [74]:

ΔCT Tð Þ � � 1000þ CT T0ð Þð Þ � ΔT (24)

where ΔCT(T) is the change in CT number of
the examined tissue at temperature T, CT(T0) is
the CT number of the tissue at calibration or
baseline temperature, α is the tissue cubic

Figure 5. The density of an object affects directly how much radiation passes through the object.
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thermal expansion coefficient and ΔT is the tem-
perature difference between T and T0. Figure 6
shows how CT number changes with tempera-
ture in a simple demonstration in which 300 ml
of heated water was cooled down from 53°C to
33°C. A CT image was acquired every 2 minutes
during the cooling.

In water-containing tissues (i.e. muscle), Fallone
et al. reported a change of about -0.45 HU per °C
increase in tissue temperature [75]. The relation
between tissue CT number and tissue temperature
is mostly linear in the examined temperature
ranges as reported previously but the temperature-
sensitivity depends on the tissue temperature and
a linear model is poor in explaining CT number
changes in a wide temperature range [75,76]. In
a study by Schena et al., thermal sensitivity of ex

vivo swine pancreas at temperature range of 0–20°
C was -0.36 HU/°C, while between 20°C and 40°C
sensitivity was -1.08 HU/°C and the quadratic
model for temperature sensitivity in this study
gave an R2 = 0.93, while the linear model had an
R2 = 0.79 [76]. Thus, CT number temperature-
sensitivity is better described by a quadratic
model in wide temperature ranges, while linear
models can be used in narrow temperature ranges.

CT thermometry in practice

CT numbers vary significantly between multi-detector
row CT scanners depending on the manufacturer,
generation of the scanner, and different combinations
of scanner and convolution kernel [77]. Bruners et al.
studied scanner-associated factors affecting the perfor-
mance of CT thermometry in CT phantoms revealing
that CT number standard deviation correlated directly
with tube current-time product, tube voltage, and slice
thickness and inversely with collimation thickness [78].
Thus, temperature measurements with CT should be
calibrated for the individual scanner with a phantom
and simultaneous temperature measurement with
another method. Moreover, Fallone et al. showed that
larger regions of interest in CT thermometry give
lower reproducibility in area-averaged CT number
[75]. Additionally, CT number temperature sensitivity
varies tissue-specifically as reported previously
[76,79,80] which has to be taken into account in ther-
mal mapping involving different tissue types and het-
erogeneous organs. The use of CT thermography in
humans is limited due to radiation exposure and the
existence of alternative non-radiating imaging modal-
ities. The radiation exposure can be neglected in post-
mortem or in vitro thermography but not in human
in vivo studies. However, the development of CT tech-
nology, the concomitant reduction in radiation doses
may renderCT thermometrymore useful in the future.
Furthermore, CT thermometry can be used in adipose
tissue where MR thermometry is less reliable [81].

Part 2. Near-infrared spectroscopy,
microwave radiometry, and photoacoustic
thermometry

In this section, we cover promising thermometry
methods which utilize imaging modalities that may
not be so widely used as MRI, ultrasound, and CT.
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Figure 6. A simple demonstration where 300 ml of heated
water was cooled down from 53°C to 33°C. During the cooling,
a CT image was acquired every 2 minutes and the temperature
of the sample was measured with an external thermometer.
Top: CT images of the water at different phases of cooling. The
color scale has been set from 1.2 to 10 HU. A non-colored
image of the container has been set on the background.
Bottom: CT-numbers plotted against the temperature to show
the correlation between CT-number and temperature.
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These methods include near-infrared spectroscopy,
microwave radiometry, and photoacoustic thermo-
metry which all share the characteristic of being rela-
tively small portable devices available for bedside use.

Near-infrared spectroscopy

Tissue penetration of electromagnetic radiation is
dependent on wavelength. Ultraviolet radiation,
visible light, and infrared radiation have poor tissue
penetration and are not suitable for imaging of deep
tissues. Near-infrared radiation (NIR) transmits
easily through tissues as it is not strongly absorbed
by water and hemoglobin and the tissue transport is
mostly affected by scattering [82]. Near-infrared
spectroscopy (NIRS) is a noninvasive imaging
method of subcutaneous tissues most commonly
used in brain imaging, see Figure 7 for
a schematic illustration. As a spectroscopic method,
biomedical NIRS utilizes electromagnetic radiation
in the 700–1000 nm wavelength region (near-
infrared). Temperature-dependent changes in NIR
absorption spectra of water were observed already
in 1925 by Collins [83]. When water temperature
increases, the water NIR spectral peaks blue-shift
with a simultaneous increase in intensity and nar-
rowing of the peaks [83,84]. These changes are due
to the temperature-dependent changes in intermo-
lecular hydrogen bonding. Thus, the observation of

water NIR spectral peak can be used to measure
temperature in water-containing tissues. The water
spectral peaks at 740, 840, and 970 nm have been
widely used for tissue temperature estimation in
previous studies [85–87]. These water absorption
peaks increase in amplitude by around 0.8 %/°C
and the wavelength decreases with increasing tem-
perature [88].

NIRS can be performed with three different
methods: continuous wave (CW), frequency-
domain and time-resolved methods [82]. CW
spectroscopy with a constant intensity light
source yielded a standard error of around 1.2°C
for the recovered temperature in an adult fore-
arm [88]. A combination of frequency-domain
and CW techniques in intralipid phantoms and
human breast reached a mean difference of
1.1 ± 0.9°C between the optical measurement
and thermistor control over a range of 28–48°C
[87]. Time-resolved NIRS measurement on piglet
in-vivo brain tissue showed a mean difference of
0.5 ± 1.6°C between NIRS and implanted ther-
mocouple measurements [89]. Additionally,
time-resolved NIRS has the ability to differenti-
ate early-arriving photons from late-arriving
ones to provide better depth sensitivity com-
pared to CW and frequency-domain techniques
[89]. Temperature measurement results can be
improved by accounting for scattering and more

Figure 7. A near-infrared light source transmits light into the target tissue and an optical receiver detects the light reflected from the
tissue. Tissue temperature can be estimated based on the temperature-dependence of the water absorption spectrum.
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temperature contrast can be achieved by using
the water peak at 970 nm which would limit the
light penetration in the tissue [88].

Near-infrared spectroscopy in practice

Spectrophotometers consist of a NIR source con-
nected to an optical sensor separated by the
source-detector distance and a light detection
microprocessor. During measurement, the NIR
source and sensor are placed on the skin above
the measurement area. During measurement, the
light source emits photons of the NIR wavelength
into the target tissue, and the frequency-specific
absorption of NIR is measured by the micropro-
cessor using the spectral data acquired by the
optical detector. The temporal resolution of NIRS
is between 0.01 and 100 seconds [90]. Studies with
NIRS have reached a tissue penetration of around
2–3 cm below the skin [91,92]. However, the spa-
tial resolution of NIRS is only 1–3 cm, and in
cerebral imaging NIRS, penetration depth is lim-
ited to the upper 1 cm of the cerebral cortex [93].
In vivo use of NIRS has been limited by poor
spatial resolution which can be improved with
high-density NIRS systems with signal acquisition
at multiple source-detector distances [94]. Source-
detector distance has also been shown to affect

NIRS depth resolution. Higher light source inten-
sity and source-detector distance increase NIRS
tissue penetration [95] but high source-detector
distance also hinders effective transmission and
reception of NIR signals [96]. Nonetheless, the
small size of the NIRS equipment, the noninvasive
nature of the measurement, and the short duration
of the measurement make NIRS a viable method
for tissue temperature monitoring in a bedside
setting for example brain temperature monitoring
during hypothermia therapy [86]. However, in an
in vivo study with new-born piglet brains under
induced hypothermia, the offset of mean NIRS
temperature to thermistor readings was only 0.5°
C, the standard deviation of 1.6° lead to unaccep-
table wide limits of agreement [85].

Holper et al. described prediction of brain tissue
temperature measured with NIRS obtained during
hypothermia in new-born piglets and rewarming in
new-born infants [97]. NIRS is an effective bedside
tool to monitor brain perfusion changes in term
asphyxiated new-borns [98] and it has been shown
to be an important predictor of short-termoutcome in
neonates with hypoxic-ischemic encephalopathy [99]
though NIRS thermometry was not used in these
studies, the interest being in perfusion. To our knowl-
edge, there are no commercial NIRS systems specifi-
cally marketed to be used in thermography in vivo.

Microwave radiometry

In 1974, Edrich et al. [100] and Enander et al.
[101] suggested that internal body temperatures
could be measured by a radiometer measuring
millimeter wavelength thermal noise signals.
A microwave radiometer is a passive receiver mea-
suring the intensity of thermally generated micro-
wave electromagnetic noise by all substances with
a temperature above 0 K. The intensity of the
microwave noise signal correlates directly with
the absolute temperature of the target tissue
[102]. The antenna of the radiometer device is
placed on the surface of the body above the target
tissue to perform the measurement of the deep
temperature (see Figure 8). The microwave radia-
tion received by the antenna is then converted to
absolute temperature based on the weighted aver-
age of the radiation pattern of the target material
[103]. The advantage of microwaves over infrared

Figure 8. In microwave radiometry, a passive receiver measures
the intensity of thermally generated microwave electromagnetic
noise. The measurement depth can be altered by changing the
frequency of the receiver as lower frequencies originate from
deeper tissues.
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radiation is the higher tissue penetration of radio
waves with high wavelength: while infrared has
poor penetration and can be used to measure
only the surface temperature, radio waves pene-
trate several centimeters of subcutaneous tissue
and can be used to measure internal tissue tem-
perature. The power P of the radio length radia-
tion of the examined tissue can be described as:

P ¼ kTΔf 1� Rð Þ (25)

where P is the microwave signal power, k is the
Boltzmann constant, T is the temperature of the
tissue, Δf is the frequency band of the radiometer,
and R is the reflection coefficient of the radiometer
antenna.

The brightness temperature measured by the
radiometer can be formulated as [104]:

TB rð !
r

� �
¼ �vT !

r

� �
W f ;!ð Þdv (26)

where T(!
r
Þ is the brightness temperature emitted

by the lossy body, W f ;!
r

� �
is the weighted near-

field radiation pattern of the receiving antenna. !
r
is

the spatial variable in the 3D volume of the lossy body
which confines the radiation pattern of the antenna.

The temperature sensitivity of radiometer with
depth depends on the temperature difference
between the target tissue and the surrounding
medium as low-temperature gradients further
away from the antenna are masked by the
weighted volume averaging process [103].
Accuracy of radiometer thermometry is affected
by microwaves and radiofrequency radiation in
the vicinity and these interfering signals need to
be filtered out to improve the accuracy of the
temperature measurement [105]. The penetration
depth in the human body is higher with lower
frequencies, while spatial resolution increases
with higher frequencies. Radiometers used in med-
ical applications usually have the frequency range
of 1–6 GHz [106]. The frequency band is chosen
based on depth and spatial resolution of the
desired measurement. Klemetsen et al. have opti-
mized the frequency band of their radiometer at
3.25–3.75 GHz giving a compromise between spa-
tial resolution and sensing depth in lossy tissue
and recommending the frequency band around

3.5 GHz as a quiet band less affected by electro-
magnetic interference [107].

Microwave radiometry in practice

As an example of radiometer thermometry sys-
tems, the RTM-01-RES microwave computer-
based system (Bolton, United Kingdom) has
a radiometer antenna with a 3.9 cm diameter
able to measure microwave radiation with
a frequency of 2–5 GHz. The system has a mea-
surement time of 8 seconds, measurement depth
of 3–7 cm, rectangular volume of interest of
3 cm in width, 2 cm in length, and 3–7 cm in
depth (depending on tissue water content), and
an internal temperature accuracy of ± 0.20°C in
the temperature range of 32–38°C filtering all
microwave and radiofrequency signals from the
environment to avoid signal interference and the
system has been used in studying peripheral
arterial disease [108] and local inflammation of
atherosclerotic plaques [109]. However, in
a study of subclinical synovial inflammation,
RTM-01-RES system reported unexpectedly low
intra-articular knee temperatures [110].
Additionally, an in vivo study of intermediate
lesions of human carotid arteries reported ther-
mal heterogeneity (maximum carotid tempera-
ture minus minimum) instead of absolute
temperatures [111]. Other medical applications
for microwave thermometry have been the
detection of breast cancer [112] and measure-
ment of vesicoureteral reflux [113] but these
studies did not present temperature measure-
ments from clinical cases. Brain temperature
was also measured in a brain phantom and
in vivo in a young boy under transient
hypothermia although in the latter there was an
almost parallel course of temperature on the
forehead and in the nasopharynx during
hypothermia induction which may question the
observation of a higher brain than rectal tem-
perature [114]. Outside of research, radio wave
thermometry is currently rarely used in regular
clinical applications. Studies of breast cancer
have suggested that it may be beneficial to
include microwave thermometry in screening
programs and in examination of patients with
breast pathologies [115]. However, based on the
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previously mentioned studies, it is not possible
to determine the uncertainty of microwave-
derived internal temperatures and further
research is warranted.

Photoacoustic thermometry

Photoacoustic (also known as optoacoustic)method is
one application of electromagnetic-acoustic methods
in which electromagnetic radiation is transmitted into
amediumwhich absorbs the photons. The absorption
causes a local temperature rise and creates a pressure
wave propagating through themedium. The wave can
be detected at the surface of the medium using
a piezoelectric sensor (see Figure 9) [116]. The ampli-
tude of the wave is proportional to the temperature of
the object [117]. Electromagnetic-acoustic methods
are classified by the used electromagnetic radiation
some of which are microwave-induced thermoacous-
tics, and X-ray induced thermoacoustics. There are
diverse electromagnetic-acoustic applications on dif-
ferent fields, but thermometry is most commonly
performed using the light-induced photoacoustic
method [116].

Photoacoustic measurement can be performed
either by using a continuous-wave light source or

short-pulsed laser [118]. Continuous-wave method
is more affordable utilizing intensity-modulated
laser diodes making the system also more compact
and less power-consuming [119,120]. The draw-
back is that the thermal diffusion waves which are
created in the continuous-wave method decay very
rapidly and thus the penetration depth is lim-
ited [118].

Short-pulsed method utilizes sophisticated lasers
capable of producing spectrally pure, stabile, and,
most importantly, very short-pulsed light which
allows the photoacoustic detection to occur via ther-
moelastic expansion [116].

For the thermoelastic expansion to occur the
pulse duration must meet two conditions: first it
must be shorter than the acoustic confinement
time which is the time needed for the acoustic
wave to exit the heated region and second, it
must be so short that the thermal diffusion
length becomes negligible (thermal confinement
time) [121].

The pressure rise which propagates through the
sample and can be detected at the sample bound-
ary by an ultrasonic transducer can be written as:

Δp0 ¼ ΓAe (27)

Figure 9. A pulsed laser light travels through tissue in which optically absorbing substance, such as hemoglobin absorbs the energy
of the light. This makes the temperature of the object rise rapidly and the object experiences a thermoelastic expansion. This in turn
creates a shockwave which travels through the tissue and can be detected at the surface with a piezoelectric sensor such as in an
ultrasound transducer.
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where is Γ the Grüneisen coefficient and Ae is
the volumetric optical absorption. The
Grüneisen coefficient is proportional to the
material’s coefficient of thermal expansion and
inversely proportional to isothermal compressi-
bility, mass density, and specific heat capacity of
the material [118].

Unlike thermal diffusion, the ultrasonic wave does
not attenuate significantly and scatters several mag-
nitudes less than pure optical imaging [118,121].

The isothermal compressibility is inversely pro-
portional to speed of sound. It is also known that the
volume expansion coefficient β and speed of sound
vs are linearly proportional to temperature for water-
based and fatty tissues between 10°C and 55°C. Thus,
change in the Grüneisen coefficient is proportional
to change in temperature. And as the Grüneisen
coefficient and the photoacoustic signal, i.e. the
local pressure rise Δp0 are related (Equation 27),
the photoacoustic signal can be used for sensing
temperature change with the following relationship:

ΔT ¼ a � ΔΓ
Γ

¼ a � Δ ΔPð Þ
ΔPð Þ (28)

where a is experimentally determined tissue-
specific constant [54].

The maximum measurement depth is primarily
defined by the penetration depth of the light photons
[121]. The penetration depth depends on the power
of the laser [122] which is limited to 20 mJ/cm2 by
American National Standards Institute (ANSI)
[123]. However, below the maximum penetration
depth, the measurement depth can be adjusted by
changing the frequency of the ultrasound transducer
as the attenuation of the ultrasound increases with
the ultrasound frequency. Therefore, adjusting the
center frequency of the ultrasound transducer lower
enables greater measurement depth. This, however,
comes at the cost of resolution [121]. Typically, the
resolution is typically 1/200 of the measurement
depth which can reach up to 7 cm [124].

Most commonly used optically absorbing sub-
stances in biological tissues are oxyhemoglobin and
deoxyhemoglobin but also DNA, RNA, water, mela-
nin, and lipids can be used. Also, small molecule dyes
have been used as contrast media. The absorption of
a substance depends on the wavelength of the light
which is usually within the visible or near-infrared
region [116,125].

Photoacoustic effect has been utilized in several
biomedical applications, for example in clinical
imaging [125], preclinical tomography, molecular
imaging, and flowmetry [116].

Photoacoustic thermometry in practice

The formula 28 allows only the measurement of
temperature change. However, methods for absolute
temperature measurement have also been developed.
Simplest way is to calibrate the photoacoustic system
measuring the correlation between the change in
photoacoustic signal and the temperature with an
independent thermometer in an ex-vivo sample
[126]. Another way is to measure the arrival time
of the acoustic wave. Together with the amplitude of
the photoacoustic wave, they reveal the absolute
temperature at the target since the speed of sound
is also temperature dependant [127]. Recently Zhou
et al. published a method in which the target is
irradiated with a rapid burst of laser pulses and the
photoacoustic signal from each one is measured. As
each laser pulse heats the target, the amplitude of the
signal is different in each pulse. A mathematical
model using the time-course of the pulse amplitudes
was developed to calculate the Grüneisen parameter
and the absolute temperature of the target [128]. The
methods can be used not only to measure a single
point but are also incorporated into temperature
imaging using mechanical scanning or linear array
transducers [117,126,128,129]. Because photoacous-
tic signal detection and reconstruction are done
similarly as on an ultrasound system, modified clin-
ical ultrasound transducers can be used for photo-
acoustic thermal imaging [122,130].

We are not aware of any photoacoustic thermo-
meters in clinical use currently. Most of the studies
utilizing the technique are performed on phan-
toms or ex-vivo tissue samples [117,122,126,127].
In these studies, temperature precision has been
below 1°C and axial resolution few hundred
micrometers with penetration depth below
15 mm. Recently invivo studies have emerged, in
combination with a HIFU system [128,131] and
also with a cryotherapy system [130]. In the study
of Kim et al. the readings of the photoacoustic
thermometer were compared against the readings
of a thermocouple. The authors reported that most
of the photoacoustic thermometry data were

TEMPERATURE 379



within the ±10% error boundary of trend line of
the total data [131]. In a previous study, the same
system was reported having an axial resolution of
205 ± 45 μm, lateral resolution of 1.20 ± 0.14 mm,
and maximum measurement depth of 4.6 cm
[122]. In the study of Zhou et al., the authors
reported an axial resolution of 400 μm and 1 mm
elevational resolution. The average measurement
error of their system was 0.9°C when compared
against a thermocouple at 1.5 cm depth [128]. In
the study of Petrova et al. the authors reported
a measurement error less than ±2°C when measur-
ing temperature of a canine prostate using an
endorectal ultrasound transducer at the depth of
10 mm during cryotherapy [130].

Utilizing the methods into in vivo applications is
challenging for many reasons. The calibration-based
thermometry assumes all tissue to have similar prop-
erties which is not true, for example in the case of
tissue coagulation during thermal ablation [129,131].
Also, the movement of the subject causes errors espe-
cially in arrival time-based absolute thermometry.
Importantly, not all tissues include optically absorbing
substance for acquiring photoacoustic signal [131].

Discussion

We have now introduced several imaging methods
to assess internal temperature in vivo. These ima-
ging modalities can be compared based on their
spatial resolution, tissue penetration depth, avail-
ability, cost, harm to target tissue, feasibility, and
bedside usage. These specifications for each eval-
uated imaging method are displayed in Table 1.

The examined imaging modalities provide
either absolute temperature values or relative
values (Table 1). MRI and microwave radiometry
can provide absolute temperature values, whereas
other methods can provide only relative tempera-
ture values. The intended purpose of temperature
acquisition dictates whether an absolute tempera-
ture value is warranted or if a relative value suf-
fices. Moreover, the imaging-acquired temperature
values may differ from a direct temperature mea-
surement done with a thermistor or have a high
standard deviation as discussed above for example
regarding NIRS [85]. Moreover, the resolution of
temperature sensitivity for some imaging methods
may be higher than the actual change in tissue
temperature. Thus, small changes in tissue tem-
perature may not be detected due to low-
temperature sensitivity or spatial resolution. The
measurement of deep tissue temperature requires
that the selected imaging method has a relatively
high tissue penetration. From the examined ima-
ging methods, only MRI, CT, and ultrasonography
have high tissue penetration, while the methods
discussed in Part 2 had low tissue penetration thus
also limiting their use in deep thermometry.

MRI andCT are widely available, but their costs are
high. Whereas NIRS, microwave radiometry, and
photoacoustic thermometry have moderate costs, but
they are not widely available. In this point of view,
ultrasonography is themost attractive option due to its
moderate cost and wide availability. MRI, ultrasono-
graphy, and CT can be implemented into current
clinical equipment with a specialized software, but
only ultrasonography is applicable for bedside use.

Table 1. Comparison of internal temperature imaging methods.

Method
Absolute or Relative

Thermometry
Spatial

Resolution
Tissue

Penetration Availability Cost

Harm to
Target
Tissue

Implementable using
current clinical
equipment

Applicable
for bedside

use

MR Absolutea and
Relativeb

High High Widely High Heat Yes No

Ultrasonography Relative Moderate High Widely Moderate Heat Yesc and No Yes
Computed Tomography Relative High High Widely High Ionizing

Radiation
Yes No

Near-Infrared
Spectroscopy

Relative Moderate Low Moderately Moderate None Not available Yes

Microwave Radiometry Absolute Moderate Low Moderately Moderate None Not available Yes
Photoacoustic
Thermometry

Relative Moderate Low Moderately Moderate None Not available Yes

aSpectroscopy, Proton Density, and Temperature-Sensitive Contrast Agents.
bPRF, T1 relaxation time, T2 relaxation time, and Diffusion.
cFew clinical ultrasound systems allow implementation of thermography applications.
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NIRS, microwave radiometry, and photoacoustic
thermometry are applicable for bedside use, but they
are not implementable into current clinical equipment
(Table 1).

Radiation exposure is the obvious weakness of
CT thermometry compared to the other imaging
modalities examined in this review. None of the
other described methods expose the examined tis-
sue to ionizing radiation. Furthermore, examining
changes in temperature would also require several

consecutive CT scans further increasing the radia-
tion dose in the target area.

The main advantages of CT thermometry com-
pared to other methods such as ultrasound and MRI
are the wide availability of CT scanners and the high
temporal (83–135 ms) and spatial resolution
(0.5–0.625 mm) [132]. Tissue HU values may reflect
not only the tissue temperature but also changes for
example in tissue structure (e.g. tumors, necrosis, cir-
rhosis) and perfusion. Additionally, CT number

Table 2. List of technical terms.
Chemical shift Resonance frequency of a nucleus in relation to the frequency of a standard chemical

compound. See Shielding.
Hydrogen bond Electrostatic force between molecules in which hydrogen is bound to an electronegative atom,

e.g. oxygen. The charge of these molecules is polarized and therefore the negative end of the
molecule attracts to the positive end of a similar molecule.

Brownian motion Rapid, irregular movement.
Shielding The effect of an electron cloud on the resonance frequency of an atom. In an external magnetic

field the electron cloud induces an opposing magnetic field which reduces the local magnetic
field of the atom leading to reduced resonance frequency (and greater chemical shift). The
higher the electron density the stronger the shielding is.

RF-spoiled gradient echo sequence Magnetic resonance imaging sequence in which echo is produced using a bipolar gradient and
a phase of the radiofrequency pulses is systematically incremented in order to reduce coherence
artifacts and repetition time.

Gyromagnetic ratio The ratio of the magnetic momentum in a particle or system to its angular momentum.
Magnetic susceptibility The ratio of the magnetization of a material and an external magnetic field. A measure of how

much a material will become magnetized in a magnetic field.
Dipole-dipole interaction, Dipolar interaction Interaction between two magnetic dipoles. Most important mechanism responsible for

relaxation of the magnetization in biological tissues
Larmor frequency The rate of precession of the magnetic moment of the proton around the external magnetic

field.
Variable flip angle gradient echo sequence Magnetic resonance imaging sequence in which echo is produced using a bipolar gradient and

sequence is repeated with variable flip angles.
B1 inhomogenity Non-uniform excitation of the atoms resulting in faulty flip angles within the object.
Transverse relaxation time, spin-spin relaxation
time, T2 relaxation time

Time constant for decay of transverse magnetization after radiofrequency pulse.

Turbo-spin echo readout Magnetic resonance imaging technique in which the phase-encoding gradient is changed
between echoes and therefore multiple lines of k-space (i.e., phase-encoding steps) can be
acquired within a given repetition time which may reduce imaging time significantly.

Diffusion gradient A strong pulsed gradient that is used as pairs in order to cause a signal loss from moving spins.
Paramagnetic A material including oxygen and metal ions and having a small positive susceptibility. Decreases

relaxation times.
Shear modulus The ratio of shear stress to the shear strain.
Scattering cross-section A quantity which is proportional to the rate of radiation–target interaction.
Echogenicity The ability of a material to return an echo in ultrasound examinations.
Cathode A negative electrode from which electrons are emitted toward a positive electrode, anode.
Compton scattering A phenomenon in which a photon strikes an electron and scatters. The direction and energy of

the photon are changed.
Radiolength Wavelength. In a periodic wave, the length of one complete wave pattern, i.e. the distance from

any point to the corresponding point on the next repetition of the wave shape.
brightness temperature Brightness temperature or radiance temperature is the temperature of a black body in thermal

equilibrium with its surroundings, in order to duplicate the observed intensity of a gray body
object at a frequency

Lossy body A medium in which a significant amount of the energy of a propagating electromagnetic wave
is absorbed per unit distance traveled by the wave.

Piezoelectric sensor A device that measures pressure by piezoelectric effect. An electric charge is created when
pressure is applied to a piezoelectric material.

Thermoelastic expansion Volume expansion due to temperature rise.
Isothermal compressibility Measure of relative volume change as a response to pressure change.
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changes in CT thermometry during thermal ablation
treatmentmay be partially due to tissue coagulation in
target areas or bleeding caused by the ablation cathe-
ters. Therefore, knowledge of underlying physiology
should be taken into consideration when CT imaging
is used in tissue temperature measurement to account
for confounding factors affecting HU value changes
during changes in external or tissue temperature. CT
thermometry may be additionally hampered by the
CT artifacts caused by metal equipment (catheters,
etc.), while theCT artifacts can be somewhat corrected
with iterative techniques [133]. Metal artifacts due to
radiofrequency ablation equipment are also negligible
since all commercially available RF systems are com-
patible with modern CT scanners. Heat-induced
changes like protein coagulation affect the motility of
water which further can lead to large changes in the
diffusion coefficient. During thermal ablation, there
can be an increase in diffusion due to increasing
temperature but also a simultaneous decrease in diffu-
sion due to protein coagulation [18]. Quantification of
temperature changes with T1 effects can be seriously
affected by the physiologic response of living tissue to
heat [24] and nonlinear effects can occur due to coa-
gulation [134]. PRF phase mapping is not affected by
tissue changes and can thus be used during thermal
ablation for thermometry although the method can-
not be used to measure temperature in lipids [18].
Microwave radiometry has been examined as
a thermometry method during thermal therapy in
phantom studies [135,136] though no in vivo studies
have been performed, while photoacoustic thermo-
metry has been used in in vivo studies in combination
with a HIFU system [128,131]. However, NIRS has
not been used in monitoring deep tissue temperature
during coagulative treatments.

Several imaging modalities are affected by the
change in tissue density such as ultrasound, CT,
and photoacoustic thermometry as discussed
previously. Therefore, changes in tissue density
will undoubtedly affect the measured change in
tissue temperature if the change in density can-
not be accounted for. The most common clin-
ical use of internal thermometry in vivo is the
monitoring of tissue temperature during thermal
therapy. However, thermal ablation can result in
tissue coagulation permanently altering the phy-
sical characteristics of the tissue.

In studies of tissue thermogenesis, there are cer-
tain requirements for the imaging modality such as
high-temperature sensitivity, spatial resolution, and
short imaging time. Further requirements are set for
the imaging modality if the temperature measure-
ment must be performed during physical activity for
example during the measurement of skeletal muscle
temperature. Portable imaging equipment capable of
bedside monitoring (such as ultrasound, NIRS,
microwave radiometry, and photoacoustic thermo-
metry) are more applicable to these studies rather
than MRI and CT imaging which would require that
the exercise is performed inside the scanner or near
vicinity. Additionally, physical exercise would ham-
per the measurement with movement artifacts if the
measurement was performed simultaneously with
the exercise.

As discussed previously, several imaging meth-
ods may give absolute tissue temperatures with
low correlation with direct tissue temperature
measurement with thermometer or the method
may not even give absolute temperature values
but relative temperatures.

In the future, magnetic resonance thermometry
will possibly remain the most popular thermometry
method not least because of all the other anatomical
and physiological informationMRI can provide dur-
ing the same scanning session. As imaging sequences
develop the method will most likely become faster,
less sensitive to subject motion, and achieve higher
resolution. These developments would make for
example HIFU treatments safer and more accurate.
The use of contrast media will probably overcome
the small temperature proportionality of the PRFS
(0.01 ppm/°C) and thus make the thermometry
more sensitive. Currently, the routinely used PRFS
imaging-based thermography provides only relative
temperature data. In the future, we may see multi-
parametric imaging sequences which could combine
several sequences in order to create absolute thermo-
metry maps. Future in HIFU thermal ablation point
of view, thermometry with ultrasound remains espe-
cially attractive due to its high tissue penetration,
wide availability, feasibility, and moderate cost.
However, there are many technical and physical
challenges before ultrasound thermometry can be
used routinely during thermal ablation. Although
CT utilizes ionizing radiation, the radiation doses
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always become smaller as newer generation scanners
are introduced [137]. Due to its superior imaging
speed, CT imaging will certainly remain in clinical
use for a long time. As machine learning algorithms
already detect pathologies from CT images [138] in
the future they might extract several parameters,
such as temperature, from a single dataset or even
several multimodal datasets. NIRS, microwave
radiometry, and photoacoustic imaging will most
likely become routine clinical tools in the future
because of their portability, potentially low cost,
and promising applications one of which is thermo-
metry. One can speculate that the modalities could
even be incorporated into wearable health sensors as
the electronics become smaller and smaller.

Conclusions

● Imaging modalities for measuring internal tem-
peratures in vivo can be evaluated by the spatial
and temporal resolution, temperature sensitivity,
and the availability of hardware and software.

● Thermography and thermometry can be used
clinically to measure internal tissue tempera-
tures during thermal ablation, hyperthermia
treatments, and hypothermia therapy.

● Future potential clinical targets for thermometry
and thermography may include imaging of
inflammation, tumors, and vesicoureteral reflux.

● The most studied and clinically most wide-
spread modalities are MRI and ultrasound.

● CT thermography is limited by the ionizing
radiation exposure although it has high spa-
tial and temporal resolution and CT scanners
are widely available.

● NIRS,microwave radiometry, andphotoacoustic
thermometry are promising imaging modalities
for measuring internal temperatures, but further
research and development is still required before
they can be widely clinically used.

List of abbreviations

CBE Change in Backscatter Energy
CT Computed Tomography
CW Continuous Wave
dB Decibel
HIFU High-Intensity Focused Ultrasound
HU Hounsfield Unit

MR Magnetic Resonance
MRI Magnetic Resonance Imaging
MRS Magnetic Resonance Spectroscopy
NIR Near-Infrared Radiation
NIRS Near-Infrared Resonance Spectroscopy
PPM Parts per million
PRF Proton Resonance Frequency
PRFS Proton Resonance Frequency Shift
RF Radio frequency
SNR Signal-to-Noise Ratio
UTOF Ultrasonic Time-Of-Flight
VFA Variable Flip Angle
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