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Purpose: To compare numerically simulated and experimen-
tally measured temperature increase due to specific energy

absorption rate from radiofrequency fields.
Methods: Temperature increase induced in both a phantom

and in the human forearm when driving an adjacent circular
surface coil was mapped using the proton resonance fre-
quency shift technique of magnetic resonance thermography.

The phantom and forearm were also modeled from magnetic
resonance image data, and both specific energy absorption

rate and temperature change as induced by the same coil
were simulated numerically.
Results: The simulated and measured temperature increase

distributions were generally in good agreement for the phan-
tom. The relative distributions for the human forearm were
very similar, with the simulations giving maximum temperature

increase about 25% higher than measured.
Conclusion: Although a number of parameters and uncertain-

ties are involved, it should be possible to use numerical simu-
lations to produce reasonably accurate and conservative
estimates of temperature distribution to ensure safety in mag-

netic resonance imaging. Magn Reson Med 71:1923–1931,
2014. VC 2013 Wiley Periodicals, Inc.
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To ensure patient safety and comfort during magnetic
resonance imaging (MRI), measures are taken to limit
both the total radiofrequency (RF) energy absorbed by
the entire human body (whole body specific energy
absorption rate, or SARWB) or a region thereof (e.g.,
SARhead), and the maximum energy absorbed in any
local region (maximum local specific energy absorption
rate, or maximum SARlocal), often averaged over a 10-g
region (1). Estimates of SARWB can be based on meas-
urements of total patient mass and total RF power
delivered to the patient. Estimates of maximum SARlocal

typically rely both on these measureable quantities and
on numerical simulations of the distribution of SAR

throughout the subject (2). For example, numerical sim-
ulations of maximum SARlocal/SARWB can be multiplied
by measured SARWB to produce an estimate of SARlocal

in the subject. Accurate estimates of SARlocal when
using parallel transmission also require consideration of
the magnitude and phase at which the individual coils
are driven (3–7).

Some investigators have additionally demonstrated
various approaches to simulating temperature under the
influence of SAR during MRI (8–14). Although it is gen-
erally recognized that tissue temperature is a more rele-
vant quantity than SAR for relating to safety, SAR is
seen to be more readily and accurately ascertained by
directly measureable quantities during MRI. While this
is certainly true for SARWB, numerical calculations of
SARlocal throughout the body are limited by (among
other things) dependence on anatomical variation (15–
18), such as limited similarity between the models used
in simulation and the morphology of the specific human
subject. Some recent studies have shown, however, that
simulations of temperature increase vary less with ana-
tomical variation than does SAR (16), giving simulation
of temperature another potential advantage (in addition
to higher relevance to safety) over simulation of SAR
alone.

A third potential advantage of simulating temperature
over simulating SAR alone is that temperature, or at least
temperature increase, can be mapped in tissue using
methods of magnetic resonance (MR) thermography and
used to validate the accuracy of the simulation tech-
nique. The proton resonance frequency (PRF) shift tech-
nique of MR thermography (19) has been used
previously to map temperature change in vivo due to
intentional heating in ablation with ultrasound (20),
laser (21), and RF energy (22), and in hyperthermia with
RF energy (23). It has also been used in unperfused
phantoms to validate numerical calculation of SAR (24–
27), but temperature distribution in vivo is also largely a
function of tissue perfusion (which is typically consid-
ered in simulations of temperature).

Here we use PRF shift MR thermography in a phantom
and in the human forearm to assess temperature increase
induced by driving an adjacent circular surface coil, and
we compare with numerical simulations of temperature
increase in models created from MRI the same phantom
and forearm.

METHODS

We performed simulations of temperature and measure-
ments of temperature increase both in a phantom and in
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vivo. Below, procedures for all calculations and experi-
ments are described.

Experimental Mapping of Temperature Increase in an
Agar-Gel Phantom

Using the PRF-shift method of MR thermometry, we
imaged the temperature change (DT) in a rectangular-
shaped agar-gel phantom (Fig. 1, left). Heating was
accomplished using a home-built one-loop coil (diameter
¼ 80 mm, Fig. 1, center) connected to an RF power
amplifier (LA200UELP; Kalmus, WA) located outside of
the MR scan room. The input to the amplifier was a con-
tinuous-wave 165 MHz signal produced by a frequency
synthesizer (PTS 200; PTS, MA) (28). The coil used for
heating was tuned to a different frequency from the Lar-
mor frequency (123.2 MHz) to avoid coupling between
the heating and imaging coils. The ratio of the quality
factor when the coil was loaded and unloaded was meas-
ured as 0.05, indicating that approximately 95% of the
RF power delivered to the coil was dissipated in the
phantom or forearm (29). The RF power delivered to the
heating coil was monitored using a directional coupler
(C8212-10; Werlatone, Inc., NY), time-averaged RF power
sensor (U2001A; Agilent Technology, Inc.), and RF
power meter (N9912A; Agilent Technology, Inc.) during
the MR temperature mapping. Between the directional
coupler and the coil was a 5-m cable with 1 dB attenua-
tion, as determined with a network analyzer (HP 4195A;
Hewlett Packard, Inc.).

The agar-gel phantom consisted of a gel (10 g/L NaCl,
1 g/L CuSO4, and 7 g/L agar in distilled water) in a
2-mm-thick plastic container. The gel phantom had
width, height, and depth of 78, 68, and 142 mm, respec-
tively (width and depth measured at surface adjacent
coil). Mass density (r) of the phantom was measured as
1021 kg/m3. The electrical conductivity (s) and relative
permittivity (er) of the phantom were 2.97 S/m and 74.15
respectively, as measured with an impedance/material
analyzer (E4991A; Agilent Technology, Inc.) and dielec-
tric probe kit (85070D; Agilent Technology, Inc.) at 165
MHz. The phantom was separated from the heating coil
by a 4-mm-thick Teflon plate. The coil was matched to
�30 dB when loaded with the phantom.

To accomplish imaging, the phantom and heating coil
were positioned in a single-channel Tx/Rx CP extremity

coil (Fig. 1, right) within a Siemens Tim Trio 3 T MRI
system (Erlangen, Germany). Four cylindrical oil phan-
toms (diameter ¼ 15 mm) were positioned about the
phantom (Fig. 1, left) for tracking and correction of tem-
porally/spatially varying phase drift during the heating
period (30,31). An initial phase map was collected using
a gradient-echo sequence on the center axial plane (TR/
TE 30/10 ms, 3 slices, 10 mm slice thickness, FOV 150 �
150 mm2, matrix size 256 � 256, flip angle 40�, 4 aver-
ages, 92.2 s scan time). Then, 42.5 W of RF power was
delivered to the heating coil for 2 minutes (i.e., 40.4 W
was dissipated in the phantom). Immediately after heat-
ing, a second phase map was collected with the same
scan parameters with the first phase map but with no
averaging to minimize the cooling during scanning. The
scan time of the second phase map was 23 s.

Considering the phase drift corrections, the tempera-
ture change (DT) maps in the phantom were calculated
as

DT ¼ Df� Dfdrift

a� g� B0 � TE
[1]

where Df is measured phase change, Dfdrift is phase
change due to system phase drift, a is the PRF shift coef-
ficient for water (�0.01 ppm/�C), g is the gyromagnetic
ratio (42.58 MHz/T), B0 is the main magnetic field
strength, and TE is echo time. Maps of Dfdrift were cre-
ated by averaging phase information from the phase
change over 3 � 3 pixel regions in each oil phantom and
interpolating across the image region from these four
averaged values.

Numerical Simulation of SAR and Temperature for the
Agar-Gel Phantom

A numerical model of the phantom (Fig. 2) was created
by manually segmenting a series of axial images (54 sli-
ces with 3 mm thickness, 0 mm gap) acquired after the
heating experiment. The model was assigned the same s,
er, and r as were measured in the experimental phantom.
Models of the plastic container, Teflon plate, and coil
were added manually. The coil model was tuned and
driven at a single location, as in experiment. The final
simulation space consisted of 118 � 117 � 198 cells hav-
ing resolution 1.17 � 1.17 � 1 mm3. Numerical field
simulations were performed using commercially

FIG. 1. Phantom and frame with the agar-gel phantom and four oil phantoms (left), RF induction-heating coil attached to bottom of

frame (middle), and one-channel Tx/Rx extremity RF imaging coil loaded with phantoms and frame (right).
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available software (XFdtd; Remcom, Inc.) and a graphics
processing unit (Tesla C1060; NVIDIA, Inc.). After the
field simulation, the SAR was calibrated by scaling the
dissipated power in the phantom to match that measured
in the experiment. The physical properties assigned vari-
ous materials in the model are summarized in Table 1.

The temperature distribution throughout space and
time was then determined using a finite difference
implementation (8) of the Pennes bioheat equation (32):

rc
dT

dt
¼ rðkrTÞ þ ½�rbloodwbcbðT � TcoreÞ� þQm þ SARr;

[2]

where r is material density, c is heat capacity, k is ther-
mal conductivity, wb is perfusion by blood, cb is heat
capacity of blood, and Qm is heat generated by metabo-
lism. Detailed electrical and thermal property settings
are shown in Table 1. Initial temperature distribution
was determined by iteratively solving Eq. [2] without
any SAR until the temperature reached an equilibrium
state (TEQ). Starting from this state, the temperature dis-
tribution after heating (TSAR) was recorded after 139.2 s
(120 s of heating plus 19.2 s of cooling – the time
required to reach the center of k-space during acquisition
of the second phase map). Finally, the temperature
change maps in the phantom were calculated by

subtracting TEQ from TSAR. More detailed description
and validation of the finite difference implementation of
the Pennes bioheat equation is given elsewhere (8).

Experimental Mapping of Temperature Increase in Human
Forearm

Temperature maps of the in vivo human forearm were
acquired in the same overall manner as in the phantom
study, including power measurement with a directional
coupler and power sensor. The inductive heating coil
was positioned beneath the forearm as shown in Figure
3. The heating coil was matched to �26 dB at 165 MHz
when loaded in the magnet. We acquired the first phase
map of the forearm (TR/TE 100/10 ms, flip angle 40�,
FOV 160 � 160 mm2, matrix size 128 � 128, slice thick-
ness 10 mm, 4 averages, imaging time 51.2 s) before
applying 33 W of RF power to the heating coil for 2 min.
The RF power delivered to the forearm was 31.4 W, con-
sidering the ratio of the quality factor when the coil was
loaded and unloaded (0.05) and the 1-dB attenuation
from the cable between the directional coupler and the
coil. The second phase map was acquired immediately
after the 2-min heating period. The sequence for the sec-
ond phase map was identical to that of the first phase
map scan but with no averaging so that the acquisition
time was 12.8 s. The phase drift during the RF heating

FIG. 2. Phantom mesh model with the RF induction-heating coil (left, Teflon plate is not shown for better visualization) and center plane
of the phantom mesh model (right). Small oval-shaped object is a marker placed at the coil center and imaged in experiment to aid in

accurate modeling.

Table 1
Physical Properties of Tissues and Materials Used in Simulations: Electrical Conductivity (s, S/m), Relative Electric Permittivity (er), Mass

Density (r, kg/m3), Perfusion by Blood (wb, mL/100g/min), Heat Capacity (C, J/kg/�C), Thermal Conductivity (k, W/m/�C), and Metabolic
Heat Generation (Q, W/m3)

Tissue s er r wb C k Q

Agar-gel 2.97 74.15 1021 0 4200 0.498 0

Polypropylene 0 2.1 2200 0 1925 0.16 0
Teflon 0 2.1 2200 0 1050 0.16 0

Skin 0.551 59.53 1125 12 3150 0.343 1125
Tendon 0.508 50.31 1151 5 3500 0.498 758
Fat 0.038 5.81 943 2.8 2300 0.23 302

Cortical bone 0.071 14.26 1850 1.4 1300 0.35 0
Cancellous bone 0.188 25.17 1080 3 2238 0.36 0

Blood 1.266 70.31 1057 100 3600 0.51 0
Muscle 0.732 61.52 1070 5 3500 0.59 480

SAR-Induced Temperature Rise 1925
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period was monitored and corrected using the four oil
phantoms at each corner of axial plane as for the phan-
tom. We assumed �0.01 ppm/�C for the chemical shift
coefficient to temperature changes (a) in tissues with
high water content. All procedures were performed with
informed consent of the subject and in compliance with
our institutional regulations on human subjects research.

Numerical Simulation of SAR and Temperature for In Vivo
Forearm

A numerical model of the forearm (Fig. 3) was created by
manually segmenting MR images (multislice fast spin
echo with 6 echoes per TR, TR/TE ¼ 700/11 ms, FOV
160 � 160 mm2, matrix size 384 � 384, 32 slices, 2 aver-
ages) acquired before the heating experiment. The resolu-
tion of the model was 0.83 � 0.83 � 1 mm3, and the

number of cells in the model was about 4.9 � 106 (172 �
143 � 199). A model of the heating coil was tuned and
excited with one current source (1 A) for 10 periods at
165 MHz. The magnetic field at the center of the forearm
model was monitored to ensure the field calculation
reached steady state, defined as when the variation in
field magnitudes in successive periods changed by less
than 1%. The volume of SAR data was then scaled so
that the total dissipated power matched that in the
experiment (31.4 W). The SAR volume data were then
utilized in the numerical temperature simulation as in
the phantom study.

For temperature simulation of the in vivo forearm, tis-
sue perfusion rate (wb) was a function of local tempera-
ture such that (33)

wbði; j; kÞ ¼

wb0ði; j; kÞ

wb0ði; j; kÞ½1þ SBðTði; j; kÞ � 39Þ�

wb0ði; j; kÞð1þ 5SBÞ

;

Tði; j; kÞ � 39�C

39�C < Tði; j; kÞ < 44�C

Tði; j; kÞ � 44�C

;

8>>>><
>>>>:

[3]

where T(i,j,k) is the local temperature at location (i,j,k)
and SB is a coefficient set equal to 0.8/�C (34). With this
model (34) the local rate of perfusion, wb, remains at its
(initial) baseline level (wb0) until the local temperature
exceeds 39�C. Between 39�C and 44�C, wb increases line-
arly from wb0 to its maximum value of 5 times wb0. This
model was initially developed to approximate experi-
mental observations (35). For this numerical temperature
simulation, the heating and cooling periods were 120
and 6.5 s, respectively. The physical properties assigned
the various tissues and materials in the model were
acquired from the literature (8,33–37) and are summar-
ized in Table 1.

To explore the sensitivity of the simulated maximum
DT to uncertainty in the various physical parameters in
Eq. [2], we also performed a series of simulations where
these parameters were, one at a time, increased above
their values in Table 1 by 10% throughout the forearm
model.

RESULTS

The unaveraged SAR [W/kg], numerically simulated tem-

perature, and PRF-based experimental temperature maps

on the center slice of the agar-gel phantom are shown in

the first row of Figure 4. Because the slice thickness of

the temperature simulation and the PRF temperature

maps were 1 and 10 mm, respectively, 10 slices of nu-

merical temperature maps were averaged for comparison

with experiment. Overall temperature patterns of both

maps in the phantom are in fairly good agreement. In the

region of largest disagreement (yellow arrow), the maxi-

mum temperature in the experimental temperature map

is about 12% lower than that in the simulation. The

asymmetry in experiment compared with simulation

may be due to slight difference in positioning of the

heating coil between the simulation and experiment.

Simulated and measured values of maximum DT

(13.66�C and 13.70�C, respectively) were in very good

FIG. 3. Surface coil against forearm for experiment (left) and in simulation (right).

1926 Oh et al.
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agreement (less than 1 % difference). The maximum DT

was located at the bottom left in both simulation and

experiment.

The unaveraged SAR map in the forearm model is
given at the bottom left of Figure 4. As the white arrow
indicates, the maximum local SAR is located in a blood
vessel, since the blood vessel was close to the heating
coil and the electric conductivity of blood is much
higher than the surrounding tissues (skin, fat, muscle,
etc.). Because of the flow of blood in the vessel (simu-
lated as a nominally high perfusion rate in blood), this
locally high SAR does not result in a locally high tem-
perature. A smaller temperature increase in the blood
vessel than in the nearby muscle is seen in both simula-
tion and experiment. The overall temperature change

patterns between the numerically simulated and the PRF

temperature map of forearm are similar, but the maximum

temperature change in experiment (6.00�C) is 25% lower

than that in simulation (8.02�C). The maximum tempera-

ture increase at the ends of the model (at surfaces resulting

from truncation of arm model) was 0.091�C, indicating that

only a minor effect of truncation should be present. To

allow for better direct comparison in simulation and

experiment in the regions of greatest interest, line plots of

DT through the high-temperature regions in each case are

given in Figure 5. To illustrate the importance of phase

correction in calculating DT in experiment, the apparent

temperature change due only to phase drift (without heat-

ing) that would be measured if uncorrected for is shown

for the human forearm in Figure 6.

FIG. 4. Simulated unaveraged SAR [W/kg] map (left column), simulated temperature increase [�C] (center column), and experimentally
measured PRF temperature increase [�C] (right column) for the agar-gel phantom (top row), and the in vivo forearm (bottom row). Yellow
arrow indicates region of highest disagreement between experiment and simulation in phantom. White arrow indicates blood vessel hav-

ing high SAR but only moderate temperature increase in forearm. The plane shown passes through the center of the coil and is trans-
verse to the long axis of the phantom or forearm.

FIG. 5. Temperature increase (�C) along lines passing through maxima in simulation (solid gray lines) and experiment (dotted black lines)

for both the phantom (left) and forearm (right).

SAR-Induced Temperature Rise 1927
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The variation in simulated maximum DT due to a 10%
increase of different physical parameters is given in
Table 2. These values show the sensitivity of maximum
DT to uncertainty of these parameters in the case
simulated.

DISCUSSION

In recent years, the use of numerical methods to predict
SAR distributions has become very prevalent. By com-
parison, calculation of temperature is relatively rare.
Damage to tissue is more directly related to temperature
over time than to SAR and can thus be expressed as a
“thermal dose,” in a variety of ways (38,39). It is possible
that future regulatory guidelines for MRI will incorporate
a sense of thermal dose, rather than just maximum tem-
perature, into limits on RF exposure (1), giving impetus
for increasingly meaningful predictions of RF safety.
While the in vivo study presented here is limited to one
specific case, we hope it will increase confidence in the
use of temperature calculations for safety assurance in
the future.

As seen in Figure 4, numerical simulations can predict
temperature increase distributions in good agreement
with measurement when the sample geometry in simula-
tion and experiment match well. In the phantom not
only the geometry but also the electrical and thermal
properties were well characterized, so that the agreement
between simulated and measured temperature increase is
very good. There is some asymmetry in the experimental
temperature increase relative to the simulated, resulting

in smaller DT on the right side of the phantom. This
could be due to slightly asymmetric placement of the
coil relative to the phantom or asymmetric current distri-
bution in the experimental coil. In the forearm, electrical
and thermal properties for the simulation were collected
from values published in the literature. When possible,
these values are measured in vivo, but often in species
other than human. It is expected that tissue properties
will vary somewhat between species (37,40), between
individuals of a given species (41), and even through
time and position within a given tissue of a given indi-
vidual organism independent of temperature (42). While
the uncertainty regarding distribution of tissue properties
in a given human subject would lead to uncertainty in
temperature distribution, simulations also indicate less
subject-to-subject variation in maximum temperature
increase than in maximum local SAR (16), suggesting
that when subject-specific models are not available, sim-
ulations of temperature may produce results more uni-
versally applicable.

The ability to validate temperature simulations with
measurement of temperature change in vivo can be seen
as an additional advantage to using local temperature,
rather than local SAR, to ensure safety. While some
methods to deduce tissue electrical properties and SAR
from experimental measurements of the RF magnetic
field distribution in MRI have been proposed in recent
years (43–45), these are not currently as established as
methods for measuring temperature change.

Consistent with previous studies, the simulated tem-
perature increase and simulated SAR do not have a good
correspondence in a number of regions (Fig. 4). In blood
vessels, the blood has a high conductivity and relatively
high SAR, but the constant flow of blood carries heat
away very effectively and makes significant heating of
the blood itself unlikely. At the surface of the imaging
subject near the coil, SAR is very high (in skin or phan-
tom, although not in fat which has low electrical con-
ductivity), but proximity to room-temperature air allows
for effective heat transfer to the environment. In cortical
bone and fat, electric conductivity and SAR are very
low, but moderate temperature increase can be seen due
to thermal conduction from surrounding tissues.

With the tissue properties used here, the calculated
maximum temperature increase in vivo was about 25%
greater than that measured experimentally (Figs. 4 and
5). In the event that these simulations were used to guide
power deposition in this experiment, the predictions
could be considered conservative.

Some equilibration of the tissue occurred during image
acquisition after the end of the heating period. For the in
vivo experiment, the time between the end of the heating
period and the acquisition of the center of k-space (the
time most relevant for the “measured” temperature

FIG. 6. The additional temperature change (�C) that would be

apparent due to phase drift in the forearm if not corrected. This
potential contribution to the temperature map was removed by
subtracting a phase drift distribution measured with the oil phan-

toms from the experimental phase maps.

Table 2

Variation in Simulated Maximum DT due to 10% Increase in Various Physical Parameters

Parameter increased by 10% C k Q r wb s er

Resulting change in max. DT (�C) �0.55 �0.15 0.00 �0.57 �0.07 0.12 �0.02

Percent change in max. DT �6.9% �1.9% 0% �7.1% 0.87% 1.5% 0.25%

Maximum DT in original simulation is 8.02�C.

1928 Oh et al.
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values, also half-way through the image acquisition in
this sequence) is 6.4 s. Our simulations indicate that, in
this period, the largest temperature decrease (excluding
that in the large blood vessel) is at the surface of skin
near the coil and is about 0.76�C or about 29% of the
local DT at the end of the heating period. In the muscle
tissue, the maximum decrease is about 0.3�C or about
4.7% of the local DT at the end of the heating period. In
the experiment, the increase in skin temperature is not
resolved due in part to its fine spatial resolution. Thus,
in the region where temperature is resolved (i.e., in mus-
cle), we might expect a maximum decrease in tempera-
ture during the imaging period of approximately 0.3�C or
about 5% of the local DT at the end of the heating
period. It is also interesting to note that during image
acquisition there was also a small increase in temperature
along the axis of the coil, where SAR is very small, due to
thermal conduction from the neighboring regions. The
6.4-s period of equilibration during imaging was consid-
ered in the simulations presented in Figures 4 and 5.

In this work, we performed MR thermometry with use
of phase maps and assumed a PRF shift coefficient, a, of
�0.01 ppm/�C. This value is accurate for both water-
based phantoms and aqueous tissues (19). Fat (like oil) is
expected to have a very small PRF coefficient compared
with that of water. Thus, with use of the PRF shift
method, we were unable to measure meaningful tempera-
ture information in the subdermal fat. Alternative meth-
ods for measuring temperature change with MRI include
measurements of proton density, T1, T2, rate of diffusion,
and absolute chemical shift with spectroscopic methods
(19). In this work, we chose to use the PRF shift tech-
nique for its high sensitivity and thus relatively high
spatial resolution achievable. In future work, addition of
diffusion-based methods may allow for some information
in fat. While simulation provides temperature not only
in fat but also in cortical bone, to our knowledge, in vivo
temperature maps in bone have not been achieved with
MR-based methods. As mentioned above, electrical con-
ductivity of fat and bone are relatively low; so, although
some temperature increase from thermal conduction is
expected in these tissues, because thermal conduction is
driven by gradients in temperature, it seems less likely
that a maximum SAR-induced DT will occur in fat or
bone.

In PRF-based thermography it is important, in practice,
to subtract any effects of background phase drift. In this
work, this was performed with the subtraction of Dfdrift,
as measured with use of oil phantoms (Eq. [1]). Figure 6
shows the apparent temperature change that would be
measured in the human forearm if no heating was
applied and this correction was not performed. In this
case, phase drift would have added erroneous tempera-
ture changes in excess of 0.5�C in some regions of the
forearm.

One challenge to the use of numerical models of tem-
perature for safety assurance is the uncertainty associ-
ated with multiple input parameters in addition to those
required to calculate SAR. For the calculation of SAR,
the electric permittivity, conductivity, and mass density
of tissues throughout the body are required. Calculation
of temperature as a function of SAR using the methods

shown here additionally requires thermal conductivity,
heat capacity, blood perfusion rate, and rate of metabolic
heat production. Unfortunately, a thorough uncertainty
analysis related to these parameters is not currently fea-
sible, as there are a very large number of input parame-
ters (especially considering the number of tissues), most
of which come from relatively few measured values
reported in the literature. In cases where multiple meas-
ured values are available (46), they are often acquired by
different investigators with different methods and even
in different species. Thus, while it may be possible in
some cases to calculate a standard deviation (for exam-
ple, 33% in muscle tissue; 46), its meaning in relation to
variability or uncertainty of tissue parameters in a given
species or individual organism is not clear. To evaluate
the sensitivity of maximum DT to the tissue parameters
associated with calculation of temperature from SAR, we
performed a series of simulations for the case of the fore-
arm with 10% variations of both electrical properties
and the different physical properties included in Eq. [2].
The values for all tissues were varied together. The
results, shown in Table 2, give some insight regarding
the sensitivity of DT to these separate physical parame-
ters, whose values are typically taken from the literature
because measurement of their absolute values throughout
time and space in each subject is not currently practical.
It is important to note that these sensitivities are likely
dependent on the heating timecourse. For example, sen-
sitivity evaluated after a longer period might be expected
to show a greater sensitivity to thermal conductivity
than that seen here. Given the relationship between max-
imum DT and these parameters in this regime, it is not
surprising to have a 25% difference between maximum
DT in experiment and simulation in the forearm—espe-
cially considering that sensitivity to other parameters,
including the function of perfusion in response to DT
(Eq. [3]), are not evaluated here. In the case of the phan-
tom, where electrical properties and mass density were
measured directly and where perfusion and metabolic
rate are known to be zero, it should also be no surprise
to see much better agreement between simulation and
experiment. While Table 2 indicates that maximum DT
is less sensitive to perfusion than it is to heat capacity,
thermal conductivity, or mass density (note that SAR
itself for a given field distribution is inversely propor-
tional to mass density), perfusion rate is known to vary
greatly between tissues and through time in a given tis-
sue. In muscle at rest, the rate of perfusion is expected
to be fairly low compared with (for example) brain, liver,
or malignant tumor. For this reason, the sensitivity to
perfusion in many other tissues will likely be greater
than that seen here. In addition, some measurements
(47) indicate something of a time delay in the response
of perfusion to temperature increase, as well as increases
of perfusion in muscle before the 39�C threshold, and
achieving much greater than the fivefold increase in per-
fusion rates as in the model used here (Eq. [3]). Thus,
the results in Table 2 should only be considered applica-
ble to this specific model with the understanding that
the effect of perfusion may be much greater in other tis-
sues and much different with other models of tempera-
ture-dependent perfusion. One previous study
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comparing calculated SAR in patient-specific models to
that determined with in vivo probe-based measurements
of temperature increase in hyperthermia patients with
reference to the same database of tissue electrical proper-
ties used here (37) found the calculated values of SAR to
be higher, on average, than those measured (48). Thus,
some of the conservative nature of the predictions here
may also be due to uncertainty in the tissue electrical
properties used.

The methods and results shown here may be seen to
suggest that MR thermography could be used to directly
monitor patient safety. Although MR thermography is al-
ready used clinically to guide ablation and hyperthermia
treatments, in those studies, the region of heating is
known a priori and placed near the center of the imaging
region of the MR system, and temperature changes are
great enough to ensure detection—none of which may be
the case for monitoring SAR-related temperature changes
in routine MRI exams. In addition, in these studies, MR
thermography is a primary goal of the study, whereas in
a safety monitoring role, MR thermography would have
to be conducted without interfering with the intended
study. In good conditions, measurement of temperature
changes in vivo to within a fraction of 1�C are possible
with MR thermometry at 1.5 T (49) and sensitivity is
generally expected to increase with field strength, but
there are numerous obstacles to realizing MR-based mon-
itoring of SAR-induced temperature increase with
adequate coverage, speed, and accuracy in the presence
of patient motion (including respiration-related shifts in
B0 distribution). Nonetheless, efforts are underway to
improve the speed of MR thermography with the poten-
tial purpose of safety monitoring in limited cases (50).
The challenges of MR thermography under conditions of
spatially diffuse heating with temperature increases
greater than those in MRI-related SAR but less than
those in ablation are discussed in recent works in the
field of RF hyperthermia (23).

It is important to note that existing regulatory guide-
lines and damage thresholds are presented in terms of
absolute temperature rather than temperature increase.
Here, results are presented in terms of temperature
increase for both ease of visualization of the effects of
SAR and ability to compare with MR-based measure-
ments of temperature change. Of course, absolute tem-
perature through time is available in the simulations
and could readily be used to ensure compliance with
limits.

We performed simulations of a human forearm adja-
cent a circular surface coil in part so that a patient-spe-
cific anatomical model could be created near a good
representation of the RF coil. In the case simulated here,
calculation time was not a concern and heating was very
much localized so that a full finite difference solution of
the Pennes bioheat equation was adequate to produce
accurate results. In order for temperature simulations to
be used in safety predictions regularly, they will need to
become very rapid and more general. Since MRI in prac-
tice most often relies on a large body coil for excitation,
it may be possible to increase the core body temperature
in high-SAR sequences, so methods of incorporating
Tblood as a function of SAR over time into temperature

prediction (12,51,52) would be more appropriate for gen-
eral use. Recently, some methods have shown potential
for great acceleration of temperature calculation with
minimal effect on the calculated temperature distribu-
tion (53,54). With continued advancements and valida-
tions, temperature calculations should become an
increasingly practical and valuable part of safety assur-
ance in MRI.
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