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Abstract. A number of heating sources are available for minimally invasive thermal therapy of
tumours. The purpose of this work was to compare, theoretically, the heating characteristics of
interstitial microwave, laser and ultrasound sources in three tissue sites: breast, brain and liver.
Using a numerical method, the heating patterns, temperature profiles and expected volumes of
thermal damage were calculated during standard treatment times with the condition that tissue
temperatures were not permitted to rise above 100◦C (to ensure tissue vaporization did not
occur). Ideal spherical and cylindrical applicators (200µm and 800µm radii respectively) were
modelled for each energy source to demonstrate the relative importance of geometry and energy
attenuation in determining heating and thermal damage profiles. The theoretical model included
the effects of the collapse of perfusion due to heating. Heating patterns were less dependent
on the energy source when small spherical applicators were modelled than for larger cylindrical
applicators due to the very rapid geometrical decrease in energy with distance for the spherical
applicators. For larger cylindrical applicators, the energy source was of greater importance. In
this case, the energy source with the lowest attenuation coefficient was predicted to produce the
largest volume of thermally coagulated tissue, in each tissue site.

1. Introduction

Minimally invasive thermal therapy is an experimental cancer treatment used to destroy
solid tumours in a variety of sites. In contrast to traditional hyperthermia, where tissue
temperatures are elevated to the 40–45◦C range and which is used as an adjuvant to
conventional therapies, thermal therapy employs much higher temperatures (50◦C to 90◦C)
over shorter times (seconds to minutes), and can be used as a stand-alone therapy.

Interstitial heating is currently the most commonly used method of heating tumours
because energy can be localized to the target volume while surrounding healthy tissue is
preserved. A number of different energy sources are used to deliver thermal energy including
laser light, microwaves and ultrasound. Interstitial photocoagulation has been used to treat
liver metastases (Aminet al 1993), primary liver tumours (Voglet al 1995) and breast
cancer (Mumtazet al 1996). Interstitial microwave thermal therapy has been used to treat
primary liver hepatocellular carcinomas (Hamazoeet al 1995).

In parallel with these investigations, clinical studies using a combination of medical
imaging (MRI or ultrasound) and interstitial thermal therapy are under way to determine if
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tissue temperatures and the development of thermal damage can be monitored in real time.
These studies, conducted in several sites including the brain (Schrottneret al 1990), liver
(Hahl et al 1990, Dowlatashiet al 1992) and the breast (Stegeret al 1989), are critical to
the widespread implementation of thermal therapy techniques because of the possibility of
producing controlled thermal coagulation without destroying surrounding normal tissue.

Given the choice of heating modalities currently available, the question arises as to which
is the optimum energy source for a particular tumour site. Few studies have compared the
ability of different heating modalities to deliver energy for thermal therapy. Comparative
studies have been conducted in the past in the hyperthermia temperature range, 40–45◦C
(Greguss 1991), but these have mainly focused on the mechanisms causing cell death, rather
than evaluating the relative effectiveness of the various modalities in depositing power in
tissue.

To address this problem we employed a theoretical approach to compare power
deposition, temperature distributions and thermal damage profiles for two applicator
geometries (spherical and cylindrical) in three different tissue sites (breast, brain and liver)
using three energy sources (810 nm laser light, 1 GHz microwaves and 1 MHz ultrasound).
Although the applicators modelled are not realized practically, the model gives insight as to
the relative importance of energy fall-off due to geometry, attenuation of the energy in tissue,
and blood flow. The tissue sites were chosen based on the potential clinical application of
thermal therapy. Tumours located in the brain or the liver are often unresectable due
to their proximity to critical normal tissues, making minimally invasive thermal therapy a
potential alternative. Tumours in the breast are normally candidates for surgery. However, if
minimally invasive procedures such as thermal therapy can demonstrate equal effectiveness
in destroying tumour tissue, an advantage may be gained due to the expected preservation
of normal tissue architecture.

2. Materials and methods

2.1. Theory

The theoretical modelling was broken down into three steps:

(i) The specific absorption rate (SAR; W cm−3) was calculated using known attenuation
properties of each tissue for the different energy sources. The SAR was calculated for both
a spherical source and a cylindrical source of infinite length (see figure 1) for each of the
three energy sources.

(ii) The temperature distribution was calculated as a function of time using the SAR as
an input to the Pennes bioheat transfer equation (Pennes 1948).

(iii) Thermal damage was calculated as a function of time using the temperature history
as input for an Arrhenius model of cell kill (Henriques 1947).

For laser light, absorption was modelled using the light diffusion approximation for
monoenergetic neutral particles which is an approximate solution to the radiative transport
equation (Weinberg and Wigner 1958). The diffusion approximation is valid when the
scattering coefficient is much larger than the absorption coefficient (µs � µa), which is
the case in most soft tissues (Cheonget al 1990). The SAR for a spherical laser source is
given by (Welch and van Gemert 1995)

SAR∝ P0R0 exp[−µeff(R − R0)]

R
(R > R0) (1)
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Figure 1. Schematic diagram of the two applicator geometries that were simulated: (a) a
spherical applicator with radiusR0 = 200µm; (b) an infinite cylinder with radiusR0 = 800µm.
The computational domain was 20 cm in radius for both cases.

whereR (cm) is the radial distance from the centre of the applicator,R0 (cm) is the radius
of the spherical applicator,P0 (W cm−3) is the power radiating from the applicator source
andµeff (cm−1) is the effective attenuation coefficient of the tissue being modelled. The
effective attenuation coefficient for light is given by (Welch and van Gemert 1995)

µeff = [3µa(µa + µ′s)]1/2 (2)

whereµ′s (cm−1), the reduced scattering coefficient, is equal toµs(1− g) whereg is the
anisotropy coefficient. the SAR for an infinitely long cylindrical laser source is given by
(Welch and van Gemert 1995)

SAR∝ P0R
1/2
0 exp[−µeff(R − R0)]

R1/2
(R > R0) (3)

whereR0 is now the radius of the cylindrical applicator.
The SAR expressions for ultrasound and microwave sources are based on the

propagation of mechanical and electromagnetic waves. For both ultrasound and microwave
spherical sources, the SAR is given by (King and Smith 1981)

SAR∝ P0R
2
0 exp[−2µ(R − R0)]

R2
(R > R0) (4)

whereµ is the attenuation coefficient of the ultrasound or microwaves in the tissue. For an
infinite cylinder the ultrasound or microwave SAR applicator is (King and Smith 1981)

SAR∝ P0R0 exp[−2µ(R − R0)]

R
(R > R0). (5)

In contrast to ultrasound and microwave spherical sources where SAR∝ 1/R2, the
spherical laser source has an SAR∝ 1/R. The 1/R relationship for light is a result of
multiple scattering which results in a contribution to the fluence and SAR of light that
has been scattered back into the line of propagation. The differences in equations for the
cylindrical sources are explained by the same phenomenon.

Simulations were conducted for a 200µm radius spherical source and an 800µm
radius cylindrical source. These radii were chosen to demonstrate the relative importance
of geometry and tissue properties in determining the kinetics of heating. The 200µm radius
spherical source was expected to have a very rapid geometrical fall-off in energy, such that
the effect of tissue attenuation may be less important. The 800µm radius cylindrical
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applicators were expected to have a less rapid fall off with increasing radial distance due
to geometry. Therefore the tissue attenuation properties were expected to have greater
importance in determining the SAR patterns of these applicators.

The simulations modelled the use of 1 MHz ultrasound, 1 GHz microwaves and 810 nm
laser light. These frequencies and wavelengths are typical of those used in thermal therapy.
The SAR was calculated for the two geometries in each of the three tissues chosen: breast,
brain (white matter) and liver. The physical parameters used for each tissue are shown in
table 1.

Table 1. Tissue parameters used in simulating power deposition for ultrasound, microwave and
laser in breast, brain and liver.

Properties Breast Brain Liver

k (W cm−1 K−1) 0.004 992 0.005 031 0.005 283

c (J g−1 K−1) 3.554 3.601 3.601

ρ (g cm−3) 1.02∗ 1.043∗ 1.050∗
wb (g cm−3 s−1) 0.000 6996 0.010 295 0.018 735

1/µ (cm)
ultrasound 4.548 11.117 29.49

microwave 5.5111 1.3710 3.8312

laser (1/µeff) 0.4614 0.23313 0.2715

∗ ICRP (1975), ICRU (1989), Woodward and White (1986), Diem and Lentner (1970).
1 Cooper and Trezek (1972).
2 Bowman (1981).
3 Valvanoet al (1985).
5 Williams and Leggett (1989).
6 Beaneyet al (1984).
7 Bamber and Hill (1981).
8 Gosset al (1978).
9 Lyons and Parker (1988).
10 Fosteret al (1979).
11 Burdette (1982).
12 Schwan and Li (1953).
13 Rogganet al (1995).
14 Ertefai and Profio (1985).
15 Welch and van Gemert (1995).

The SAR (Q) was used as an input into the Pennes bioheat transfer equation (BHTE)
(Pennes 1948) which models heat transfer in tissue, to calculate temperatureT as a function
of time t and distanceR from the source in the tissue:

ρc∂T /∂t = k∇2T − cbwb(T − Ta)+Q (6)

whereρ is the density of the tissue (g cm−3), c is the specific heat capacity (J g−1 K−1),
k is the thermal conductivity (W cm−1 K−1) andwb is the blood perfusion (g cm−3 s−1).
k∇2T represents heat conduction, whilecbwb(T − Ta) is a heat sink term representing the
removal of heat by blood in the microvasculature. The perfusion termwb in equation (6)
was not a constant but varied to account for collapse of the microvasculature perfusion
during heating. The value ofwb at any location and time was calculated from an Arrhenius
damage integral:

�(r, t) =
∫ t=t

t=0
Afreq exp[−Ea/(RT (t))] dt (7)
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whereEa andAfreq, the activation energy and frequency factor respectively, were calculated
from changes in blood flow due to heating measured by Brownet al (1992). Those data
lead to anEa andAfreq for blood flow collapse of 6.67×105 (J mol−1) and 1.98×106 (s−1)

respectively.wb was then calculated continuously during the treatment as

wb(r, t) = winit(1− e−�) (8)

wherewinit is the baseline blood flow (taken from table 1) before treatment begins.
The presence of a temperature-dependent termwb in the Pennes bioheat equation

required a modified finite difference approach to solve the nonlinear form of the equation
(Croft and Lilley 1990). The temperature was first calculated assuming initial (for the
first time step) or previous (for all later time steps) values of the blood perfusion. This
initial temperature calculation was used to calculate a new value for blood perfusion. The
temperature was recalculated assuming the new blood flow value and compared with the
initial temperature calculation. If the difference between the two temperatures was within a
tolerance set at 0.1% of the initial calculated value, the updated temperature was stored as the
result for the time step. If the difference was larger than the tolerance, the temperature was
recalculated using the new blood flow values based on the second temperature calculation.
The process was repeated at each time step until the change in temperature was less than
0.1% of the previous temperature calculation. The numerical model utilized a radial step
size dr = 0.01 cm and a temporal step size dt = 0.037 s for all simulations.

Temperature profiles as a function of time at each location were used to calculate tissue
damage. This calculation, as with the blood flow damage, was also based on an Arrhenius
damage integral (equation (7)) where now e−� = c(t)/c(0), c(t) is the concentration
of native undamaged cells at timet , c(0) is the initial concentration at timet = 0.
Ea (5.06× 105 J mol−1) and Afreq (2.98× 108 s−1) were determined from families of
cell survival curves for BHK (baby hamster kidney) cells exposed to elevated temperatures
up to a maximum of 57◦C as a function of time (Borrelliet al 1990). Ea andAfreq are
the slope and intercept respectively of a plot of ln(1/D0) versus 1/T , whereD0 is the
slope of the exponential portion of the cell survival curves. It was assumed, in the absence
of available data at higher temperatures, that this Arrhenius relationship is valid over the
entire temperature range that was studied, 37◦C to 97◦C. This assumption is not accurate
in the 37◦C to 43◦C range, due to a ‘break point’ in the Arrhenius curve, normally seen at
approximately 43◦C (Hall 1994). This was not expected to have a significant effect on the
calculated thermal damage profile due to the very low expected damage below this ‘break
point’ for the short treatments modelled here.

The SAR was scaled in these calculations such that the BHTE would produce a final
temperature of 60◦C above ambient (equivalent to 97◦C at the applicator edge). This
temperature was chosen so that the simulated therapy avoided tissue vaporization. This
is an important consideration because vaporization can lead to unpredictable volumes of
thermal damage due to rapidly changing tissue properties.

3. Results

Figure 2 shows the calculated SAR profiles in breast (a, b) brain (white matter) (c, d) and
liver (e, f ) for the spherical and cylindrical sources respectively in each tissue. Several
features of these plots are of interest. First, the decline of SAR with distance is much more
rapid for the spherical source than for the cylindrical source for all energy sources and tissue
types. This is quantified in table 2 which gives the distances at which the SAR falls to
30% of its level at the applicator surface (unity in the normalized plots of figure 2). These
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(a) (b)

(c) (d)

(e) (f )

Figure 2. Normalized SAR profiles as a function of radial distance generated by the theoretical
model. Figures (a), (c) and (e) are for the spherical applicator with a radius of 200µm in
breast, brain and liver respectively. Figures (b), (d) and (f ) are infinite cylindrical applicators
with an applicator radius of 800µm in breast, brain and liver.

distances are relatively independent of tissue type even though the attenuation characteristics
of the tissues are quite different, particularly for 810 nm laser light. As expected, the laser
SAR falls off less rapidly with distance than for either microwaves or ultrasound. This is
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Table 2. Distance from the applicator surface (in mm) where the SAR is 30% of its maximum
value for both spherical and cylindrical geometry in breast, brain (white matter) and liver tissue.

Geometry Modality Breast Brain Liver

Spherical Ultrasound 0.18 0.18 0.18
Microwave 0.18 0.18 0.18
Laser 0.41 0.38 0.38

Cylindrical Ultrasound 1.7 1.8 1.8
Microwave 1.7 1.7 1.6
Laser 2.2 1.5 1.7

due to the 1/R factor in the laser SAR compared to the 1/R2 factor for ultrasound and
microwaves.

In the case of the cylindrical source which is both larger in diameter and more distributed
(it is an infinite line source), the attenuation properties play a more important role in
determining the SAR profile for the tissues studies. This is observed in figure 2 where
the SAR profiles vary to a much greater degree for the spherical source. However, the 30%
SAR distance is still similar for all energy sources in liver and brain and slightly greater
for the laser source in breast tissue. The cylindrical source SAR profiles illustrate the
competing roles of tissue attenuation properties and the geometrical factor in determining
the SAR. The laser SAR falls off least rapidly close to the applicator where the geometry
factor is most important, whereas it falls off most rapidly further from the applicator where
the tissue attenuation factor in the SAR equation becomes more important. This transition
occurs furthest from the applicator in breast tissue in which laser light attenuation is lowest.
The differences in attenuation between ultrasound and microwaves also result in larger
differences in SAR profiles for the cylindrical sources as compared with the spherical
sources.

Figure 3 shows the temperature profiles calculated when the SAR values for the
cylindrical source in figure 2 were used as an input to the BHTE equation including the
effects of changing blood flow during heating. The temperature profiles were calculated at
the end of 1 min (a, b) and 10 min treatment times (c, d) in breast and liver respectively
in each case. The temperature profiles for the 1 min treatments are similar in shape to
the SAR profiles because conduction and blood perfusion have had little time to affect
the increase in temperature. However, for 10 min treatments, the temperature profiles
become more dependent on conduction and perfusion. The ultrasound source produces
more deeply penetrating high temperatures than does the laser. This is primarily due the
greater importance of energy deposition far from the applicator for longer treatment times.
Ultrasound achieves the greatest penetration for the cylindrical applicator (figures 2(b) and
2(f )). Also of note is the observation that the laser produces a narrower temperature
distribution in liver than in breast because of the larger absorption of light in liver than in
breast.

Progression of the thermal damage boundary during the 10 min treatments including a
10 min cooling period (heating power turned off) are shown in figure 4 for (a) breast and
(b) liver. The lesion created in breast is larger than for liver for all energy sources due to
the lower perfusion in breast. The lower perfusion also results in the lesion continuing to
grow in breast after the power has been switched off, whereas the lesion remains constant
in size after the power is switched off in liver. Ultrasound produced the largest thermal
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(a) (b)

(c) (d)

Figure 3. Temperature versus radial distance profiles. All profiles assumed an infinite cylindrical
geometry and the temperature rise is with respect to 37◦C. Figures (a) and (c) were simulated
in breast tissue for 1 min and 10 min respectively. Figures (b) and (d) were simulated in liver
tissue for 1 min and 10 min respectively.

Table 3. Predicted thermal lesion radius in mm (� = 1, equivalent to 36.8% cell survival)
for an 800µm radius infinite cylindrical applicator and a 10 min treatment time followed by a
10 min cooling period.

Breast Brain (white matter) Liver

Ultrasound (1 MHz) 25.1 14.3 11.9
Microwave (1 GHz) 26.3 13.1 10.7
Laser (810 nm) 18.8 9.5 8.6

lesion in liver while microwaves produced the largest lesion in breast. The laser source
produced a significantly smaller lesion in both tissues. Table 3 shows the radial extent of
thermal damage (� = 1, equivalent to 36.8% cell survival) for breast, brain and liver after
the 10 min treatment and 10 min cooling periods.

The importance of including the effects of changing blood flow during treatment due
to vascular collapse is illustrated in figure 5. If constant flow is assumed and the same
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(a)

(b)

Figure 4. Progression of thermal damage boundary for the 10 min treatments in (a) breast
and (b) liver including a 10 min cooling period. Infinite cylindrical geometry sources were
simulated.

power applied to the applicator as in the dynamic flow case, a much lower temperature
increase is achieved during treatment. If the power is adjusted in the model to achieve the
same applicator surface temperature at the end of treatment then a temperature profile with
a different shape is predicted (single dashed curve in figure 5(a)). The thermal damage
calculation for these different models also produced different results. If constant flow is
assumed, a much smaller lesion is predicted than for dynamic flow conditions, at the same
power. If the power is adjusted to give the same final applicator surface temperature (this
requires a more than three-fold greater power for the dynamic blood flow case) a larger
lesion is predicted when constant flow is modelled.
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(a)

(b)

Figure 5. Effect of different blood perfusion models on temperature and cell damage. In
(a) dynamic blood flow requires one-third the input power required when using constant blood
flow to achieve the same final temperature of 60◦C above ambient (37◦C). (b) The resultant
damage when the dynamic and constant flow are used. With constant blood flow set to the same
input power as the dynamic perfusion, the thermal lesion produced is only one-third the radius
of that produced with dynamic blood flow.

4. Discussion

We have taken a simplified approach to comparing microwaves, ultrasound and laser light
as sources for thermal therapy in different tissue sites. Specifically, we have assumed that
the sources have idealized spherical or cylindrical geometries. The purpose of the paper
was to illustrate the competing effects of different tissue energy attenuation coefficients,
applicator geometry and blood flow on thermal therapy. We decided to restrict geometry
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to the idealized cases to achieve this goal. The results suggest that the choice of energy
source for interstitial thermal therapy depends on a number of variables including tissue
attenuation properties which depend on the target site, applicator geometry and perfusion.
In general, the decrease of energy with distance due to geometry is more important close
to the applicator while the fall-off due to attenuation becomes more important further from
the applicator. Consequently, laser light, which is highly scattered in tissue, falls off less
rapidly close to the applicator than either ultrasound or microwaves. However, further from
the applicator the light fluence falls off more rapidly than ultrasound or microwaves because
of the higher attenuation of laser light.

When the SAR profiles were used to calculate temperatures and thermal damage, the
perfusion was observed to be the most important variable in determining the depth of heating
and thermal damage. Also, for low-perfusion tissues such as breast, the thermal lesion radius
can increase by as much as 15% (equivalent to a 50% increase in volume) after the power
is switched off, while for high-perfusion tissues such as liver, the thermal damage volume
is not expected to increase after the power is switched off. For each particular tissue, the
energy source with the lowest attenuation coefficient produced the largest volume of thermal
damage: microwaves in breast and ultrasound in liver.

The importance of including the effects of changing blood flow due to thermal damage
is illustrated in figure 5. The power required to achieve the target temperature is lower and
the volume of thermal damage predicted is higher if the collapse of perfusion is modelled.
More sophisticated models that include the increase in flow due to moderate increases in
temperature followed by the vascular collapse that occurs at higher temperatures will be
important future developments.

The calculations presented include another important assumption; the attenuation and
absorption properties of the tissue are assumed to be constant throughout the treatment. We
recently reported that the ultrasound attenuation in liver, for example, increases significantly
as a function of increasing temperature and time (Gertneret al 1997). Light absorption
and scattering properties of tissues also change as tissue coagulates (Nauet al 1997).
The inclusion of attenuation coefficients that change with accumulated thermal damage is
expected to change the predicted damage radii. This is particularly important for laser light
where tissue scattering coefficients can change by factors of four or more when coagulation
occurs. Inclusion of all significant variables into a more sophisticated nonlinear model will
be more important for planning patient treatments.
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