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Chapter 1

Introduction

1.1 General introduction

Hyperthermia aims to elevate the temperature of malignant tissue to the range
of 40 to 44 oC. It is being applied as an adjuvant therapy to radiotherapy and
chemotherapy. The biological rationale was established by several investigations
in the eighties that demonstrated that heat leads to a sensitisation of tumours
to radiation and chemotherapeutic drugs (Dahl, 1988; Dewhirst et al., 1983). In
addition, it was shown that hyperthermia above 41-42 oC has a direct cell-killing
effect (Dewey, 1994). The beneficial effects of hyperthermia were confirmed by
several clinical trials (Overgaard et al., 1995; Vernon et al., 1996; Van der Zee
et al., 2000).

Deep-seated pelvic tumours such as prostatic and cervical tumours are treated
by radiofrequency (RF) waves in the frequency range of 70 to 150 MHz (Wust
et al., 1995). This type of hyperthermia is referred to as regional hyperthermia. In
regional hyperthermia the goal is to concentrate the heat deposition in the target,
while keeping the energy deposition in healthy tissue under control. A popular
applicator design with good performance in this respect is the annular phased
array antenna (Turner, 1984; Sullivan et al., 1992; Wust et al., 1996; Paulsen
et al., 1999). See Figure 1.1 for an example. It allows conformal heating patterns
by maximizing the constructive interference of the antenna electric fields with
amplitude and phase control. In this way target temperatures up to 43 oC can be
reached (Kroeze et al., 2001).

In the clinical practice a temperature goal of 43 oC is rarely achieved and realis-
tic temperatures vary mostly in the range of 40 to 41 oC (Hand et al., 1997). A
fundamental and major cause for this temperature underdosage is that in regional
hyperthermia arterial blood entering the heated volume is at a relatively low tem-
perature of 38 to 39 oC (Van Vulpen et al., 2003). This leads to the creation of
cold tracts in the target volume around non-thermally equilibrated discrete vessels

3



4 Chapter 1. Introduction

(Crezee and Lagendijk, 1992; Lagendijk et al., 1995). A further cause of tempera-
ture heterogeneity is the heterogeneous power absorption by the anatomy due to
the large contrast in dielectric tissue properties (Wust et al., 1999; Van de Kamer
et al., 2002a)

To gain insight into the complex electromagnetic and thermal processes that gov-
ern the temperature distribution in the target volume, hyperthermia treatment
planning has been developed (Lagendijk, 2000; Wust et al., 1996). The planning
comprises of electromagnetic and thermal modelling techniques which are used to
calculate the specific absorption rate (SAR) and temperature distribution (Van de
Kamer et al., 2001a). The planning determines in individual patient cases the set
of antenna amplitudes and phases that maximizes the thermal dose in the target
and minimizes toxicity (Kroeze et al., 2001). The most important difficulty of this
concept is that it assumes that a whole range of technical factors and clinical un-
certainties can be verified and controlled accurately during treatment. In practice
such an ideal control is nearly impossible to accomplish with the current limited
quality assurance techniques.

Another application of hyperthermia treatment planning is the electromagnetic
and thermal analysis of MR imaging. Due to technical challenges high field MR
imaging faces with respect to RF field inhomogeneities and RF safety, this matter
has become a lively research topic (Jin et al., 1996; Ibrahim et al., 2000a; Collins
et al., 2004). In development of novel excitation and detection techniques to over-
come these RF related problems electromagnetic and thermal modelling techniques
play a prominent role (Weiger et al., 2001; Katscher et al., 2004; Vaughan et al.,
2004; Van den Berg et al., 2006c).

This thesis addresses several electromagnetic and thermal aspects of regional hy-
perthermia and MR imaging. Extensive data acquistion techniques were developed
to investigate the temperature heterogeneity of the prostate during regional hy-
perthermia treatment. Furthermore, a unique technique able to visualize RF field
patterns in MR imaging was employed to validate hyperthermia treatment plan-
ning. To facilitate a successful application of hyperthermia treatment planning in
the clinical practice, a new type of hybrid MRI/hyperthermia applicator is pro-
posed which cannot only provide image feedback on the anatomy, physiology and
temperature during treatment, but also on the electromagnetic field within the
patient. Such a design will improve quality assurance to an extent that it becomes
possible to profit from the merits of hyperthermia treatment planning and maxi-
mize target temperatures with planning based optimizations. In the final chapter
hyperthermia treatment planning is applied to analyze RF field patterns for whole
body MR imaging at 3 Tesla. A method is presented which can reduce simultane-
ously RF field inhomogeneities and RF power deposition.
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Figure 1.1: An example of a regional hyperthermia applicator:
the single ring phased array Sigma 60 applicator from the
BSD Medical corporation.

1.2 Regional Hyperthermia Treatment Planning

In analogy to radiotherapy treatment planning, hyperthermia treatment planning
has been developed to design an optimal treatment plan on a patient specific ba-
sis (Sullivan, 1991; James and Sullivan, 1992b; Wust et al., 1995). In contrast
to radiotherapy, the anatomy has a profound impact on the power deposition in
hyperthermia. Even on a detailed scale the human anatomy is dielectrically het-
erogeneous which makes the study of the interaction of radiofrequency waves with
the human body a complex topic. It is therefore also difficult to define a generic
optimal treatment plan for the whole patient population. It requires an automatic
optimizer to search the optimization space for a balance between maximal tumour
heating on the one hand and the avoidance of excessive heating of healthy tissue
on the other hand. Several studies have demonstrated that in this way a conformal
heating pattern is feasible with a SAR focus of 10 to 15 cm (Wust et al., 1996;
Paulsen et al., 1999; Kroeze et al., 2001). See Figure 1.2(a) for an example of the
achievable conformality.

The hyperthermia treatment planning process consists of a number of consecutive
steps as is demonstrated in Figure 1.2(b). First of all, a dielectric patient model is
made of a patient on the basis of a pre-treatment CT or MR dataset (James and
Sullivan, 1992a; Hornsleth, 1996; Van de Kamer et al., 2001a). A numerical elec-
tromagnetic solver is then applied to calculate the electromagnetic field response
for each antenna. Several numerical computation techniques such as the Conju-
gate Gradient Fast Fourier Transform (GC-FFT), the Finite Elements (FE) and
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the Finite Difference Time Domain (FDTD) methods have been adopted for this
purpose (Zwamborn et al., 1992; Sullivan et al., 1987; Paulsen et al., 1993). Subse-
quently, an automatic optimizer varies the phases and amplitudes of the antennas
to find the optimal superposition of the separate antenna fields (Köhler et al.,
2001; Wiersma et al., 2002). In this process the so called specific absorption rate
(SAR), which describes the local rate at which energy is dissipated, plays a central
role. Eq.1.1 expresses its dependence on the antenna phases and amplitudes.

SAR(�r) =
σ

2ρ

∣∣∣∣∣∣
N∑

j=1

�E(�r)jVj

∣∣∣∣∣∣
2

(1.1)

Here, σ refers to the electric conductivity (S/m) and ρ equals the mass density
(kg/m3). The complex number Vj represents the amplitude and phase of the jth
antenna element and �E(�r)j denotes the electric field of the jth antenna element at
a certain position �r. The unit of SAR is Watts per kilogram.

Since the clinical outcome of hyperthermia is related to the achieved tempera-
ture, a final translation of SAR into temperature has to be made by application
of thermal modelling techniques (Oleson et al., 1993; Lagendijk, 2000). The com-
monly applied thermal model is the Pennes’ bio-heat or heatsink model (Pennes,
1948). In this model, the convectional cooling of blood is described by an energy
drainage term, a so called heatsink. This energy drainage is proportional to the
local volumetric blood perfusion and the difference between local tissue temper-
ature and the blood temperature. Although the Pennes’ model has proven to be
valuable and is relatively simple to apply, it fails to account for the local impact
of individual vessels. As an artery enters a heated volume carrying blood with a
lower temperature than the surrounding tissue, energy exchange will take place
and the blood temperature will increase during the passage. This thermal equili-
bration leads also to the creation of cold tracts around non-thermally equilibrated
vessels (Lagendijk, 2000). This process of equilibration continues until a thermal
equilibrium is reached between the blood vessel and the surrounding tissue. As
the blood traverses further downstream into the smaller arteries, the flow rate de-
creases resulting in an acceleration of the thermal equilibration. The largest part
of the equilibration of the arterial blood takes part in the vessels with a diameter
between 0.2 and 0.5 mm (Chen and Holmes, 1980; Crezee et al., 1993). This means
that arterial vessels such as the secondary arterial branches (0.6 mm diameter) are
not yet equilibriated when they reach the tumour and are a major cause of tem-
perature heterogeneity in hyperthermia (Van Leeuwen et al., 2000a; Crezee and
Lagendijk, 1992; Van den Berg et al., 2006b). To correctly model these effects, a
discrete vessel model has been developed which includes a geometrical description
of the vessel network (Kotte et al., 1999). This model has been experimentally
validated for bovine tongues and was found to correctly predict the temperature
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distribution (Raaymakers et al., 2000a). The generation of dielectric and thermal

(a) (b)

Figure 1.2: a:) Example of the achievable power concentration
with a three-ring annular phased array hyperthermia ap-
plicator for a pelvic tumour. b:) Schematic overview of all
the calculations steps of a hyperthermia treatment planning
procedure

models for hyperthermia treatment planning is hampered by several difficulties. A
high resolution dielectric patient model is required for accurate SAR modelling.
Especially for reliable calculation of SAR foci, a correct description of dielectric
boundaries and the inclusion of small anatomical features is important (Nadobny
et al., 1998; Van de Kamer et al., 2001d). In principle, a manual segmentation
method can yield an accurate delineation of boundaries, but delineations are in
general limited in detail due to the labour intensive nature of this procedure. The
automatic Hounsfield number based segmentation method shows a high detail but
is limited in the number of segmented tissues due to the absence of a relation
between Hounsfield units and dielectric properties. A study by Wust et al. (1999)
which compared a manual and automatic segmentation method to generate a di-
electric patient model found major differences in calculated SAR peaks. Thermal
modelling in hyperthermia treatment planning sets even higher standards to the
data acquisition. It requires very detailed information on thermal parameters such
as blood flow, vessel networks and preferably also on the physiological response
to heat (Van Leeuwen et al., 1999; Van Vulpen et al., 2002; Van den Berg et al.,
2006b). The development of sophisticated imaging techniques to acquire detailed
information on anatomy and physiology is therefore essential to apply hyperther-
mia treatment planning on a patient specific basis.
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1.3 Quality assurance in regional hyperthermia

The application of hyperthermia treatment planning in clinical practice requires
a high level of hardware control, i.e. the antenna array should be able to repro-
duce precisely the optimized phase and amplitude set that was obtained with the
planning. In practice, this is difficult to achieve as many hardware factors, e.g.
cross-coupling effects between antennas, can lead to phase and magnitude distur-
bances (Wust et al., 2001). In general therefore, simply setting the antenna phases
and amplitudes according to the planning prescription, will not lead to the de-
sired temperature pattern. In addition to these technical aspects more practical
issues such as difficulties with patient positioning and physiological changes during
the treatment, complicate the application of the hyperthermia planning in clinical
practice (Gellermann et al., 2000).

It is therefore of basic importance to monitor the treatment, i.e. the measurement
of some physical parameters which characterize the quality of the treatment. Var-
ious groups have acknowledged in this respect the capability of MR thermometry
to image temperature and have developed a hybrid hyperthermia/MRI system
(Carter et al., 1998; Kowalski et al., 2002; Gellermann et al., 2005a). In such a
hybrid system the RF hyperthermia applicator is placed as an inset into a stan-
dard 0.5 or 1.5 Tesla clinical MRI system. Since MRI and hyperthermia employ
different RF frequencies, both RF subsystems can be decoupled and function in-
dependently. With such a hybrid system three dimensional feedback about the
temperature distribution during treatment becomes possible. The proton reso-
nant frequency (PRF) method can measure temperature with a precision of 0.5
to 1 oC for in vivo subjects, depending on the suppression of erroneous influences
such as motion and susceptibility artefacts (Gellermann et al., 2005a; Denis de
Senneville et al., 2005). In addition to thermometry, online MR monitoring also
supplies information about treatment response such as blood flow and the pres-
ence of metabolites via spectroscopy (Vujaskovic et al., 2000). This has opened
new possibilities to study the physiological response of the human tissue to heat.

1.4 Quality assurance of radiofrequency fields with MRI

Although temperature is the ultimate measure for quality of treatment, it is not
suited to verify the antenna amplitude and phase settings. Temperature is only
indirectly related to SAR and has an inherently slow response to heat due to the
large specific heat capacity of most biological tissues. This makes online verification
based on temperature mapping a very time consuming and complex procedure
(Behnia and Webb, 2004). In this thesis an alternative method is proposed which
allows a direct measurement of the radiofrequency field in a human body. For this
purpose we made use of the similarities between regional hyperthermia and MR
imaging in the application of radiofrequency fields.
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In MR imaging a radiofrequency field is applied to tip the spin vectors of hydrogen
nuclei from their equilibrium position. This radiofrequency field is generated by
a so called MRI transmit coil whose operating frequency has been matched to
the Larmor frequency for effective excitation. Since the spins are precessing with
the Larmor frequency around the strong static magnetic field, they effectively
experience only an RF magnetic field component that is stationary in a reference
frame rotating with the Larmor frequency around the static magnetic field. This
RF magnetic field component is referred to as the B+

1 field and corresponds to
the positive circularly polarized component of the B1 transverse magnetic field
rotating in the same direction as the spin precession (Hoult, 2000).

Applying the B+
1 field for a finite time rotates the spin vectors over a finite angle,

the so called flip angle. Assuming all frequencies in the RF pulse to be on-resonance
and a rectangular RF pulse, the local flip angle can described by:

θ(r) = γB+
1 (r, t)τ (1.2)

where θ(r) is the local flip angle in radians, γ is gyromagnetic ratio, τ is the pulse
duration and B+

1 (r,t) is the local time dependent B+
1 .

Eq. 1.2 illustrates that the spatial modulation of the B+
1 (r,t) is entangled in the

local flip angle θ(r). Through this dependence the nuclear magnetic resonance
(NMR) response of a spin is also correlated with its local B+

1 field. In other words,
all spin vectors act as microscopic magnetic antennas whose B+

1 field amplitude
is encrypted in their NMR signal. This concept was elaborated further and has
resulted in a unique method to image the amplitude and phase of the B+

1 field in a
human anatomy (Barker et al., 1998; Van den Berg et al., 2004; Van de Moortele
et al., 2005).

The non-invasive nature of this method provides a very powerful and versatile
instrument to study the interaction of radiofrequency fields with human bodies
at millimetre resolution. Since there are strong similarities in terms of frequency
and field orientations between MRI and regional hyperthermia, the study of the ra-
diofrequency field in MRI is directly relevant for understanding RF field behaviour
in hyperthermia. In this thesis MR B+

1 imaging is applied to experimentally val-
idate our SAR modelling. B+

1 measurements on heterogeneous phantoms and a
human anatomy are compared with B+

1 simulations obtained with our hyperther-
mia SAR treatment planning system.

In this thesis this concept was taken even one step further. It was realized that
if MR B+

1 imaging can be applied in a regional hyperthermia treatment, it would
allow monitoring of the hyperthermia fields in the human body. A prerequisite
for such a scheme is however, that the hyperthermia and the spin excitation is
performed by the same antenna system, i.e. the antenna should function as MRI
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transmit coil and hyperthermia applicator. In this thesis a design for such a com-
mon antenna is proposed and investigated. A field strength of 3 Tesla would be
optimal since its Larmor frequency of 128 MHz falls in the optimal frequency
regime for regional hyperthermia (Paulsen et al., 1999; Kroeze et al., 2001). An
important additional advantage of this design is that any problems with the inter-
ference of two separate RF systems in the conventional MRI/hyperthermia system
are solved directly.

By using a common antenna for MR imaging and for hyperthermia, a pre-treatment
characterization of the electromagnetic field inside the patient becomes possible
by employing phase and amplitude B+

1 imaging. Such a scheme would allow a
pre-treatment calibration and correction of the mutual antenna phases and am-
plitudes to guarantee that the antennas transmit with the optimized phases and
amplitudes calculated with the hyperthermia treatment planning. For regular ver-
ification during the treatment, the common antenna can be switched electronically
from hyperthermia mode to MRI mode in several milliseconds to measure the B+

1

field, but also anatomy, physiology and temperature.

1.5 Optimizing radiofrequency fields in MR imaging

The investigations in this project towards verification of SAR modelling with MR
B+

1 imaging prompted research into the role of radiofrequency fields in MR imag-
ing. This led to an important spin-off of the research: the optimization of MR
transmit coils for imaging at high field strengths. In this section some background
knowledge is provided about the role of radiofrequency fields in MR imaging and
the particular difficulties that arise at high field strengths.

The goal in MR imaging is to transmit radiofrequency magnetic energy to hydro-
gen nuclei to trigger an NMR response. However, the NMR process consumes only
a little fraction of the total RF energy. The bulk of the radiofrequency energy is dis-
sipated through induced electric currents. The resulting SAR deposition is highly
undesirable in MR imaging since it leads to heating of patients which introduces
an RF safety aspect to MR imaging. Strict SAR regulations have been formulated
to deal with this safety issue (International Electrotechnical Commission, 2001).
RF safety is therefore a key issue in the design of radiofrequency transmit coils
for MRI systems. To obtain high quality images, a transmit coil has to generate
a very homogeneous B+

1 field to excite all nuclei evenly while the SAR deposition
in the patient should stay within safe limits.

The classical birdcage coil, first introduced by Hayes et al. (1985), is the most
widely applied body coil in MR imaging. It is designed as a passive resonant
ladder network consisting of parallel rungs connected by rings at both ends as
is demonstrated in Figures 1.3(a) and 1.3(b). The resonance of the coil is tuned
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(a) (b)

(c) (d)

Figure 1.3: a:) A view inside the bore of 1.5 Tesla MR scan-
ner without cover. The copper rungs are orientated parallel
to the bore axis. b:) An FDTD model of a loaded bird-
cage coil with a surrounding RF shield. c:) The quadrature
mode leads respectively to destructive and constructive in-
terference of the magnetic and electric field of two opposite
rungs. d:) Equal phase of opposite rungs would transform
the birdcage coil into a hyperthermia applicator.

by placing capacitors into the rings and/or rungs. Quadrature excitation of two
degenerate resonant modes generates a circularly polarized radiofrequency field,
which maximizes the magnetic field component in the rotating frame and produces
a relatively homogeneous B+

1 excitation field (Glover et al., 1985). In quadrature
excitation opposite rungs have a 180 degree phase difference. This results in a
favourable low SAR deposition and high B+

1 gain over the whole sample as long as
it is placed in the near-field. See Figure 1.3(c). Note that equal phase of opposite
rungs would result in constructive interference of the electric field in the center,
which would transform the coil into a hyperthermia applicator. See Figure 1.3(d).

This classical transmit coil concept becomes difficult to maintain at higher field
strengths (Ibrahim et al., 2005). As the Larmor frequency increases, the wave-
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length in the human body decreases. At 7 Tesla this results in a wavelength of
approximately 12 cm. As a result, phase changes due to wave behaviour in the hu-
man body will become significant and a near-field approximation is no longer valid
(Hoult, 2000). In fact, a more correct representation for the high field case would
be an incident electromagnetic wave interacting with the human body. Since the
human body is by far more dielectrically than magnetically heterogeneous, this
interaction will be mainly in the form of electric currents. These currents induce
their own reaction fields affecting both the electric and magnetic fields both in
phase and amplitude. Conventional quadrature settings then result in a strongly
non-uniform B+

1 field and high SAR deposition (Van den Berg et al., 2006c). It has
been demonstrated that SAR deposition increases quadratically with field strength
(Hoult and Phil, 2000; Van den Bergen et al., 2006b).

These concerns regarding high field MR imaging have promoted the use of compu-
tational electromagnetic and thermal modelling in analyzing radiofrequency safety
and radiofrequency induced artefacts in MR imaging (Jin et al., 1996; Hand et al.,
2000; Collins et al., 2004; Ibrahim et al., 2005). As such, hyperthermia treatment
planning has found a promising new field of application. Like in hyperthermia, it
has proven to be an effective and versatile instrument in developing new radiofre-
quency coils and excitation techniques to challenge the radiofrequency concerns
at high field strengths (Katscher et al., 2004; Vaughan et al., 2004; Van den Berg
et al., 2006c).

1.6 Outline of this thesis

At the start of the project described in this thesis, the research focus was on hy-
perthermia. The main initial challenge was the refinement of the data acquisition,
especially with respect to thermal parameters such as perfusion and vasculature.
The goal of the first two chapters of this thesis was to be able to compute realistic
temperature distributions for individual patients by acquisition of patient specific
information on vasculature and perfusion.

In chapter 2 a 3D dynamic contrast enhanced (DCE) multi slice CT technique
is developed and applied to five patients with T3 prostate carcinoma. The fea-
sibility of generating 3D maps of physiological parameters such as blood flow is
investigated. The trade-off between spatial resolution and accuracy of parame-
ter estimation is analyzed thoroughly. The diagnostic value of the technique with
respect to tumour localization is verified.

In chapter 3 it was investigated whether with modern imaging techniques sufficient
physiological and anatomical detail can be acquired to apply patient specific ther-
mal modelling to calculate accurate tumour temperatures for the regional hyper-
thermia treatment of the prostate. For this purpose CT angiography was applied
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to generate a discrete vessel model of the pelvis. Together with the quantitative
blood flow maps of the five patients from chapter 2, this was used to define patient
specific thermal models of the pelvis and prostate. The impact of the prostate
vasculature was separately investigated by constructing a discrete vessel model of
the prostate based on cryo-microtome slicing of a post-mortem prostate.

The second part of this thesis addressed another key issue: how to implement a
carefully pre-calculated treatment plan into practice? In other words, how can a
whole range of technical, clinical and physiological uncertainties be controlled in
such a way, that the implementation of the pre-optimized set of phases and am-
plitude really leads to the optimal treatment? Several attempts by the author to
verify a pre-calculated SAR treatment plan in the clinic with invasive and intra-
luminal thermometry failed in this respect. From these experiences it became clear
that without a means to visualize electromagnetic and temperature fields in three
dimensions, a planning based hyperthermia treatment remained a utopia (Sreeni-
vasa et al., 2003a; Gellermann et al., 2000; Carter et al., 1998; Gellermann et al.,
2005a). In chapters 4, 5 and 6 this idea was further developed by making use of the
similarities between hyperthermia and MRI with respect to radiofrequency fields.
An MRI-based method was developed for the verification of our hyperthermia
SAR treatment planning. It was also shown that the integration of a hyperther-
mia applicator and an MR transmit coil into a common antenna system, will allow
a unique electromagnetic characterization of the hyperthermia fields to ensure
that the antennas transmit with the proper pre-optimized amplitude and phase
modulation.

In chapters 4 and 5 B+
1 imaging is employed to put hyperthermia SAR treatment

planning to the experimental test. Since the characteristics of the RF systems for
MRI and hyperthermia are very similar, a comparison between measurements and
simulations of the B+

1 transmit field in MRI forms a valuable test case. In chap-
ter 4 the concept was first tested by performing B+

1 measurements and FDTD
simulations for a heterogeneous cylindrical split phantom. In chapter 5 this con-
cept was extended to a human body by performing B+

1 measurements and FDTD
simulations for the pelvis of a human corpse.

In chapter 6 a true hybrid MRI/hyperthermia design with one common RF antenna
system is proposed. Such a design fully exploits the radiofrequency similarities
between regional hyperthermia and MR imaging. It has the unique capability to
image the electromagnetic field in the patient, which can be used to verify whether
the antenna fields are consistent with the simulated fields from the hyperthermia
treatment planning. The hyperthermia performance of the design with respect to
SAR control of a centrally situated pelvic tumour was tested with FDTD simu-
lations. The MRI performance of the hybrid system, which had a water bolus for
effective power incoupling, was analyzed with respect to the B+

1 field homogeneity
and intrinsic signal-to-noise ratio.
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Inspired by the good match between B+
1 measurements and simulations for a

human anatomy, we applied in chapter 7 our hyperthermia treatment planning
platform to analyze problems with respect to B+

1 uniformity and SAR deposition
in high field MRI. It was believed that by designing an MRI transmit coil as an
ensemble of separate controllable antennas, as is used in an annular phased array
in hyperthermia, extensive SAR and B+

1 control is added to the coil. This concept
was investigated for several human antomies and aimed at finding a generic method
to reduce B+

1 non-uniformity and SAR deposition simultaneously.



Chapter 2

Feasibility and accuracy of 3D quantitative blood
flow mapping of the prostate using dynamic
contrast-enhanced multi-slice CT
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quantitative blood flow mapping of the prostate using dynamic contrast-enhanced
multi-slice CT Physics in Medicine and Biology

Abstract We have developed a 3D dynamic contrast-enhanced (DCE) multislice CT

protocol that covers the complete prostate. The DCE-CT data are subsequently anal-

ysed using the adiabatic approximation of the tissue homogeneity model resulting in five

3D quantitative maps of blood flow, mean transit time, extraction fraction, extracellu-

lar extravascular space and delay time. The purpose of this study was to establish the

feasibility of determining these parameters in the prostate with a spatial resolution as

high as ∼0.1 cc as well as a measurement precision. The precision of the parameter esti-

mation as a function of noise level is determined by a Monte Carlo based method that

simulates the effect of noise present in the data. We find that the precision depends on

the value of the flow and transit time, where a higher value is favourable. At a noise level

of 4 HU in combination with a peak enhancement in the iliac arteries of ∼300 HU the

95% confidence intervals are sufficiently small to discriminate whether a parameter value

is above or below a given threshold. We have collected and analysed the noise level in

the DCE-data of five patients. A noise level of 3.8 HU on average can be obtained by

averaging to a voxel volume of 4.5×4.5×5 mm3 = 0.1 cc. Analysis of the parameter maps

shows that it is feasible to detect both small and large lesions, as well as irregular shaped

lesions.
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2.1 Introduction

For the treatment of prostate cancer using radiotherapy it is common practice
to irradiate the complete prostate. With the advent of more precise irradiation
techniques such as intensity modulated radiotherapy (IMRT), there is a tendency
to escalate the dose. However, the maximum deliverable dose is limited by the
dose tolerance of the surrounding organs at risk. On the other hand, if the tumor
location in the prostate is known, it becomes possible to deliver a radiation boost
to the tumor without increasing the dose to the surrounding tissue (Pickett et al.,
1999). From pathology studies it is known that prostate cancer is characterized by
multiple and irregular shaped foci (Chen et al., 2000; Zelefski et al., 2004). At this
stage it is unclear if small tumor foci in the range of 0.1-1 cc must be boosted to
improve treatment outcome. However, we believe that a non-invasive method to
image these small lesions is of value.

Dynamic Contrast-Enhanced (DCE) CT or MR imaging is a frequently used tech-
nique for localizing the tumor (Tofts et al., 1999; Miles, 2002; Padhani, 2002; Lee
et al., 2003). The analysis of the data can be semi-quantitative, resulting in parame-
ters such as onset time, maximum peak enhancement and wash-out (Padhani et al.,
2002; Fuetterer et al., 2005) or quantitative using compartmental models which
contain the parameters Ktrans, kep and interstitial space ve (Tofts et al., 1999;
Padhani, 2002; Lee et al., 2003). The main advantage of quantitative modelling is
that the resulting parameters are more or less linked to the underlying tissue phys-
iology and contrast agent kinetics, which allows for inter- and intra-patient studies
as well as multiple center comparisons. Pathology studies have shown a correlation
between Ktrans and kep, and the tumor location in the prostate (Kiessling et al.,
2004; Schlemmer et al., 2004; Van Dorsten et al., 2004).

Recently, Henderson et al. (2003) and Buckley et al. (2004) analysed their DCE-
data using the adiabatic approximation of the five parameter tissue homogeneity
model (Johnson and Wilson, 1966; St Lawrence and Yee, 1998; Lee et al., 2003).
A requirement for using this model is that the time resolution of the dynamic scan
is higher than or comparable to the mean capillary transit time. This allows the
separate determination of blood flow and extraction fraction. The advantage of this
model is that the five parameters are more evidently related to vascular properties
(Henderson et al., 2003; Lee et al., 2003; Buckley et al., 2004). Malignant tissue
is identified in histopathology by an increased microvessel density which leads to
an increase of blood flow and blood volume. These vascular properties can be
assessed by the parameters blood flow and mean transit time, where the blood
volume is the product of these two. Angiogenesis during tumor growth will lead
to an increased permeability of the vessel walls which is related to the extraction
fraction parameter. The interstitial volume or extravascular extracellular space is
related to the cellular density and is expected to decrease inside lesions.

In a diagnostic setting, as well as for radiotherapy treatment planning the perfusion
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parameters will be used to identify if a voxel is suspected of containing tumor or
not. For this reason thresholds for flow and other parameters need to be found
that identify tumors with a certain sensitivity and specificity. To be able to use
this approach in clinical practice, the following issues need to be addressed. Since
the adiabatic tissue homogeneity model has one parameter more than the more
frequently used compartmental models, it is important to determine with what
precision the parameters can be calculated. Particularly, the influence of noise
inevitably present in the data on the precision of the parameter estimates needs to
be established. Since the noise can be reduced by averaging voxels, there will be
a trade-off between the precision and the spatial resolution. Both need to be high
enough for the model to have clinical value. Secondly, the reproducibility of the
DCE examination and the subsequent modelling needs to be studied. For a reliable
identification of small lesions it is crucial that they are detected consistently when
the exam and analysis are repeated. Thirdly, a pathology study must elucidate the
correlation between the model parameters and the vascular properties to establish
the physiological relevance of the model. This correlation can then be used to
define thresholds for the model parameters identifying malignant lesions with a
certain sensitivity and specificity. Moreover, by determining the correlation of the
calculated parameter maps with the underlying physiology, the accuracy of the
parameter mapping of the prostate can be established.

This paper focusses on the first issue by studying the feasibility of a 3D DCE-CT
exam that allows complete coverage of the prostate and determining the precision
of the parameter calculation. To calculate the confidence intervals of the parameter
estimates, we use a general Monte Carlo based method (Press et al., 1988). For
a given set of model parameters, this method calculates a model curve on which
noise is superimposed that mimics the noise present in the data. For a fixed noise
level, a thousand noise curves are generated, each with their own random noise
pattern. These noise curves are fitted by the model resulting in a distribution of
fit parameters which reveals with what accuracy the model parameters can be
recovered. Since this method requires only a set of model parameters as input, the
resulting confidence intervals are patient-independent. In principle, these Monte
Carlo calculations should be repeated for every new combination of fit parameters
found in the patient data. However, since this demands a lot of calculation time, we
choose to calculate the parameter accuracies for a large number of representative
parameter sets. The confidence intervals of intermediate parameter combinations
are determined by interpolation, resulting in a full coverage of the parameter space.

Using the confidence intervals it can be calculated whether a parameter value
is statistically significant above or below a threshold. We have performed the
confidence interval calculations for seven different noise levels to determine what
noise level still yields sufficiently small confidence intervals to discriminate between
high and low values of the parameters. Finally, a pathology study needs to establish
the sensitivity and specificity of the threshold.
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For a group of 5 patients DCE-CT data is collected to determine whether a suf-
ficient spatial resolution and parameter precision can be obtained. We choose CT
as imaging modality because a high time resolution (1.5 s) can easily be achieved.
Moreover, because of the linear relation between CT signal and contrast concen-
tration, no extra errors are introduced by determining the contrast concentration
which is needed for the modelling. A drawback of previous DCE-CT studies of the
prostate was that only a single slice could be examined. As a consequence, to study
the tumor, its location had to be known a priori (Harvey et al., 2001; Henderson
et al., 2003). We use a 40-slice CT scanner which allows for high spatial reso-
lution scanning of a three-dimensional volume, meaning that prior knowledge of
the tumor location is no longer required. Using the confidence intervals to analyze
the DCE-CT data of 5 patients, we show that identification of small, potentially
malignant regions is feasible.

2.2 Materials and Methods

2.2.1 Patients

We have included 5 consecutive patients in our study who all had biopsy proven
prostate cancer. Informed consent was obtained from all patients. The patients
had clinical T3 (one T2c) tumors, a mean gleason score of 6.2 (range 5 - 9), a
mean pre-treatment PSA of 23 ng/ml (range 9 - 40 ng/ml) and a mean age of
67 years (range of 58 - 76). The location of the tumor was determined to be on
the left or right side of the prostate or on both sides by biopsies, rectal digital
examination, and transrectal ultrasound imaging. All patients were scheduled for
external radiation therapy, prior to which they received the DCE-CT exam. The
patients had not received any hormonal treatment.

2.2.2 DCE-CT imaging and analysis

The DCE-CT exam was performed on a 40 slice CT scanner (Philips, MX 8000
IDT, 120 kV, 200 mAs). The reconstruction filter used was a moderately smoothing
filter (filter B). For purposes of signal-to-noise and data handling, the 40 slices were
reconstructed to 8 slices of 5 mm resulting in a voxel size of 0.5×0.5×5 mm. The
dynamic scan consisted of 60 repetitions every 1.5 s followed by 20 repetitions
every 10 s yielding a total scan time of ∼5 minutes. The dynamic scan was started
10 s after the injection of 50 ml (rate 5 ml/s) iodine contrast agent (Schering
Ultravist 300) and a saline flush (40 ml, 5 ml/s). To cover the entire prostate
including the seminal vesicles, two dynamic scans were performed subsequently:
the first scan covering the base and the seminal vesicles and the second scan
covering the apex and was started 10 minutes after the beginning of the first scan.
An overlap of 10 mm was planned between the first and the second scan, resulting
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in a total measurement range of 70 mm in cranial-caudal direction. To ensure
that the contrast material left from the first dynamic scan does not influence the
second dynamic scan, we have determined the average CT signal of the prostate
in the overlap region at t = 0 s and t = 300 s of scan 1 and 2. By comparing these
values we have determined the washout between t = 0 s of scan 2 and t = 300 s
of scan 1 and the influence of residual contrast of the first injection on the signal
enhancement of scan 2.

The effective biological dose of our CT protocol was calculated with the imPACT
CT patient dosimetry calculator (version 0.99v) and was found 85 mSv. The aver-
age local dose CTDI W was estimated 1.0 Gy. During the radiotherapy the patients
receive a total of 76 Gy in 35 fractions. While biological equivalent dose considers
stochastic effects due to the exposure to irradiation, this approach is not valid for
therapeutic dose ranges. Here, the deterministic effects of irradiation in terms of
cell kill must be considered. The added dose of the CT study falls well within the
variation tolerated in the radiotherapy treatment (95 to 107% of the prescribed
dose).

The DCE-CT exam yields the contrast enhancement as a function of time for
every voxel in every slice. We analyze the enhancement data using the adiabatic
approximation of the tissue homogeneity model introduced by Johnson and Wil-
son (Johnson and Wilson, 1966; St Lawrence and Yee, 1998) resulting in quantita-
tive values of the model parameters blood flow, transit time, extraction fraction,
extravascular extracellular volume and delay time. A requirement for using this
model is that the temporal resolution of the DCE-CT exam is comparable with or
better than the mean transit time. The study of Henderson et al. (2003) showed
that this demand is met in the prostate as will be confirmed in our study (see sec-
tion 2.3.4). The model describes the contrast enhancement of a voxel as a function
of time Ct(t) (mmol/100g) by a convolution of the arterial input function Ca(t)
(mmol/ml) with an impulse residue function R(t) (St Lawrence and Yee, 1998;
Lee et al., 2003):

Ct(t) = F · Ca(t + t0) ⊗ R(t), where

R(t) =

{
1 for 0 ≤ t < TC

E exp
(

−EF (t−TC)
ve

)
for t ≥ TC

(2.1)

In this equation F (ml/100g min) is the blood flow, TC (s) is the mean capillary
transit time, t0 (s) is the delay time between the onset of the input function and
the contrast enhancement in the voxel, E is the extraction fraction, which is the
fraction of contrast agent that diffuses from the vascular space into the interstitial
space during a single passage of the blood, and ve (ml/100g) is the volume of the
extravascular, extracellular space.

The model requires an arterial input function Ca(t) which is determined from the
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iliac arteries. We delineate two regions of interest (ROI) generously encompassing
the iliac arteries on each slice. We determine for every voxel inside the ROI the
time of enhancement as follows. First we subtract the background from the CT
signal curve, which is the median CT value of the first five time steps. The time
of enhancement is determined as the first of three subsequent time steps for which
the enhancement is more than 100 HU. Those voxels are selected that show the
earliest enhancement or show enhancement on the two subsequent timesteps. From
this selection, the 75 voxels with the highest peak enhancement are averaged to
yield an input function. From the input functions of all slices the one having the
highest peak enhancement is selected. After multiplication with a factor (1 - rHct)
= 1.2 (Henderson et al., 2003) to correct for the difference in large and small vessel
hematocrit, this input function is used as the arterial input function for the model
calculations.

We have written a C++ computer program that fits the model to the contrast
enhancement curve using the CFSQP package (Reemtsen and Ruckmann, 1981).
The objective function that is minimized is given by χ2 = 1

N

∑
ti

(
D(ti)−M(ti)

)2,
where N is the number of time steps ti, D(t) is the data curve and M(t) is the
fitted model curve. To obtain a stable fitting independent of the initial parameter
values, TC is set as a fixed parameter while the other four parameters are left to
be optimized by the computer program (Henderson et al., 2000; Buckley et al.,
2004). During the fitting the parameters are restricted to the following values: F :
2 - 150, t0: 0.01 - 5; E: 0-1, ve: 0-100. This fitting procedure is repeated fifty times
where the value of TC is increased in small steps from 6 to 70 s. From these fifty
fits, the fit parameters of the fit yielding the lowest χ2 are taken to be the optimal
fit parameters of the data curve.

2.2.3 Determination of the confidence intervals

When using χ2 minimization for calculating the best fit parameters, the most
rigorous method to determine the accuracy of the fit parameters for a measured
enhancement curve is to calculate the reduced Δχ2 = χ2 − χ2

fit as a function of
the model parameters (Press et al., 1988). The 68% confidence intervals of the
parameters are then given by the range for each parameter where the reduced
Δχ2 < 1. However, this method is impractical, since in principle it is specific for
one enhancement curve and its noise pattern, meaning that this calculation needs
to be repeated for every single voxel of every data set. Therefore, we have used
the more general Monte Carlo based method, which is applicable to determine the
accuracy of parameters obtained by any fitting algorithm (Press et al., 1988).

In this method, a noiseless enhancement curve is generated using equation (2.1)
in which a set of model parameters and a hypothetical input function is inserted.
On the enhancement curve we superimpose noise that is randomly sampled from
a gaussian distribution with a given standard deviation resulting in a simulated
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data curve. Thereby it is assummed that random noise is the main source of error
in the fit parameter calculation.

For a fixed standard deviation or noise level, we simulate 1000 data curves which
are fitted by the computer program yielding a distribution of fit parameters. From
this distribution the 95% confidence intervals are determined.

This procedure is performed for a noise level of 1, 2, 3, 4, 5, 6 and 7 HU combined
with representative model parameters values: 420 flow-TC combinations (30 flow
values in the range 5-150 ml/100g min and 14 TC values in the range 6-70 s) and
the other parameters are varied as follows: E 0.1 - 0.5 - 0.9, t0 0.01 - 1 - 5 s and
ve 0.1 - 0.5 - 0.9 ml/100g. These calculations result in a large look-up table that is
patient-independent and is used to determine the confidence intervals in each voxel
of the DCE-CT exams. For combinations of intermediate fit parameter values, we
interpolate the confidence intervals from the table, leading to a full coverage of
the parameter space.

2.2.4 Calculation and analysis of the parameter maps

We determine the level of noise present in the DCE-CT data by calculating the
standard deviation of the CT-signal-versus-time curve of a voxel in a muscle, which
shows virtually no enhancement. The relation between voxel size and noise level is
determined by analyzing CT-signal versus time curves of the voxel averaged over
an increasing number of its nearest neighbors. We have calculated this relation for
at least two voxels in the ten DCE-exams we performed, i.e. 5 patients times 2
DCE-exams each. To enable comparison of the noise level found in our data with
the noise level found using a different DCE-CT protocol or using MR as imaging
modality, we calculate the average ratio of the peak value of the input bolus and
the noise level.

By comparing this analysis to the confidence intervals as a function of the noise
level we determine the optimum between the accuracy with which the parameters
are calculated and the spatial resolution. To reliably detect lesions down to ∼0.1 cc,
we require to achieve a voxel size of 0.1 cc or smaller and confidence intervals that
allow for discrimination whether a parameter value is above or below a certain
threshold. According to this optimum the voxels of the DCE-CT data are averaged
and subsequently each block of voxels is analysed. First, the baseline value which
is taken to be the median CT value of the first five time steps is subtracted from
the enhancement curve. This background corrected curve is subsequently fitted
using the computer program resulting in 5 three-dimensional parameter maps for
each DCE-CT scan.

We analyze the parameter maps to identify suspicious voxels defined by having an
elevated flow. Several studies show that an elevated flow correlates with increased
microvessel density as a result of angiogenesis which is an indication of the presence
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of tumour (Miles, 1999, 2002; Henderson et al., 2003; Lee et al., 2003; Buckley et al.,
2004). For each voxel the χ2 of the fit is evaluated, the square root of which is
taken as a measure of the level of noise present in the data curve. The confidence
intervals are determined from the look-up table according to the parameter values
combined with the noise level. A voxel shows significantly elevated flow when the
lower bound of the 95% confidence interval is higher than a flow threshold. To
prevent the appearance of spikes in the masks only regions consisting of more
than two voxels are recorded. The locations of these regions are scored as at the
left or right side of the prostate or both which is compared to the clinically known
locations.

2.3 Results

2.3.1 Determination of the confidence intervals

Figure 2.1 shows the transit time versus flow distribution of a simulation for one set
of model parameters: flow = 30 ml/100g min; TC = 35 s, E = 0.5, ve = 50 ml/100g,
and t0 = 1 s. Every graph consists of 1000 symbols, each of which represent the
values of the transit time and flow found in one run of the simulations. It can
be clearly seen that for increasing noise level (see Figure 2.1(a), (b) and (c) for
2, 4 and 6 HU) the distribution of flow and transit time increases, as is to be
expected. For a noise amplitude of 0 HU the distribution condenses to the input
model parameter values. The confidence interval for the flow increases from 5 to
9 and 27 ml/100 min for a noise level of 2, 4 and 6 HU respectively, for TC the
extent increases from 9 to 20 and 34 s.

0 50 100 150

Flow (ml/100g min)

0

10

20

30

40

50

60

70

T
c
 (

s
)

Noise = 2 HU Noise = 4 HU Noise = 6 HU

(a) (b) (c)

0 50 100 150

Flow (ml/100g min)
0 50 100 150

Flow (ml/100g min)

Figure 2.1: Transit time versus flow plots for the model parame-
ters: flow = 30 ml/100g min, TC = 35 s, E = 0.5, t0 = 1 s,
ve = 50 ml/100g for a noise level of (a) 2 HU, (b) 4 HU and
(c) 6 HU. Every symbol represents a combination of transit
time and flow found in one run of the simulation resulting
in thousand symbols per plot.

The shape of the distribution depends on the model parameter values as is shown
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in figure 2.2 for a noise level of 4 HU. For low flow values (see figure 2.2(a) and
(d)), the flow is well determined, while the transit time is poorly determined. For
increasing transit time values the flow becomes more accurately determined, while
there is no difference for the transit time (compare figure 2.2(a), (b), (c) with
(d), (e), (f), respectively.) For increasing flow values (see figure 2.2 (a) through
(c) and (d) through (f)), the flow becomes determined less accurately, while the
transit time becomes more accurately determined. These tendencies are reflected
by the 95% confidence intervals (see table 2.1) that we have determined from these
distributions.
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Figure 2.2: Transit time versus flow plots for a noise level of 4 HU
and model parameters: E = 0.5, t0 = 1 s, ve = 50 ml/100g
and (a) flow = 15, TC = 15, (b) flow = 30, TC = 15, (c) flow
= 50, TC = 15, (d) flow = 15, TC = 55, (e) flow = 30, TC

= 55 and (f) flow = 50, TC = 55 (flow in ml/100g min and
TC in s). Every symbol represents a combination of transit
time and flow found in one run of the simulations, resulting
in thousand symbols per plot.

If possible, we would have wanted to calculate the distribution of fit parameters
that could have been found in a voxel with unknown underlying ’true’ parameters.
The simulation method assumes that these two distributions are very much alike
(Press et al., 1988). As a check of this assumption we have calculated the inversion
of the simulated fit flow-TC distributions as follows. For a given set of simulated
fit parameters we scored its prevelance in the distributions of all combinations of
model parameters. This results in a distribution that shows for the set of simulated
fit parameters from what model parameters it could have originated. We find that
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Table 2.1: 95% confidence intervals for different combinations of
flow and transit time for a noise level of 4 HU (flow in
ml/100g min and TC in s).

Flow 15 30 50
TC Flow TC Flow TC Flow TC

15 9-35 6-67 22-59 6-33 42-85 6-20
35 12-31 7-58 27-36 24-44 47-55 30-40
55 13-26 9-69 28-33 40-63 48-53 50-60

Table 2.2: Summary of the 95% confidence intervals of the pa-
rameters E, ve and t0 and their dependency on flow and,
for E and t0, transit time for a noise level of 4 HU (flow in
ml/100g min; TC in s, E is a fraction, ve in ml/100g, and t0
in s). The confidence intervals are given by the parameter
value ± the value in the table.

E ve t0

F ≥ 15 & TC ≥15 ±0.3 F ≥ 20 ±35 F ≥ 35 & TC ≥ 30 ±2.0
F ≥ 20 & TC ≥ 10 ±0.3 F ≥ 30 ±30 F ≥ 45 & TC ≥ 6 ±1.5

F ≥ 45 ±15

the confidence intervals calculated from these distributions are very similar to the
initial calculated confidence intervals, which confirms that the assumption holds.

The influence of the values of the parameters ve and t0 on the accuracy of the
calculation of the flow and transit time is found to be marginal. For E ≤ 0.5
we find that the parameter value E has a negligible influence on the accuracy
of the flow and transit time estimation, while for E > 0.5 the accuracy of the
TC estimation can be decreased up to a factor of two. For the accuracy of the
calculation of the parameters E and t0, the combination of flow and transit time
value are determinant, where a higher flow and transit time yield a higher accuracy.
The accuracy of the ve estimation is only dependent on the value of the flow.
Table 2.2 gives a summary of the confidence intervals of these model parameters
and their dependency on flow and transit time.

Table 2.3 shows that the confidence intervals of adjacent flow and TC values do
not vary rapidly. Therefore, the confidence intervals for a combination of interme-
diate parameter values may be interpolated to achieve a complete coverage of the
parameter space.

Based on the noise simulations as a function of noise level, we conclude that a
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Table 2.3: Flow and TC confidence intervals of adjacent flow and
TC values for a noise level of 4 HU showing a slow variation
(flow in ml/100g min and TC in s.)

Flow 15 17.5 20 22.5 25
TC F TC F TC F TC F TC F TC

20 10-34 6-62 12-38 6-50 15-42 6-44 17-45 6-40 19-47 7-39
25 11-31 6-56 13-35 6-48 16-37 7-45 18-37 9-43 20-37 10-39
30 12-31 7-56 14-33 7-50 16-32 10-45 19-33 10-43 21-34 14-41
35 12-31 7-58 15-31 7-53 17-30 11-49 19-30 15-48 22-31 20-45

noise level of 4 HU on average leads to an parameter estimation accuracy that
allows for discrimination of parameter values above or below a threshold.

2.3.2 DCE-CT imaging

Figure 2.3(a) is an anatomy CT image in which the prostate and two regions of
interest around the iliac arteries are delineated. Figure 2.3(b), (c) and (d) are
images from the same slice during the dynamic scan showing (b) no contrast at t
= 0 s, (c) enhancement of the iliac arteries at t = 10 s, (d) start of enhancement on
the left posterior part of the prostate and (e) enhancement of the whole prostate at
t = 90 s. The solid symbols in figure 2.4 show the noise level of the data averaged
over 10 DCE-CT scans as a function of the square root of the number of voxels. The
solid line is a fit using the theoretical relation: NoiseLevel = A/

√
#voxels. The

theoretical single voxel noise level A was found to be 33. The graph shows that an
average noise level of 3.8 HU can be obtained by averaging over 9×9 voxels, which
results in a voxel size of 4.5×4.5×5 mm3 ∼ 0.1 cc. As shown in section 2.3.1 a noise
level of 4 HU yields sufficiently small confidence intervals to be of practical use.
Therefore we conclude that it is feasible to achieve this accuracy at a sufficiently
high spatial resolution to allow detection of lesions as small as ∼0.1 cc. The mean
peak value of the input function is found to be 297±27 HU. Averaged over ten
DCE-CT scans, the ratio of the peak value to noise level is 75 when averaging over
9×9 voxels.

The average decrease in CT signal between t = 300 s of scan 1 and t = 0 s of
scan 2 is found to be Δ HU = 0 ± 7 HU , showing that there is no significant
washout between these two scans. It is to be expected that the washout of residual
contrast material is negligible during the second scan and can be considered as a
constant background signal. The average CT enhancement of t =300 with respect
to t = 0 s of scan 1 and scan 2 is found to be ΔHU = 13 ± 5HU and 12 ± 3HU ,
respectively. It may therefore be be concluded that the contrast material left at
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Figure 2.3: (a) CT image in which the prostate (black delineation)
and two regions of interest generousely around the iliac ar-
teries (white delineation) are delineated. Images from the
dynamic scan at (b) t = 0 s; (c) t = 10 s; (d) t = 25 s; (e)
t = 90 s, showing the enhancement of the arteries (c) and
the prostate (d) and (e). The scale is black-white (or in color
blue-red) = 0-90 HU. (f) The input function as determined
from the right iliac artery. Typical contrast enhancement
curves (symbol-lines ) for a (g) high and (h) low enhancing
voxel (averaged over a region of 9×9 voxels). The dashed
lines are the best model fits.
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Figure 2.4: Noise level as a function of the square root of the
number of voxels on a double log scale. Each symbol is an
average over ten DCE-CT scans. The solid line is a fit using
the theoretical relation NoiseLevel = A/

√
#voxels, where

A = 33.
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the start of the second scan has a negligible influence on the results of the second
scan.

Figure 2.3(e) shows the input function as determined from the right iliac artery
(of a different slice than shown in figure 2.3(a)) which is used for the parameter
maps calculation for this dynamic scan of this patient. The symbol-line curves
show typical contrast enhancement curves averaged over 9×9 voxels for a high (g)
and low (h) enhancing voxel. The enhancement is typically in the order of 0-40
HU at a background of 50-90 HU, which is subtracted in the curves shown here.
The dashed lines in figure 2.3(f) and (g) show the best fit.

2.3.3 DCE-data analysis

The DCE data are first scaled down to a voxel size 1.5×1.5×5 mm3 and subse-
quently a moving window averaging is applied of 3×3 voxels, resulting in a nominal
averaging of 9×9 voxels. We choose to perform the averaging in two steps where
we use a moving averaging window in the second step to circumvent large partial
volume effects. Figure 2.5(a), (b), (c) and (d) show in the blood flow map of the
prostate of the same patient shown in figure 2.3 for 4 subsequent slices ((a) to (d):
caudal to cranial). Clearly distinguishable is a hot spot in the blood flow extending
over several slices.
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Figure 2.5: Four subsequent slices caudal to cranial (a) to (d) of
quantitative blood flow maps of the same patient shown in
figure 2.3 (flow in ml/100g min). A flow hot spot extending
over several slices can be observed. Quantitative maps of
the slice shown in (b) for the other parameters: (e) TC (s);
(f) E (fraction) (g) ve (ml/100g); (h) t0 (s). In all maps, the
voxel size is 1.5×1.5×5 mm3.

For the slice in figure 2.5(b), the other parameter maps are shown: (e) TC , (f) E,
(g) ve, and (h) t0. In each map a homogeneous region corresponding to the flow



28 Chapter 2. 3D quantitative blood flow mapping of the prostate

hot spot can be observed. This shows that in this region the parameter values
are more accurately determined. For TC and t0 we find lower values, which was
also observed in the other patients. For E we also find lower values, however this
was not observed in all patients. Our data show that because of the noise on the
data the heterogeneity observed in regions corresponding to low flow values, is not
necessarily due to underlying physiological heterogeneity.

Figure 2.6(a) to (d) shows images from the dynamic scan of the other four patients.
For each slice the corresponding flow map is shown in figure 2.6(e) to (h), revealing
flow hot spots on both sides of the prostate as indicated by the white arrows.

Patient 5Patient 4Patient 2
t = 56 (d)t = 21 (c)t = 42 (a) t = 27 (b)

Patient 3

30

0

(h) Flow(g) Flow(e) Flow (f) Flow
25

0

40

0

25

0

Figure 2.6: (a) to (d) Images from the dynamic scan and (e) to
(h) flow maps of the corresponding slice of patient 2 to 5.
For all four patients, the flow maps show flow hot spots at
both sides of the prostate indicated by the white arrows.
The voxel size in the dynamic scan images is 0.5×0.5×5
mm3 and in the flow maps 1.5×1.5×5 mm3.

2.3.4 Analysis of the parameter maps

In the parameter maps we identify voxels as potentially malignant when the flow is
significantly above a flow threshold. Based on normal prostate flow values and the
accompanying standard deviations found in the literature (Inaba, 1992; Harvey
et al., 2001; Van Vulpen et al., 2002; Henderson et al., 2003; Buckley et al., 2004),
we choose the flow threshold to be the average prostate flow plus the average of
the standard deviations resulting in Fthreshold = 20 ml/100g min. For the slices
shown in figure 2.5(a) through (d) the white voxels in figure 2.7 show the malignant
regions. The grey voxels are not found to be significantly elevated, the black voxels
are not included in the analysis. It can be observed that both small and large areas
can be identified as well as irregularly shaped regions.
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Table 2.4: The average value and the range of the five parameters
as they are determined from the mean values of the malig-
nant regions and the normal regions within the prostate of
the five patients.

parameter F (ml/100g min) TC (s) E ve (ml/100g) t0 (s)

mean (range) mean (range) mean (range) mean (range) mean (range)

malignant 38 25 0.62 49 1.2
(29 - 45) (18 - 39) (0.47 - 0.74) (38 - 84) (0.8 - 1.6)

normal 13 46 0.68 64 2.8
(10 - 17) (42 - 52) (0.48 - 0.78) (55 - 76) (2.6 - 3.4)

The location of the main lesions found in the DCE-CT analysis agrees for all
patients with the location found using standard diagnostic tools: four patients
have lesions on both left and right side, one patient only on the left side (being
the patient shown in figures 2.3, 2.5, 2.7). Although a rather crude comparison it
suggests that this method is suitable for the detection of lesions.

Table 2.4 shows for each parameter the mean and the range of the five patients for
all malignant voxels and for all normal voxels within the prostate. The numbers
reflect the trends observed in figure 2.5.

2.4 Discussion

Using DCE-CT combined with five parameter tracer kinetics modelling, we are able
to calculate 3D quantitative parameter maps of the complete prostate. Having full
coverage of the prostate in our DCE-CT protocol, prior knowledge of the tumor
location or even whether a tumor is present is no longer required. The advantage

(a) (b) (c) (d)

Figure 2.7: (a) to (d) mask determined by the analysis of the
parameter maps in figure 2.3 (a) to (d) respectively. White
voxels have a significantly elevated flow (threshold = 20
ml/100g min), grey voxels show no significantly elevated
flow and black voxels are not included in the analysis.
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of using CT instead of MR as imaging modality for a DCE exam is that the
quantitative analysis greatly facilitated, because of the linear relation between the
CT signal and the contrast concentration.

In this paper we designate the noise level in terms of a number of HU, because
the noise level is more or less constant throughout the prostate irrespective of
the signal enhancement. With a more general measure for the noise level, the
confidence intervals calculated in this paper would be independent of a specific
DCE-CT protocol or the imaging modality. This would make them also applicable
in an DCE-MRI exam. To obtain a more general measure for the noise level,
it can be related to the peak value of the input function to obtain a signal-to-
noise ratio. The maximum signal of the enhancement curves in the prostate are
not suitable for this, since the enhancement varies depending on the underlying
perfusion properties.

The parameter confidence intervals are found to be dependent on the combina-
tion of fit parameters. Therefore we have calculated the confidence intervals for
498 representative parameter combinations and seven noise levels from which the
accuracy for any combination of parameters values can be determined by straight-
forward interpolation. The confidence intervals of a set of parameters found in
a voxel are determined from the look-up table by combination of the noise level
represented by the square root of χ2 found in that voxel and the parameter val-
ues themselves. The confidence intervals will in general vary from voxel to voxel.
However, this method of determining the confidence intervals per voxel makes it
possible to locally adjust the spatial resolution by averaging over more voxels to
improve the accuracy whenever it is found to be too low. This may, for example,
result in high flow regions that are sampled with a higher spatial resolution than
low flow regions.

Despite the dependency on the fit parameter values, some general remarks about
the parameter accuracy can be made. For a noise level of 4 HU, the flow can
be determined with a good accuracy in all cases, whereby a higher transit time
increases the accuracy. In general, a higher flow leads to a higher accuracy of all
five parameters. This is to be expected since an increased flow value relates to a
higher enhancement curve and thus a higher signal-to-noise ratio which allows a
more accurate determination of the parameters. The parameters, E, ve and t0,
have a marginal influence on the accuracy of flow and transit time, except for E >
0.5 in which case the transit time accuracy decreases up to a factor of two. The
accuracy of the parameters E and t0 improves not only for higher flow values but
also for higher transit time values. Since the elevated flow areas are of most interest
because of their correlation to malignancy, these parameters can be of value in the
characterization of the lesion (Henderson et al., 2003). The confidence intervals
of the delay time seem large, but considering that the temporal resolution of the
exam is 1.5 s, a much smaller confidence interval is not to be expected.
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The values for the blood flow found for the lesions as well as the normal prostate
regions correspond well with values found in previous studies using similar or
different methods. Using DCE-CT, Henderson et al. (2003) found a blood flow
of 18 ± 5 ml/100g min for normal prostate tissue and 37 ± 12 ml/100g min for
tumorous tissue. Harvey et al. (2001) found a mean blood flow of the complete
prostate of 12±7ml/100g ml also using DCE-CT. The study of Buckley et al. (2004)
using DCE-MR yields a blood flow of 57 ml/100g min for malignant tissue and 18
ml/100g min for normal tissue. A PET study of Inaba (1992) finds a blood flow
of the normal prostate of 15.7± 7.5 ml/100g min. Using hyperthermia techniques
Van Vulpen et al. (2002) find that the blood flow of the complete prostate is 10±8
ml/100g min. The values of the model parameters TC , E and ve found in our study
agree well with values reported in the study of Henderson et al. (2003).

The goal of our study was to establish the feasibility of the 3D DCE-CT exam and
to determine the accuracy of the data analysis using the adiabatic approximation
of the tissue homogeneity model. To ensure complete coverage of the prostate in-
cluding the seminal vesicles, two dynamic scans are necessary. However, if coverage
of the seminal vesicles is not necessary, we find that a single dynamic scan having
a cranial-caudal coverage of 40 mm is sufficient to cover most of the prostate if not
all, provided that the caudal side of the scan is carefully planned at the apex. It is
known that movements of the prostate occur although not frequently (Nederveen
et al., 2002). From our dynamic scans we find that if motion occurs it is smaller
than 3 mm which is in the order of the voxel size in the parameter maps. Therefore,
this infrequent prostate motion does not pose a problem in the data analysis and
correction is not necessary.

The noise simulations show that a noise level of 4 HU yields confidence intervals
that are small enough to allow discrimination whether a parameter value is above
or below a specific threshold. In addition, analysis of the noise level present in
the DCE-CT data shows that a noise level of 3.8 HU on average is achieved when
averaging over 9×9 voxels, which corresponds to a volume of 4.5×4.5×5 mm3 =
0.1 cc. From the flow maps we have calculated masks that identify potentially
malignant regions based on significantly elevated flow. The masks show that both
large and small lesions as well as irregular shaped lesions can be detected, revealing
a pattern that is characteristic for prostate cancer (Chen et al., 2000; Zelefski et al.,
2004). Thus, the DCE-CT exam and data analysis presented in this study provide
a technique that in principle has the potential of non-invasively detecting prostate
cancer with a high level of detail.

The next step is to validate the reproducibility of of the perfusion pattern, in
particular at a high spatial resolution. The final step is to validate the value of the
model for identifying vascular properties in a pathology study. If the correlation
between the model parameters, the vascular properties and the presence of prostate
cancer is known, the values all five parameters and their confidence intervals can be
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combined in the calculation of the masks resulting in a single mask per DCE-exam
identifying the presence of tumor.

2.5 Conclusions

We have developed a 3D DCE-CT protocol that covers the complete prostate
in only two DCE-CT scans. The DCE-data is subsequently analysed using the
adiabatic approximation of the tissue homogeneity model which results in 3D
quantitative parameter maps of blood flow, TC , E, ve and t0. We have analysed
the trade-off between the precision of the parameter calculation and the spatial
resolution in the DCE-CT data. We found that a noise level of 4 HU in combination
with a peak enhancement of about 300 HU in the iliac arteries leads to confidence
intervals small enough to allow discrimination whether a parameter is above or
below a certain threshold value. Analysis of the noise level present in the DCE-
CT data of five patients shows that for our DCE-CT protocol this noise level can
be achieved by averaging 9×9 voxels, which corresponds to a volume of ∼0.1 cc.
Therefore, it is feasible to calculate 3D quantitative parameter maps with a spatial
resolution and a parameter accuracy high enough to reliably detect both large and
small lesions as well as irregular shaped lesions.
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Patient Specific Thermal Modelling of the
Prostate.
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Specific Thermal Modelling of the Prostate. Physics in Medicine and Biology 51
809–825

Abstract With the advent of sophisticated angiography and Dynamic Contrast En-
hanced (DCE) imaging techniques, it has become possible to image small vessels and
blood perfusion. This brings the ultimate goal of hyperthermia treatment planning to
perform thermal modelling for individual patients closer within reach. In this study dy-
namic contrast enhanced multi-slice CT imaging techniques are employed to investigate
the feasibility of this concept for regional hyperthermia treatment of the prostate. The
role of the prostate vasculature in the establishment of the prostate temperature distri-
bution is separately studied.

Quantitative 3D perfusion maps of the prostate were constructed for five patients using a
distributed-parameter tracer kinetics model to analyze dynamic CT data. CT angiogra-
phy was applied to construct a discrete vessel model of the pelvis. Additionally, a discrete
vessel model of the prostate vasculature was constructed of a post-mortem prostate. Three
thermal modelling schemes with increasing inclusion of the patient specific physiological
information were used to simulate the temperature distribution of the prostate during
regional hyperthermia.

It was found that prostate perfusion is in general heterogeneously distributed and T3

prostate carcinomas are often characterized by a strongly elevated tumour perfusion (up

to 70 to 80 ml 100gr−1 min−1). This elevated tumour perfusion leads to 1 to 2 oC lower

tumour temperatures than thermal simulations based on a homogeneous prostate perfu-

sion. A retrospective comparison with clinical thermometry data of another large patient

group has shown that the simulated temperatures based on the measured perfusion are

consistently lower than the clinically achieved temperatures. The simulations with the

33
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discrete vessel model indicate that significant pre-heating takes place in the prostate cap-

sule vasculature which forms a possible explanation for the discrepancy. Pre-heating in

the larger pelvic vessels is very moderate, approximately 0.1 to 0.3 oC. In conclusion,

perfusion imaging provides important input for thermal modelling and can be used to

obtain a lower limit on the prostate and tumour temperature in regional hyperthermia.

However, it is not sufficient to calculate in detail the prostate temperature distribution

in individual patients. The prostate vasculature plays such a crucial role, that a patient

specific discrete vessel model of the prostate vasculature is required.
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3.1 Introduction

In regional radiofrequency (RF) hyperthermia, a tumour is heated by an antenna
optimized for RF energy deposition in the tumour (Van Vulpen et al., 2003; Kala-
purkal et al., 2003). The heating induces a temperature rise in a tumour with the
purpose to enhance the tumour cell killing effect of radiotherapy. The temperature
in hyperthermia is moderate, in the range of 40 to 43 oC, and is determined by
the amount of RF power deposited and the amount of tissue cooling by means of
thermal conductance and convectional cooling by blood flow. Hyperthermia treat-
ment planning (HTP) helps to understand the temperature distribution during
treatment and has proven to be an important tool both in designing new instru-
mentation as well as optimizing the quality of a treatment (Lagendijk, 2000).
Hyperthermia treatment planning consists out of two consecutive steps. Firstly,
electromagnetic modelling is performed to determine the energy deposition and
secondly, thermal modelling is applied to calculate the temperature rise. This
study focuses on the latter aspect and uses modern imaging techniques to ac-
quire detailed physiological information needed for thermal modelling of regional
hyperthermia treatment of the prostate.

The commonly applied thermal model is the Pennes’ bio-heat or heat-sink model
(Pennes, 1948). Here, the thermal impact of blood is described by an energy
drainage term, a so-called heat sink. This energy drainage is proportional to the lo-
cal volumetric blood perfusion and the difference between local tissue temperature
and body core temperature. However, applying the body core temperature as sink
temperature ignores the pre-heating of the arterial blood taking place when a ves-
sel enters a heated volume carrying blood at a lower systemic temperature (Crezee
and Lagendijk, 1992). This pre-heating will continue until a thermal equilibrium
is reached between the blood vessel and the surrounding tissue. Pre-heating is of
special interest for regional hyperthermia where large arterial blood vessels tra-
verses through a relatively large heated volume. Although the Pennes’ equation
has proven to be valuable and is relatively simple to apply, it thus fails to consider
the impact of the discrete vasculature. For this reason, a discrete vessel model has
been developed that allows separate description of the vasculature (Kotte et al.,
1999; Van Leeuwen et al., 2000b). This model has been experimentally validated
for bovine tongues and was found to correctly predict the temperature distribu-
tion on individual basis (Raaymakers et al., 2000a). However, both approaches
suffer from one common limitation, i.e. lack of patient specific data input about
the volumetric distribution of the perfusion and/or the morphology and flow rates
of the discrete vessels in the target region. For this reason no patient specific tem-
peratures could be calculated for hyperthermia treatment, only general qualitative
estimates on target temperatures.

Recently, with the advent of Dynamic Contrast Enhanced (DCE) imaging tech-
niques, it has become possible to image blood perfusion quantitatively. In these
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techniques a contrast agent is administered to the patient. By imaging the bolus
passage in time with CT or MR, it is possible to extract the local blood perfusion.
The first measurements of actual 3D perfusion maps of the prostate have been
reported recently (Henderson et al., 2003). Furthermore, it is nowadays possible
to perform detailed angiography. Modern CT or MR scanners can image vessels
with diameters down to 0.5 to 1 mm depending on the field-of-view (Schoenhagen
et al., 2004).

This work investigates whether it is possible to perform patient specific thermal
modelling for hyperthermia treatment of the prostate by applying modern imaging
techniques. An accurate estimate on the highest attainable target temperature for
a specific patient, might be used in the decision process whether a patient is eli-
gible for regional hyperthermia treatment. Only imaging techniques which can be
relatively easily applied to a patient, are used in this study to make thermal mod-
elling on a patient specific basis practically feasible. DCE multi-slice CT imaging is
applied to measure the prostate perfusion distribution of 5 patients with prostate
carcinoma. Additionally, a detailed model of the vasculature of a pelvis is made
based on multi-slice CT angiography.

Three thermal modelling schemes with increasing inclusion of the acquired patient
specific physiological information are compared. A comparison is made between
thermal simulations using Pennes’ bioheat heatsink model for a homogeneous
prostate perfusion versus measured perfusion maps of patients. Furthermore, the
effect of pre-heating of blood in the pelvic vessels (typically 5 mm) supplying the
prostate is investigated using the discrete vessel model of the pelvis. In this respect
potential differences in pre-heating between the different blood supply routes to
the prostate are discussed. The calculated temperatures of the five patients are ret-
rospectively compared with clinical thermometry data from a group of 14 patients
who received regional hyperthermia treatment of the prostate at our department in
the past. The comparison showed that the simulations resulted in lower estimates
for the prostate temperatures than found in the clinical study. A likely candidate
for this discrepancy is the omission of the prostate vessels (typically 0.5 mm) in
our modelling. To explore this more deeply, a discrete vessel model of a prostate
taken from a human corpse was constructed. It was used to investigate whether
the inclusion of the prostate vasculature is a critical factor in thermal modelling
of the prostate and can explain the observed discrepancy with the clinical data.

3.2 Materials and Methods

In this section the procedures and techniques used for the patient specific thermal
modelling of the five patients are described. It comprises out of two parts; the
description of the imaging techniques to obtain the physiological and anatomical
data and the thermal modelling itself. A short characterisation will be given of the
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group of 14 hyperthermia patients and their hyperthermia treatment used for the
retrospectively comparison with clinical data. As stated in the introduction, the
impact of the prostate vasculature will receive special attention in this study. Since
the prostate vasculature cannot be acquired on a patient specific basis, a separate
discrete vessel model of the prostate vasculature will be made of a prostate taken
from a human cadaver. This will be described in detail at the end of this section.

Figure 3.1: The prostate was covered in two scans as illustrated
in this figure (prostate coronally depicted). Each scan con-
sisted of 8 slices of 5mm thickness.

3.2.1 Dynamic Contrast Imaging

DCE Multi Slice CT (DCE-MSCT) imaging was performed for five patients diag-
nosed with T3 prostate carcinoma selected for radiotherapy treatment. These five
patient participated in a feasibility study to investigate whether DCE-MSCT can
help to locate the Gross Tumour Volume (GTV) more accurately in the prostate.
A Philips MX 8000 IDT CT multi slice scanner was used (Philips Medical Sys-
tems, Best, The Netherlands). This scanner acquires 40 slices simultaneously in
a single revolution. The data were reconstructed in 5 mm slices, yielding 8 slices
per scan. See Figure 3.1. The protocol involved two adjoining areas of 4 cm. The
first was placed at the base of the prostate, the other at the apex of the prostate.
An overlap area of 1 cm was used resulting in a total coverage of 7 cm. This was
sufficient to include the prostate and the seminal vesicles. A bolus of 50 ml of CT
contrast agent was administered intravenously followed by a saline flush of 40 ml
at a rate of 5 ml s−1. The monitoring of the bolus passage was composed of two
parts. The first part consisted of 60 acquisitions with a time resolution of 1.5 s.
This was followed by 20 acquisitions every 10 s, resulting in a total detection time
of 290 s. This protocol deposited in total 210 mS which was considered acceptable
for the feasibility study on radiotherapy patients.

The intensity versus time curves for each voxel were fitted to a distributed param-
eter tracer kinetics model, the adiabatic approximation to the tissue homogeneity
model (Johnson and Wilson, 1966; St Lawrence and Yee, 1998). This distributed
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model describes a tissue voxel as two concentric cylinders separated by a diffu-
sion barrier. The inner cylinder represents the capillary plasma space in which
the contrast concentration can vary in space and time. The outer cylinder is the
Extravascular Extracelluar Space (EES) which is assumed to be a well-mixed com-
partment where the contrast concentration can only vary in time. The response of
this system, i.e. CT enhancement in time which is proportional to the time course
of the contrast agent concentration, can be described by:

Ctis(t) = FCa(t + t0) ⊗ R(t) (3.1)

where R(t) is the impulse residue function, which is the response of the tissue on
a delta input bolus.

R(t) =

{
1 for 0 ≤ t < TC

E exp
(

−EF (t−TC)
ve

)
for t ≥ TC

(3.2)

Ca(t) is the arterial input function, t0 is the delay between arrival of contrast in
the artery where the input function is measured and the arrival in the tissue, F is
the blood flow per unit volume in the tissue, Tc is the mean capillary transit time,
ve is the EES volume and E is the ratio of the bolus which is extracted from the
blood plasma to the EES space in a single transit.

Fitting this model to the measured contrast enhancement, allows the determina-
tion of these parameters. The arterial input bolus function was measured in this
study on the femoral artery and multiplied by a factor of 1.2 to compensate for the
difference in tissue and central venous hematocrit values. Software was developed
which performed the fitting procedure on voxel-to-voxel basis resulting in quan-
titative perfusion maps at an isotropic resolution of 5 mm. More details about
the scanning protocol and the data analysis applied in this study can be found
elsewhere (Jeukens et al., 2005; Henderson et al., 2003).

3.2.2 Discrete Vessel Model of Pelvis

To include the effect of preheating of blood in the vessels, a discrete vessel model
of the pelvis was made. Anatomical studies have shown that the supply route of
blood to the prostate is patient specific. Two varieties of blood supply routes were
found (Clegg, 1955). The first is the commonly accepted route via Iliac Interna
(left and right) to the Inferior Vesicalis which connects to the capsule vasculature
of the prostate. The second, less common route is via the Inferior Mesentric to the
Superior Rectalis which anastomoses with the Inferior Vesicalis, linking it to the
prostate’s capsule vasculature.
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Figure 3.2: Overview of the pelvic vasculature. The dark vessels
represent the arterial system which is dominated by the
large Iliac arteries and its sidebranches. The artery which
seems to branch off from the root of the left Iliac artery is
the Inferior Mesentric artery. It actually branches off from
the aorta. The lighter vessels correlate to the Iliac venous
system.

A multi-slice CT angiogram of a male pelvis was made using a resolution of 0.6
x 0.6 x 0.6 mm3, which is shown in Figure 3.2. Arterial vessels with diameters
down to 1 to 1.5 mm could be discriminated. Also, the larger veins of the Iliac
venous system were outlined in the angiogram. In the angiogram both the left and
right Inferior Vesicali could be identified. Furthermore the Inferior Mesentric and
Superior Rectalis could be identified with branches ending near to posterior side
of prostate base. Which of these two arterial vessel trees was the main supplier
of blood to the prostate in this particular patient case, could not be determined.
Therefore we modelled different supply-scenarios.

In the angiogram vessels were manually tracked from which an hierarchical descrip-
tion of the vessel tree was constructed (Kotte et al., 1996). Typically, vessels could
be tracked until their diameter became comparable to the voxel size. The diameter
of these just distinguishable vessels were fixed to 1.2 mm. Next, the diameters of
vessels higher in hierarchy were set in bottom-up way, according to Murray’s law
which relates the diameter of branching vessels (Murray, 1926). Some larger arter-
ies, like the femoral and deep femoral arteries, run through the scanned volumed
without directly feeding a capillary network. The diameter of these arteries were
set according to their diameter in the angiogram.

The flow values of the root vessel were fixed according to literature values (Mirk
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et al., 1999; Long et al., 2000). At vessel branch points flow is distributed over child
vessels by ratio of the cube of their diameters and by assuming continuity of flow
(Van Leeuwen et al., 1998). By varying the vessel radii, the total outflow of the
small branches supplying the prostate, was matched to the cumulative prostate
perfusion. To validate this approach, the effect of the typical radius variation
(±30%) on the pre-heating, was verified and found to be negligible. As is known
from literature, pre-heating is dominated by flow rate (Crezee and Lagendijk,
1992).

Material Density`
kg m−3

´ σ̀
S m−1

´ εr Therm. Cond.`
W m−1K−1

´ Spec. Heat.`
J kg−1K−1

´ Perfusion`
ml 100gr−1min−1

´

Bone 1595 0.07 14 0.65 1420 0.7
Fat 888 0.07 12 0.22 2387 6.6
Muscle 1050 0.77 63 0.56 3639 21.0
Prostate 1050 0.77 63 0.56 3639 12.0

Table 3.1: Thermal and dielectric tissue parameters. Dielectric
properties were taken at 144 MHz (Gabriel et al., 1996)

3.2.3 Computation of Power Density

A generic dielectric model of a human anatomy was obtained by manually segment-
ing an MR scan of an adult male volunteer into different tissue types. Dielectric
properties were assigned to the tissue types according to literature (Gabriel et al.,
1996). All tissue types with their corresponding dielectric properties are listed in
Table 3.2.2. The spatial resolution of the segmented dataset was 5x5x5 mm3. This
dielectric patient model was integrated into a dielectric model of the cavity slot
hyperthermia applicator (Kroeze et al., 2001). Using the Finite Difference Time
Domain (FDTD) method the Specific Absorption Rate (SAR) and power density
were calculated (Van de Kamer et al., 2001a). An optimisation algorithm was
applied to increase the power deposition in the prostate (Kok et al., 2005).

3.2.4 Thermal Modelling

After computation of the power density, the temperature is calculated. For all
simulations the same power density distribution and dielectric patient model is
applied, inserting only a patient specific prostate into the patient model. We
followed three different schemes of thermal modelling, with increasing inclusion
of the patient specific physiological information obtained by imaging techniques.
The different characteristics of the schemes will be described below. All tempera-
tures reported are temperatures after 1 hour of treatment and can be regarded as
steady state temperatures. All the simulations assumed a body core temperature
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of 38.5 oC, which agrees with clinical findings for regional hyperthermia of the
prostate(Van Vulpen et al., 2003). Thermal properties are listed in Table 3.2.2.
The outcome of all three schemes will be compared on basis of prostate and tu-
mour temperatures. For this purpose the tumour was delineated in the perfusion
images by a radiation oncologist.

Pennes’ model

In scheme I and II the widely applied Pennes’ model is used to calculate the
temperature distribution. Equation 3.3 states the local heat balance for Pennes’
model.

ρtisctis
∂T

∂t
= ∇· (ktis∇T ) − cbWb(T − Tart) + P (3.3)

In this equation T (K) is the local tissue temperature, t (s) is the time. ρtis, ctis

and ktis are the tissue density (kg m−3), specific heat (J K−1 kg−1) and thermal
conductivity (W K−1 m−1) respectively. cb is the specific heat of blood, Wb the
volumetric perfusion rate (kg m−3 s−1), Tart (K) the arterial blood temperature
and P is the sum of the absorbed power and metabolic heat production (W m−3).
The second term on the right hand side of this equation is the actual contribution
of blood to the heat transfer and is sometimes referred to as the Pennes’ heatsink
term. The assumption is that arterial blood with temperature (Tart) is heated in-
stantaneously in the local small arteries to the local tissue temperature T , without
any pre-heating in the larger arterial vessels and without any heat exchange in the
venous vasculature. In the case for regional hyperthermia the metabolic heat pro-
duction is much smaller than the RF deposited energy and thus will be omitted
in the analysis.

Pennes’ model with homogeneous prostate perfusion: Scheme I
In the thermal simulation according to this scheme, the specific heat, thermal
conductivity and volumetric perfusion rates are set tissue specific according to a
lookup table (ESHO Taskgroup Committee, 1992). This also implies that for the
prostate a homogeneous perfusion was used, and this was set at 12 ml 100gr−1 min−1.
This value is normally used in hyperthermia treatment (ESHO Taskgroup Com-
mittee, 1992). For sake of convenience, this method will be referred to as scheme
I in the text.

Pennes’ model with perfusion map: Scheme II
As in the first scheme Pennes’ model is applied, except no longer a homogeneous
prostate perfusion is assumed. The patient specific quantitative perfusion maps
determined by DCE-MSCT serve as input for the calculation of the temperature
in the prostate. Perfusion levels of other tissue types are still set according to the
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perfusion values from Table 3.2.2. This approach is referred to as scheme II.

Pennes’ model with discrete vessel model and perfusion map: Scheme
III
For these simulations we applied our DIscrete VAsculature (DIVA) thermal model
describing the effect of the individual vessels. In this thermal model the impact of
all individual vessels is calculated separately. For this purpose the discrete vessel
model of the pelvis was inserted into the anatomical dataset. Since only vessels
down to 1 mm could be visualised, the discrete vessel model is incomplete. Several
ways of handling with incomplete vessel data were investigated by Raaymakers
et al. (2000b). In this study the perfusion-defined strategy was applied, where so-
called sink sets are connected to the terminating arteries in which the blood is
thermally equilibrated with the tissue. Ideally, a sink set has to be assigned to
every vessel end branch. However, since we were interested in the temperature of
the prostate, this was only performed for the supplying vessels of the prostate. The
whole prostate was taken as a sink set for these vessels, and in this sink set the
blood was distributed according to the measured perfusion maps. Basically, this is
equivalent to scheme II except that now the averaged outflow temperature of the
vessels is taken as sink temperature instead of the global body temperature. This
approach is referred to as scheme III.

3.2.5 Comparison with Clinical Data

The results from the simulations were compared with thermometry data from
a clinical feasibility study of regional hyperthermia of the prostate (Van Vulpen
et al., 2003). In this study 14 patients were included with T3/4 prostate carcinoma
who received hyperthermia treatment parallel to standard radiotherapy treatment.
The hyperthermia was delivered using the 70 MHz Coaxial TEM hyperthermia sys-
tem (De Leeuw and Lagendijk, 1987). In 20 treatments invasive thermometry was
performed by placing multi-sensor thermocouple probes centrally and peripher-
ally in the prostate under local anaesthesia. For each probe, the steady state T20,
T50, T90 and Tmax were determined. The SAR was measured at all measure-
ments points by recording the temperature rise due to single power pulse at the
beginning of the treatment. Perfusion was determined indirectly by measuring at
steady state the local energy deposition which is equal to the tissue cooling due
to perfusion (Roemer et al., 1985).

3.2.6 Discrete Vessel Model of Prostate Vasculature

Since the resolution of CT or MR angiography is not sufficient to visualise the
prostate vasculature, is not possible to create a discrete vessel model of the prostate
vasculature on a patient specific basis. Instead, the prostate vasculature was re-
constructed for a prostate taken from a human corpse. A resin mixed with a colour
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agent was injected into the Iliac and Inferior Mesentric arteries filling also their
”downstream”arteries. After an hour the resin solidified and the prostate was ob-
ducted from the corpse. The prostate was cut on a cryomicrotome in thin slices of
70 μm thickness, while constantly photographing the cutting plane. By segmenting
the vessels in every picture and stacking them to a 3D volume, a 3D reconstructing
of the prostate vasculature could be obtained. In this way vessels up to 100 μm
can be reconstructed. Following a similar procedure as for the pelvic vasculature,
a discrete vessel model of the prostate was built. The discrete vessel model was
placed in a rectangular tissue volume of 5x5x3 cm3 which consisted of the post-
mortem prostate and surrounding muscle tissue. A homogeneous SAR of 20 W/kg
and thermal properties were assigned according to Table 3.2.2. Isotherm boundary
conditions of 40 oC were applied. A total prostate blood supply of 10 ml/min was
assumed, which is based on a typical cumulative perfusion of the prostate. This
flow was evenly distributed over all the vessel root points. The inflow temperature
was set at 38.7 oC to simulate a body core temperature of 38.5 oC and 0.2 oC
pre-heating in the supplying pelvic vessels. The temperature distribution and the
temperature along the vessels were calculated using our DIVA model.

3.3 Results

3.3.1 Perfusion Maps

(a) (b)

Figure 3.3: Two examples of transverse perfusion maps in
ml 100gr−1 min−1 a:) patient A, b:) patient B. The regions
of elevated perfusion correlate with the clinically deter-
mined tumour location.

Figure 3.3 shows two examples of perfusion maps for two different patients. As
can be seen, the perfusion in the prostate is rather heterogeneous. In figure 3.3(a)
the general vascular design of the prostate can be recognized. The well-perfused
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Table 3.2: Statistical overview of perfusion rates for all patients.
Perfusion statistics were determined for perfusion map of
5x5x5 mm3. P90 is the perfusion value exceeded by 90% of
the volume.

Patient 1 2 3 4 5
Mean prostate perfusion (ml 100gr−1 min−1) 13 15 13 9 10
P90 (ml 100gr−1 min−1) 6 6 5 4 4
Mean tumour perfusion (ml 100gr−1 min−1) 29 30 37 22 15
Peak tumour perfusion (ml 100gr−1 min−1) 77 59 66 41 37

prostate capsule and the vessels surrounding the urethra can be easily distin-
guished. The peripheral zone of the prostate is only mildly perfused. In both
maps, regions of elevated perfusion are encircled, which correlated to the location
of tumour determined by palpation and ultrasound. In Figure 3.4 a histogram is
shown for the perfusion map in figure 3.3(b). The histogram is dominated by the
relatively low perfusion (10 to 15 ml 100gr−1 min−1) of the periphal zone, since it
constitutes most of the total prostate volume. Clearly, the tumour perfusion rate
is much higher than the peripheral prostate perfusion. In Table 3.2 a statistical
overview of perfusion for all the included patients is shown. As can be observed, the
averaged prostate perfusion ranges from 10 to 15 ml 100gr−1 min−1, while tumour
prostate can be as high as 70 to 80 ml 100gr−1 min−1.

Figure 3.4: Histogram of prostate perfusion for patient B. A lower
bound of 2 ml 100gr−1 min−1 on the perfusion was applied
in the data analysis.
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3.3.2 Temperature Calculations

Figure 3.5 shows two examples of the steady state temperature distribution cal-
culated according to schemes I and III. In Figure 3.5(a) the temperature distribu-
tion is simulated with the Pennes’ bioheat equation with homogeneous perfusion
(scheme I), while in Figure 3.5(b) the discrete vessel model (scheme III) is followed.
Here, it can be seen that although the two temperature distributions are globally
similar, the vessels appear as cold tracks. See Figure 3.5(b). Especially the larger
iliac arteries have a considerable cooling effect on their direct surroundings. Fig-
ure 3.6 shows the increase of the blood vessel temperature along the vessel path
from the aorta to the prostate for the two different blood supply routes to the
prostate. The pre-heating of the blood takes place almost entirely in the last part
of the supply route, i.e. in the final branches of the Inferior Vesicalis close to the
prostate. The blood passing through the Inferior Mesentric artery to the prostate
is pre-heated about 0.2 oC more than blood following the Iliac route. Note the
small difference in pre-heating of the left and right Iliac supply route, which is due
to differences in tissue temperature along their paths. The fact that the curve is
still rising steeply at the end, shows that when blood arrives at the prostate, it is
not yet in thermal equilibrium with the tissue environment. Since the pre-heating
along the two supply paths did not differ dramatically (≤ 0.2 oC), in the rest of
this paper a blood supply through the Iliac arteries is assumed.

The effect of the different thermal simulation schemes on the calculated temper-
ature distribution of the prostate, is shown in Figure 3.7. Taking a homogeneous
prostate perfusion as in scheme I, results in a temperature distribution mainly
dominated by the power distribution and anatomy. Inclusion of a measured het-
erogeneous perfusion map, however, leads to more temperature heterogeneity. Fur-
thermore, the temperature elevation is considerably reduced in the tumour, where
the perfusion is the highest. Inclusion of the preheating through the discrete vessel
model of the pelvic vasculature, increases the tumour temperature only slightly.
An overview for all patients in terms of average prostate and tumour temperature
is given in Figure 3.8. Here it can be seen that the elevated tumour perfusion
reduces for 4 out of 5 patients the tumour temperature with 1-2 oC in comparison
with results from scheme I. The mean prostate temperatures for all three schemes
differ considerably less (0-0.8 oC).

3.3.3 Comparison with Clinical Data

In Figure 3.9 a retrospective comparison is made between the results from the
thermal simulations using scheme III and thermometry data from the clinical
study towards regional hyperthermia treatment of the prostate. The tempera-
ture measurements are averaged over 19 treatments of 14 different patients. They
are compared with the outcomes from the thermal simulations averaged over the
five patients, who underwent perfusion imaging. Note that these are two different
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(a) (b)

Figure 3.5: Transverse (T), coronal (C) and sagital (S) views of
the temperature distribution for patient 2 calculated ac-
cording to a:) scheme I and b:) scheme III. Note the hetero-
geneity in the prostate temperature distribution in b.

patient populations. For comparison purposes, the simulated temperatures for the
five patients in our study are normalized to the mean prostate SAR deposition
during the clinical treatments, i.e., 20 W/kg. Note that for the thermal simula-
tions, the temperature characteristics (T20, T50, T90 and Tmax) are determined
for the whole prostate as volume-of-interest. The comparison illustrates that pre-
dicted temperatures (Tmax, T20, T50 and T90) for the five simulated patients
are systematically lower than those observed in the clinical study, although the
mean body core temperature was within 0.1oC equal for both groups. Moreover,
the prostate perfusion averaged over the group did not differ significantly between
both patient groups (12 ml 100gr−1 min−1 in this study versus 14 ml 100gr−1 min−1

for the clinical patient group).

3.3.4 Pre-heating in Prostate Vessels

In Figure 3.10 the reconstructed prostate vasculature is shown with the pre-heating
projected on the vessels in a color scale. Inside the prostate vessel network the 40.5
oC iso-temperature surface of the prostate temperature is depicted. Most recon-
structed vessels originate from the neurovascular bundle, located at dorsal side of
prostate just beneath the base of the bladder, and proceed along the prostate cap-
sule. These capsule vessels distribute the blood over the prostate before penetrat-
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Figure 3.6: Preheating along supplying vessel path for patient 2.
The solid curves correspond to both Iliac Supply paths, the
dashed lines to the Inferior Mesentric path. The pre-heating
takes predominantly place in the small vessels close to the
prostate.

ing the capsule to supply the inner regions. Only a few vessels inside the prostate
could be reconstructed. The diameters of the reconstructed vessels range between
0.7 and 0.3 mm. As illustrated in Figure 3.10 the pre-heating in the prostate vessels
is significantly and differs from vessel to vessel. For most vessels the pre-heating
ranges from 1 to 2 oC. This shows that pre-heating in these prostate vessels is
considerably higher than the pre-heating in the larger terminating branches of the

(a) (b) (c)

Figure 3.7: Temperature distribution of the prostate (patient 2)
for the three different schemes. a:) scheme I. b:) scheme II.
c:) scheme III. The tumour was located in the right bot-
tom corner. A systemic body temperature of 38.5o C was
assumed.
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(a) (b)

Figure 3.8: Mean prostate (a) and tumour (b) temperatures ac-
cording to the three schemes for all five patients.

Inferior Vesicalis. Note also that vessels cause cold tracks when they are not yet
in thermal equilibrium with their adjoining tissue.

3.4 Discussion

3.4.1 Prostate and Tumour Perfusion

The perfusion measurements for these five patients showed that perfusion of the
prostate is heterogeneous. In general, the vasculature of the prostate is reflected
in the perfusion maps, with the well-perfused and vessel-dense prostate capsule
and urethra. The mean prostate perfusion for all patients was in the range of 9
to 15 ml 100gr−1 min−1, which is consistent with findings in literature reporting
on prostate perfusion (Henderson et al., 2003; Buckley et al., 2004). Furthermore,
these data correlate well with prostate perfusion rates found in regional hyperther-
mia of the prostate (Van Vulpen et al., 2002). Importantly, in 4 out of 5 patients
the tumour was characterized by an elevation in mean perfusion with factor 2
to 3 relative to mean prostate perfusion. Other studies using DCE CT and MR
techniques support this notion (Henderson et al., 2003; Buckley et al., 2004).

3.4.2 Impact of Perfusion Maps on Thermal Calculations

The results of the thermal simulations using schemes II and III, show that the
heterogeneous prostate perfusion has significant impact on the prostate temper-
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Figure 3.9: Comparison of clinical thermometry data averaged
over 19 treatments with simulated temperatures averaged
over the 5 patients according to scheme III. The error bars
depict the standard deviation. Thermometry in the clinical
study was performed by multi-sensor thermocouple probes
placed centrally and peripherally in the prostate.

ature distribution in these models. It is clear that the elevated tumour perfusion
lowers the attainable tumour temperature for regional hyperthermia treatment of
the prostate (See Figure 3.8). Although the mean prostate temperatures for all
three schemes agree reasonably, the Pennes’ bioheat model with a homogeneous
prostate perfusion results clearly in higher tumour temperatures. The fact that
the difference between scheme I and II is for patient 4 considerably less, although
it has an elevated tumour perfusion, resulted from the fact that in this case the
tumour occurred at a location with a relatively high SAR.

It is important to note that the physiological response of tissue on heating is
not included in this study. Former studies have shown that during hyperthermia
treatment of the prostate, the perfusion rises as a response to the heating, although
this response is moderate in the case of regional hyperthermia (Van Vulpen et al.,
2002). However, this was assessed by limited number of invasive sensors in the
prostate without knowledge about where the tumour was located. It is conceivable
that an increase of the blood flow of the whole prostate or of other parts of the
body, will go at the expense of the blood supply to the tumour.

3.4.3 Pre-heating: An issue or not?

Pre-heating in Pelvic Vessels

The thermal simulations with the discrete vessel model of the pelvis illustrated
that pre-heating in the pelvic vessels becomes only significant in the final part
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Figure 3.10: The 40.5 oC iso-temperature surface of the prostate
temperature together with the prostate vessel network.
Along the vessels the pre-heating is depicted in a colour
scale. A homogeneous SAR of 20 W/kg was applied.

of the supply route, i.e. in small branches (typically 1 mm) of Inferior Vesicalis
which connect to the prostate vasculature. Consequently, pre-heating along the
supplying Iliac or Inferior Mesentric arterial supply routes differs only marginally.
Inclusion of the pre-heating through the discrete vessel model of the pelvis, in-
creased the tumour temperature slightly. As was shown in Figure 3.6 pre-heating
accounted for 0.1 to 0.3 oC reduction in the Pennes’ heatsink and is therefore of
minor significance in this case. This finding also implies that a strategy to increase
the temperature of the incoming blood in the tumour by directing power on the
supplying vessels of the prostate, will probably not work. These results indicate
that optimal heating for regional hyperthermia is obtained when power is con-
centrated on the prostate and/or tumour, where the main heat exchanges takes
place. However, it has to be noted that the regional heating of the whole pelvis
increases the systemic temperature, which causes the tumour temperature to rise
proportionally (De Leeuw et al., 2003).
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Pre-heating in Prostate Vessels.

It was shown that the prostate vessels play an important role in the establishment
of the temperature distribution of the prostate during regional hyperthermia. In
the outer region of the prostate (predominantly in the capsule) the vessels are not
yet thermally equilibriated with their adjoing tissue. The resulting heat exchange
causes these vessels to have a direct cooling effect on their local tissue surroundings.
Furthermore, it leads to significant pre-heating of the blood in capsule vessels. This
has important consequences for the larger, inner region of the prostate which is
fed by vessels lying downstream of the capsule vessels. The local convectional
blood cooling is no longer exclusively determined by perfusion, which is assumed
in the Pennes’ bioheat model, but will also depend on the local arterial outflow
temperature. Since this temperature has increased significantly during the passage
through the capsule vessels, most of the inner region of the prostate will receive
less convectional cooling. In general, this will result in higher tissue temperatures
for the bulk of the prostate. In this respect, the lower tumour temperatures due
to elevated tumour perfusion calculated according to scheme II and III, have to
be considered as worst-case low estimates.

A full discrete vessel model of the prostate vasculature would be necessary to cor-
rectly model this effect, which cannot be constructed on a patient specific basis
at the moment. Possibly, a generic discrete vessel model of the prostate vascula-
ture based on cryomicrotome reconstruction in combination with patient specific
perfusion maps can be used. However, serious problems will occur when the per-
fusion map has to be coupled to the prostate vasculature. A prerequisite for this
coupling is the reconstruction of the larger, non-thermally equilibriated vessels in
the inner regions of the prostate. Unfortunately, the reconstruction of such vessels
(typically 200-500 μm diameter) inside the prostate proved to be problematic for
the cryomicrotome technique. Furthermore, since pre-heating of the prostate ves-
sels is heterogenously distributed, as shown in Figure 3.10, information is needed
about which vessels perfuse a certain region in the prostate to come to detailed
temperature estimates. This information might also be highly patient specific due
to the presence of a specific tumour. Thus, the initial aim of this study, i.e. ob-
taining detailed patient specific information about temperature heterogeneity and
tumour temperatures in the prostate, is beyond reach for such a combined model.
Nevertheless, it would still be an improvement in the sense that it would result in
a more accurate estimate of the overall prostate temperature. Temperature data
obtained during regional hyperthermia by MRI, could possibily provide the nec-
essary experimental data (Vujaskovic et al., 2000; Wlodarczyk et al., 2004). This
will also allow monitoring of the physiological effect of heating on prostate and
tumour perfusion.
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3.4.4 Comparison with Clinical data

We believe that the systematically higher temperatures found in the clinical study,
can be explained by the omission of pre-heating in the prostate vasculature in
simulation schemes II and III. Since the pre-heating in these small prostate vessels
(< 1 mm) is mostly in the range of 1 to 2 oC, we estimate that most of the prostate
will have similarly higher temperatures, possible slightly lowered due to a higher
thermal conduction. This effect of the pre-heating in the prostate vasculature, is
thought to lead to a reasonable correspondence with the clinical data.

An obvious explanation for the discrepancy between the clinical and simulated
results is the limited thermometry sampling applied in the clinical treatments,
while for the simulations the whole prostate is taking into account. However, given
this limited sampling, one would expect that the simulated Tmax and T20 will
be higher than the clinical values, while the simulated T90 should be lower. Since
the simulations show systematically lower temperatures, we think that the limited
sampling can be ruled out as explanation for the discrepancy.

3.5 Conclusions

This study showed that with DCE multi-slice CT imaging detailed information
about the prostate perfusion can be obtained. Using a tracer kinetics model model,
quantitative 3D perfusion maps of the prostate were generated. It was demon-
strated that the prostate perfusion is in general heterogeneous with the well-
perfused capsular and central zone clearly distinguishable. Importantly, it was
illustrated that T3 prostate carcinoma are often characterized by an elevated tu-
mour perfusion, which can be as high as 70 to 80 ml 100gr−1 min−1.

By integrating these measured prostate perfusion maps into the Pennes’ bio-
heat model, it was shown that the perfusion heterogeneity is reflected in the
prostate temperature distribution. According to simulations with this model, the
elevated tumour perfusion reduces considerably the attainable tumour tempera-
ture. A comparison between thermal simulations using Pennes’ bioheat model with
an average homogeneous prostate perfusion and the measured perfusion maps,
showed that the assumption of a standard homogeneous prostate perfusion of 12
ml 100gr−1 min−1 leads to higher mean tumour temperatures of 1 to 2 oC.

Furthermore, it was demonstrated that the pre-heating in the larger pelvic vessel
supplying the prostate, is negligible. A discrete vessel model of the pelvic vessels is
therefore not needed to calculate the prostate temperature in the case of regional
hyperthermia treatment. As a consequence, any differences in arterial supply of
the prostate, which are common among patients, have no dramatic impact. How-
ever, it was found that the inclusion of the prostate vasculature is a prerequisite to
calculate reliably the prostate temperature distribution in detail. The pre-heating
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in the prostate capsule vessels, which distribute the blood over the prostate, was
found to be significant. This will in general lead to less available convectional cool-
ing for the inner regions of the prostate than is assumed in the Pennes’ bio-heat
model. Therefore, we have to regard the temperature calculated by the bio-heat
model with the measured perfusion maps as worst-case low estimates. Our com-
parison of the simulations with clinical data seems to point also in this direction.
Further investigations into this subject will be necessary to come to more detailed
conclusions.

In conclusion, we can state that perfusion imaging provides important input for
thermal modelling and can be used to obtain a lower limit on the prostate and
tumour temperature in regional hyperthermia of the prostate. However, it is not
sufficient to calculate in detail the prostate temperature distribution in individual
patients cases. A patient specific discrete vessel model of the prostate vasculature
would be necessary to achieve this goal. This shows the level of physiological detail
that is required to draw conclusions about temperature heterogeneity and tumour
temperatures on a patient specific basis.
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Abstract In this paper the concept of using B+
1 imaging as a means to validate SAR

models for radiofrequency hyperthermia is presented. As in radiofrequency hyperther-

mia, in common clinical MR imaging which applies RF frequencies between 64 and 128

MHz, the RF field distribution inside a patient is highly determined by the dielectric

distribution of the anatomy. Modern MR imaging techniques allow measurement of the

RF magnetic field component B+
1 making it possible to measure at high resolution the

dielectric interaction of the RF field with the patient. Given these considerations, we

propose to use MR imaging to verify the validity of our dielectric patient model used for

SAR models of radiofrequency hyperthermia. The aim of this study was to investigate the

feasibility of this concept by performing B+
1 measurements and simulations on cylindrical

split phantoms consisting of materials with dielectric properties similar to human tissue

types. Important topics of investigation were the accuracy and sensitivity of B+
1 mea-

surements and the validity of the electric model of the MR body coil. The measurements

were performed on a clinical 1.5 T MR scanner with its quadrature body coil operating

at 64 MHz. It was shown that even small B+
1 variations of 2 to 5 % could be measured

reliably in the phantom experiments. An electrical model of the transmit coil was im-

plemented on our FDTD based hyperthermia treatment planning platform and the RF

field distributions were calculated assuming an idealized quadrature current distribution

in the coil. A quantitatively good correlation between measurements and simulations

was found for phantoms consisting of water and oil, while highly conductive phantoms

show considerable deviations. However, assuming linear excitation for these conductive

phantoms, resulted in good correspondence. As an explanation it is suggested that the

coil is being detuned due to inductive nature of the conductive phantoms, breaking up

55
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the phase difference of π/2 between the two quadrature modes. It is concluded that B+
1

imaging is an accurate and sensitive method for obtaining quantitative information about

the RF field in phantoms. The electrical model of the body coil is inadequate for highly

conductive phantoms. It is expected that for experiments on human bodies the inductive

coupling is also significant, demonstrating the need for a full resonant FDTD model of

the transmit coil. This will be pursued in the near future.
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4.1 Introduction

To calculate the electromagnetic field distribution inside a human anatomy during
radiofrequency (RF) hyperthermia various numerical schemes have been applied
which include methods like finite difference time domain (FDTD), finite elements
(FE) and Conjugated Gradient FFT. (Van de Kamer et al., 2002b; Nadobny et al.,
1996; Hornsleth, 1996; Sullivan et al., 1993; Zwamborn et al., 1992). The quality
of these computational methods is subject of continuous research. Topics are the
description of individual antennas, cross coupling between the different antennas
of antenna arrays, the design of boundary conditions to compensate for the lim-
ited computational domain and the correct generation of dielectric patient models
(Kroeze et al., 2001; Wust et al., 1999; Bérenger, 1996; Berntsen and Hornsleth,
1994).

Since the specific absorption rate (SAR) distribution greatly depends on the anatomy,
the generation of a correct patient model is of utmost importance. The patient
model may be constructed by manually segmenting a 3D anatomical CT or MRI
patient scan into tissues with different dielectric parameters. In this way a de-
tailed patient description can be achieved with an even more natural description
of tissue boundaries by applying a tetrahedron grid (Wust et al., 1998). A less
laborious procedure is to use automatic segmentation based on thresholding on
Hounsfield units of a patient’s CT dataset. Here the anatomy is segmented into a
limited number of most dielectrically significant tissue types, i.e. bone, muscle and
fat (Van de Kamer et al., 2001e; James and Sullivan, 1992a). The patient model
is built up on cubic calculation grid. A computational study by Wust et al. (1999)
found considerable differences in SAR distributions between the two methods. The
manual segmentation methods give in general an accurate delineation of bound-
aries, however due to the labour intensive procedure, result in delineations which
are limited in their detail. The automatic Hounsfield number based segmentations
potentially show a high detail but are limited in the number of segmented tissues
due to the absence of a relation between Hounsfield units and dielectric properties
(Van de Kamer et al., 2001a).

Another point of ongoing research is the correct description of tissue boundaries
which is of special importance to reliably predict SAR hotspots (Nadobny et al.,
1998). Tissue boundaries in the human body may not be so well defined in reality
as described in the patient model. For example, muscle-fat boundaries may have a
gradual transition in dielectric properties, whereas boundaries involving bone can
be quite sharp.

Although experimental studies on phantoms validating the physical principles of
the various treatment planning models, have been performed with reasonable suc-
cess (Wiersma and Van Dijk, 2001; Wust et al., 2000; Jia et al., 1994; Sullivan et al.,
1992), the validity of the dielectric patient model is more difficult to demonstrate.
Clinical verification studies on real patients using probe-type SAR measurements
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have been pursued but are severely hampered by practical difficulties resulting in a
limited validity assessment (Sreenivasa et al., 2003b; Gellermann et al., 2000). Fur-
thermore, these probe measurements can give only a limited picture of the strongly
heterogeneous 3D electromagnetic field distribution which is typically found inside
a human anatomy. A measurement technique able to image the 3D electromag-
netic field distribution inside a human anatomy at high resolution, would be highly
favourable.

In hyperthermia treatment planning only the RF electrical field components are
required for the SAR computation, although the RF magnetic field components
are simultaneously calculated. Since the variation of the magnetic permeability of
human tissue is neglible, the magnetic field distribution is also a reflection of the
dielectric patient properties due to coupling of the electric field to the magnetic
field. This expression of the dielectric patient properties into the magnetic field
will become more significant at higher RF frequencies due to the stronger coupling
at those frequencies.

In commonly used clinical MR scanners operating at RF frequencies of 64 and
128 MHz, this dielectric coupling between the human tissue and the RF magnetic
field is an issue and is currently an object of investigation (Alecci et al., 2001). For
imaging purposes, the magnitude of the transverse RF magnetic field should be
as constant over the imaging volume as possible. However, the dielectric coupling
and the finite wavelength of the RF electromagnetic wave in the patient, result in
significant B+

1 field inhomogeneity at 3 Tesla and higher. These issues also play a
significant role in MR safety research concerning RF SAR deposition in patients
during MR imaging. Where global SAR norms suffice at lower static field strengths,
the dielectric coupling and wave behaviour causes the SAR distribution in the
patient to be heterogeneous at higher static field strenghts. Similar to hyperthermia
treatment planning studies, FDTD modelling is used to investigate these effects
for different parts of the anatomy like the head and thorax (Ibrahim et al., 2001b;
Hand et al., 2000; Collins et al., 1998).

Following a more experimental perspective to investigate B+
1 inhomogeneity, new

MR imaging strategies have been developed to image the RF magnetic field dis-
tribution (Barker et al., 1998; Alecci et al., 2001; Bartels et al., 2002). Using a
multi-power B+

1 mapping technique, the amplitude of the B+
1 excitation field can

be imaged with millimetre resolution inside phantoms or even human anatomies
making this a unique method for measuring the RF field distribution.

Given these considerations, we intend to use a human anatomy placed inside a
MR scanner as a test case for validation of our FDTD SAR model. On the one
hand the B+

1 field can be imaged using the multi-power B+
1 mapping technique

whereas on the other hand it can be calculated with our hyperthermia treatment
planning model. Since the B+

1 field reflects the underlying dielectric distribution,
the comparison may demonstrate whether our dielectric patient model suffices.
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This methods might also help to verify whether patient-applicator coupling and
boundary conditions are correctly implemented.

The goal of the study presented in this paper, is to investigate the feasibility of
this approach. The accuracy and sensitivity of the measurement method to detect
small variations in B+

1 , will be investigated on simple heterogeneous phantoms.
B+

1 FDTD simulations using our hyperthermia treatment planning model will
be performed and compared with phantom measurements. This comparison will
determine whether our electrical model of the MR scanner suffices making the
next step possible, i.e. experiments and simulations for a human anatomy. This
should lead to validation of our hyperthermia SAR treatment planning for a human
anatomy.

4.2 Materials and Methods

The experiments were performed on three cylinderical phantoms consisting of ma-
terials with different dielectric properties. In the MR scanner the body coil ap-
plies the RF magnetic B1 excitation field, from which only the positively rotating
frame component B+

1 is able to flip the magnetization. A B+
1 map was measured

by making 11 scans at different flip angles from which the B+
1 field distribution

was extracted. Additionally, the B+
1 field distributions were calculated using our

FDTD treatment planning software. For this purpose we modelled in our treat-
ment planning environment the exact setup, which consisted of the body coil, the
phantom and a surrounding RF shield which electrically shields RF disturbances
from the environment.

4.2.1 Phantom

The perspex cylindrical phantom (diameter 20 cm, length 14 cm, wall thickness
5 mm) consisted of two equal compartments separated by a 1 mm thick perspex
interface. (See figure 4.1(b)). One compartment was filled with vegetable oil (sun-
flower oil) while the other compartment could be filled with distilled water or saline
solutions. These materials were chosen since their dielectric properties cover typ-
ically the range found among different human tissues types, where 16 gr/l NaCl
represents the extreme case of the conductivity of Cerebral Spinal Fluid (CSF)
Their exact dielectric properties were determined at 64 MHz with an impedance
cell and were verified with values known from literature (Van Wieringen et al.,
1998; Stogryn, 1971). The dielectric values are shown in table 4.1. For all phan-
tom materials the relative permeability μr played a neglible role and was set for
computational purposes to unity.

To avoid saturation problems associated with the high excitation angles, the lon-
gitudinal relaxation times T1 of the water and saline solutions were lowered and
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Table 4.1: Dielectric parameters @ 22 �C and 64 MHz.

Material σ εr

- (S m−1)
Sunflower oil 0.001 6.0
Distilled Water 0.005 76.5
NaCl solution 5 gr/l 0.700 75.0
NaCl solution 16 gr/l 2.600 75.0
Air 0.008 1.0
Perspex 0.005 2.9
Copper 5.8·107 1.0

matched to the T1 of the vegetable oil by adding MnCl2 · 4H2O (final concentra-
tion was 95 mg/l). This resulted in an almost homogeneous T1 for the water/saline
solutions of around 220 ms while the T1 of the vegetable oil was approximately
200 ms in experiments. The effect of adding the MnCl2 · 4H2O solution was found
to be neglible on the final conductivity as expected from the low concentration.
In the experiments the phantom was placed on the patient table. Measurements
were performed for two phantom positions: concentrically with the transmit coil,
and 4 centimeters vertically off-centre.

4.2.2 MR measurements

The measurements were performed on a clinical 1.5 Tesla MR scanner (Gyroscan
NT Intera, Philips Medical Systems, Best, The Netherlands) with its built-in
quadrature driven body coil as send and receive coil. Using the multi-power B+

1

mapping technique, the amplitude of the rotating frame component B+
1 was mea-

sured in the phantom. The applied B+
1 measurement method is described earlier

in detail by Bartels et al. (2002). The method requires the collection of several
images at a broad range of flip angles, i.e. transmit powers. In this way the flip
angle versus intensity dependence is determined for each voxel. A flip angle range
of 0 to 300o with increments of 30o degrees was used. The MR sequence consisted
of a spoiled gradient-echo sequence with repetition time TR = 1000 ms and echo
time TE = 4.7 ms. The spoiled gradient-echo sequence yields a series of images
whose intensities are related by:

Signal(r)∼A(r)· sin(λtransmit(r)·θnominal)

1 − e
−T R
T1(r) ·cos(λtransmit(r)·θnominal)

(4.1)

where A(r) is a spatially varying factor which includes local spin density, local
coil receive sensitivity and local transverse relaxation time T2. T1(r) is the local
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longitudinal relaxation time being homogeneous for each compartment, TR is the
repetition time and θnominal is the nominal flip angle, i.e. the flip angle as set in
the scan parameters. The transmit sensitivity λtransmit(r) represents the spatial
modulation of the excitation field and is therefore directly proportional to B+

1 (r).
The transmit sensitivity λtransmit(r) can be determined on a voxel basis by non-
linear least squares fitting to the curve of flip angle θnominal versus intensity for
each voxel.

The in-plane pixel size of the measurements was 2 mm and a slice thickness of
10 mm was used. Since the MR scanner scales every scan differently for optimal
dynamic range coverage, all scans need to be normalized properly afterwards. This
can be done by normalizing on the noise amplitude. This is normally performed by
determining the standard deviation of the MR signal in a region outside the phan-
tom, i.e. where only air is present (Haacke, 1999). However, on most MR scanners
the rescale factor of every scan is also accessible, providing easy normalization.
Both methods were employed and found to give similar results.

4.2.3 FDTD model of the transmit coil

The finite difference time domain (FDTD) method was applied to solve the gov-
erning Maxwell’s equations. The simulations were performed on a 5 mm grid ap-
plying Retarded-Time Absorbing Boundary Conditions using a time step of 8.3 ps
(Berntsen and Hornsleth, 1994). All simulations were carried out on a inhouse de-
signed FDTD platform, developed for hyperthermia treatment planning (Van de
Kamer et al., 2001a). The computational domain was 90.5 cm wide in x and y
directions, while in z direction an extent of 100.5 cm was used. The coil geometry
was chosen to resemble the RF shielded Philips 64 MHz Intera transmit body coil.
The coil geometry consisted of 16 copper rungs with a length of 56 cm placed along
a slightly elliptical contour. The long axis in x-direction was 31 cm while the short
axis in y-direction was 29 cm. The two circular end rings had a diameter of 62 cm
and were connected to the elliptically placed rungs by short conductors elements.
The surrounding circular copper RF shield had a diameter of 68 cm and length
80 cm. The total setup is depicted in figure 1 in which the small conductor ele-
ments connection the rung and rings are not visible. The air inside the MRI bore
was given a slight conductivity (σ = 0.008 S m−1) to collapse high-amplitude re-
active fields accelerating the convergence. Physically, these fields do not contribute
any power to the sinusoidal steady state and decay to an evanescent mode with
the slightest extraction of power (Taflove, 1995). A dielectric model of the cylin-
drical phantom was constructed using the dielectric properties as measured and
depicted in table 4.1. The 1 mm thick perspex separation interface was too thin
with respect to the 5 mm grid to be included. However, its dielectric properties
deviate only slightly from that of the sunflower oil compared to the high dielectric
constant of water. The thickness of the perspex interface was therefore included



62 Chapter 4. Experimental validation of hyperthermia SAR treatment planning

in the extent of the oil compartment. The dielectric geometry of the patient table
was not included.

(a) The phantom located centrally in the transmit coil surrounded by the RF shield.

(b) The phantom with the two compartments shown in the transversal xy-plane (left image)
and the sagital yz-plane (right image). The thick white lines correspond to the orientations
of the measurements planes. (Two transversal planes and one coronal plane)

Figure 4.1: Geometry of the setup

Excitation was applied by opening gaps in the copper rungs at the midplane posi-
tion in which dipole sources were defined. For every excitation source a simulation
run was performed giving the possibility to define the mutual phase and ampli-
tude after the simulations according to the superposition principle. To ensure B1

homogeneity over the imaging volume, a sinusoidal azimuthal modulation of the
coil’s rung currents is strived for in MRI. In reality this is established by creating
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a standing wave over the coil’s periphery by placing appropiate capacitors in the
ring segments separating the axially placed rungs. Alternatively, capacitors can
also be included in the rungs as is implemented in the Philips 64 MHz Intera
transmit coil.

In the simulations a standing wave was mimicked by superimposing the fields
of all sources according to an sinusodial azimuthal modulation of the source’s
amplitude. Quadrature excitation was obtained by superimposing the fields of two
standing waves which are 90 degrees out of phase in space. The B+

1 component was
calculated from the transversal Cartesian components B1x and B1y using equation
(4.2) (Hoult, 2000).

B1+ =
B1x + iB1y

2
(4.2)

Simulations were scaled to the measurements by equalizing the B+
1 values at the

centre position of the phantom compartment, except for the coronal scans which
were normalized on the center position of the water or saline compartment. To be
able to compare simulations with measurements quantitatively, a difference map
of the B+

1 field maps was computed. For this purpose, the measurements were reg-
istered on the simulations and resampled to match the simulation resolution. The
difference map was computed by taking the local difference between measured and
simulated B+

1 value as a percentage of the measured local B+
1 value. The root mean

square (RMS), the standard deviation (SD),maximum (Max) and minimum (Min)
relative differences of each relative difference map were calculated as a measure
for the degree of correlation.

4.3 Results

4.3.1 Measurements

In figure 4.2(a) an example of the MR signal’s dependence on the nominal flip angle
is shown. The two curves depict the MR signal at a position in the water and oil
compartment respectively. The measured points are fitted with the equation for
the spoiled gradient echo and a good quality of the fit is achieved. Doing this fit
on a voxel basis a map of the transmit sensitivity was achieved. This parameter
value is depicted in all images and it is referred to as a B+

1 map since its value
is directly proportional to the amplitude of B+

1 . The B+
1 values in all images are

not calibrated in Tesla. In figure 4.2(b) an example is shown for a coronal scan
through the midplane of the phantom. The accuracy of the thus obtained B+

1 value
can be characterized by the 95% confidence interval which indicates how well the
measurements fit the spoiled gradient echo signal model. This confidence interval
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(a) MR signal versus nomi-
nal flip angle
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Figure 4.2: Example of measured coronal B+
1 map through the

midplane for the water(lower part) and oil (upper part)
phantom

was also calculated on a voxel-to-voxel basis and is shown as a percentage of the
measured B+

1 value in figure 4.2(c). The average 95% confidence interval for this
example was 1.9%. Typically, the 95% confidence intervals of all measurements
were in a range between 1.5 and 5%.

4.3.2 Simulations

The simulations were performed on a Pentium� IV, 2600 MHz standard personal
computer, running GNU/Linux�. One simulation run required 455 MB RAM and
took approximately 3 hours of computation time. By monitoring the electric field
at various positions it was found that a steady state was achieved after approxi-
mately 10 000 time steps for the water/oil phantom. The saline phantoms reached
steady state earlier, typically after 8000 time steps. To include a safe margin, all
simulations were performed with 12 500 time steps. To investigate the influence
of the non-zero air electrical conductivity on the B+

1 field in the phantom, various
air conductivities were compared. Air conducitivities of σ = 0.005 S m−1 and
σ = 0.01 S m−1 were found to result in similar steady state Bx and By ampli-
tude values in the phantom, differing only 1 to 2% from the σ = 0.008 S m−1

reference values. An air conducitivity of σ = 0.015 S m−1 resulted in differences
of 4 to 5%. It was therefore concluded an artifical air conductivity lower than
σ = 0.010 S m−1, has neglible influence on the B+

1 field in the phantom, while it
is still sufficient to dampen out unwanted resonance modes.
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Figure 4.3: Transverse midplane B+
1 measurements (a,d,g,j) and

simulations (b,e,h,k) for water and oil compartments. Row
1: water compartment, centrally placed phantom. Row 2:
oil compartment, centrally placed phantom. Row 3: water
compartment, 4 cm vertical offset. Row 4 oil compartment,
4 cm vertical offset.
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Figure 4.4: Coronal midplane B+
1 measurements and simulations

for a water/oil phantom. Phantom position: 4 cm vertical
offset.
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Figure 4.5: Transverse midplane B+
1 measurement and simula-

tions for water and oil compartments. Row 1: 5 gr/l NaCl,
centrally placed. Row 2: 16 gr/l NaCl, phantom placed with
a 4 cm vertical offset.
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4.3.3 Comparison measurements and simulations

Figure 4.3 shows the measured and simulated transverse B+
1 field distributions for

the water/oil phantom at two positions. The simulations are depicted next to their
corresponding measurements. The absolute difference maps show the deviations
as a percentage of the local measured B+

1 value. The transverse slices are taken
through the midplane of each compartment. Rows 1 and 2 depict transverse B+

1

maps through the water and the oil compartment respectively for a water/oil
phantom placed centrally in the coil. Rows 3 and 4 show the equivalent maps for the
water/oil phantom placed with a +4 cm vertical offset in y-direction. Considering
the elliptical geometry of the coil and the position of the phantom, an x-symmetry
and y-symmetry is expected for the centrally placed phantom. There is however
a small asymmetry present in the measurements. Especially, the x-symmetry is
broken up with slighter higher B+

1 values at the left side of the phantom. This
is also visible in the measurements on the phantom placed with a 4 cm y-offset.
The simulations do not show deviations from the expected symmetry. As can
be observed, the simulations for the water and oil compartments show a strong
qualitative and quantitative resemblence. RMS differences and standard deviations
for the water/oil phantom, tabulated in table 4.2, range between 1 and 2%.

The coronal scan depicted in figure 4.4(a) was taken through the coronal midplane
of the water/oil phantom placed with a 4 cm vertical offset. In the coronal B+

1

map the effect of the water/oil interface is visible. Since the relative magnetic
permeabilities of oil and water do not differ significantly, the interface effect can be
attributed to the large difference in values of the dielectric constants of water and
oil. This example illustrates nicely the coupling between the electric and magnetic
field. The corresponding simulated B+

1 map shows a reasonably good resemblence
to the measurements with however some deviations near the interface.

Figure 4.5 shows the results of measurements and simulations through the trans-
verse midplane of the compartment containing saline solutions (the other compart-
ment still containing vegetable oil). Row 1 depicts the results for a saline solution
of 5 gr/l NaCl with the phantom placed centrally, row 2 shows the results for
a saline solution of 16 gr/l NaCl with the phantom placed with a 4 cm vertical
offset. Surprisingly, the B+

1 map for the 5 gr/l NaCl is very similar to the one for
the compartment filled with distilled water in figure 4.3. An interesting difference
can be observed by comparing measurements and simulations for both conductive
phantoms. While in the simulations RF penetration due to conductivity of the
NaCl is seen, these are absent in the measurements. Table 4.2 clearly indicates
that the more conductive the phantom, the larger the deviations.



68 Chapter 4. Experimental validation of hyperthermia SAR treatment planning

Table 4.2: Statistics of difference measurements and simulations

Phantom RMS (%) SD (%) Max (%) Min (%)
transverse central water 1.2 1.1 4.7 -2.5
transverse central oil 1.6 1.4 7.5 -1.0
transverse 4 cm y-offset water 0.8 0.8 6.3 -3.6
transverse 4 cm y-offset oil 1.5 1.2 4.7 -2.2
Coronal 4 cm y-offset water/oil 1.9 1.6 3.3 -5.7
transverse central NaCl 5 gr/l 3.1 2.4 0.3 -9.5
transverse 4 cm y-offset NaCl 16 gr/l 17.9 13.8 2.0 -55.6

4.4 Discussion

4.4.1 Comparison Measurements and Simulations

The simulations and measurements for the water/oil phantom show a good quan-
titative correlation for the transverse slices. The difference maps show maxium
deviations of 5 % at the edges of the cylinder where the computed B+

1 values are
affected the most by staircasing approximations in the simulated cylinder model.
All water/oil measurements showed a small unexpected assymmetry in the hor-
izontal direction, especially visible at the left and right edges of the phantom.
To investigate whether this can be attributed to horizontal positioning errors, we
estimated our maximal positioning error as 1 cm and simulated the correspond-
ing transverse B+

1 map. The result showed a similar asymmetry as in the mea-
surements, although the quantitative effect is small and can explain the observed
asymmetry only partly (data not shown).

The coronal measurement in figure 4.4 shows also a reasonably good correlation
with the coronal simulation. However, in the measurement the effect of the interface
is more prominently visible. Especially in the oil compartment, it can be seen that
the influence of the interface affects larger region in the measurements than in the
simulations. Most probably the calculation grid of 5 mm is too coarse to describe
the dielectric interface satisfactorily. A quasi-static zooming procedure might be
an improvement in this respect (Van de Kamer et al., 2001b).

As can be seen in figure 4.3 and table 4.2, the more conductive phantoms show
considerably larger deviations, where the highly conductive phantom of 16 gr/l rep-
resents an extreme case. Here RF attenuation is visible in the simulation, which
is absent in the measurements. An important assumption in the simulations is
the imposed idealized quadrature current distribution in the coil. It is known that
due to inductive coupling between the coil and conductive samples, this assump-
tion can be invalid. This effect was already shown in a computational study to
occur in a 64 MHz body transmit coil for a similarly sized conductive phantom.
(σ = 0.76 S m−1, εr=85) (Ibrahim et al., 2000a).
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To study this more thoroughly, we investigated the effect of an altered coil cur-
rent distribution by changing the mutual phase and amplitude between the two
orthogonal modes. Suprisingly, when small phase differences down to zero degrees
were assumed keeping their mutual amplitudes equal, i.e. almost or purely linear
excitation, the simulations show for both conductive phantoms a similar pattern
as in the measurements. The results are shown in figure 4.6.
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Figure 4.6: Effect of mutual phase between two quadrature modes

on B+
1 distribution in transverse midplane of conductive

phantom compartment. Row 1: 5 gr/l NaCl placed centrally,
row 2: 16 gr/l NaCl with 4 cm vertical offset.

As an explanation it is hypothesized that by loading the coil with conductive
phantoms, the coil is being detuned, i.e. a shift in resonant frequency occurs. If
the loading of the two quadrature modes is different, the degeneracy is removed
affecting also the phase relation and amplitude ratio between the modes. From a
standard Bode diagram for high Q resonant systems, it can be easily seen that
around resonance the phase is especially sensitive for detuning. Another explana-
tion may lie in the quadrature hybrid which applies the phase shift of π/2 between
the two input signals and is designed to function with a normally loaded coil, i.e.
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containing a patient. In the near future we hope to check these hypotheses with
measurements although it is practically difficult to perform the necessary measure-
ments on clinical scanners. An alternative to circumvent this problem, is to make a
full resonant FDTD model of the coil including the matching circuitry. In this way
the coil-sample coupling is automatically included and thus can be determined.

4.5 Conclusions

In this study measurements and simulations for simple phantoms placed inside
a MR transmit coil were performed and compared. It has been shown that MR
B+

1 imaging is a sensitive and accurate way of obtaining quantitative information
about the RF field inside phantoms. The method allows accurate measuring of even
small differences in the B+

1 field with 95% confidence intervals in a range between
1.5 and 5% of the measured value. It is expected that a comparable sensitivity can
be obtained for B+

1 measurements on human cadavers.

FDTD simulations of the B+
1 field distribution were performed modeling the exper-

imental setup as accurately as possible, assuming however an idealized quadrature
coil current distribution. Comparison between measured and simulated B+

1 distri-
butions for the water/oil phantom showed a strong quantitative correlation with
RMS differences of around 2%. From these findings it is concluded that the ge-
ometrical description of the coil is sufficient and the assumption of an idealized
quadrature current distribution on the coil holds for the water/oil phantoms. This
assumption becomes invalid for conductive phantoms when coil-sample coupling is
becoming significant. It is hypothesized that the degeneracy of the two quadrature
modes is removed by the additional inductance of the conductive phantoms, which
results in an altered phase relation between the quadrature modes. This fact was
demonstrated by the measurements and the simulations on the saline phantoms,
which showed that for these phantoms the excitation was almost linear.

Since in the human body conductive tissue types make up a considerable percent-
age of the total body weight, it is believed that for human cadavers the coupling
cannot be ignored at 64 MHz. The closer proximity of a human tissue to coil
structures, results in even stronger coil-sample coupling. The coil-sample coupling
effect should therefore be taken into account to be able to do a reliable validation
study. This can be done by making a FDTD model of the coil with inclusion of the
capacitors and the matching circuitry. In this way the full resonant behaviour of
the coil is simulated and the need to assume an idealized coil current distribution
in the simulations, is lifted. This will be a topic of future investigations. In general,
we concluded from the study described in this paper that it is feasible to apply B+

1

imaging as an experimental validation method for hyperthermia SAR treatment
planning models.
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Abstract In this study MR B1+ imaging is employed to experimentally verify the valid-

ity of FDTD simulations of electromagnetic field patterns in human anatomies. Measure-

ments and FDTD simulations were performed of the B+
1 field induced by a 3 Tesla MR

body coil in a human corpse. It was found that MR B+
1 imaging is a sensitive method to

measure the radiofrequency magnetic field inside a human anatomy with a precision of

approximately 3.5 %. A good correlation was found between the B+
1 measurements and

FDTD simulations. The measured B+
1 pattern for a human pelvis consisted of a global,

diagional modulation pattern plus local B+
1 heterogeneties. It is believed that these local

B+
1 field variations are the result of peaks in the induced electric currents, which could

not be resolved by the FDTD simulations on a 5 cubic millimetre simulation grid. The

findings from this study demonstrate that B+
1 imaging is a valuable experimental tech-

nique to gain more knowlegde about the dielectric interaction of radiofrequency fields

with the human anatomy.
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5.1 Introduction

In recent years, the study of the interaction of radiofrequency fields with human
bodies has become a lively research topic. Important research areas are mobile
communications safety and medical applications such as radiofrequency hyper-
thermia and Magnetic Resonance imaging (MRI) (Hirata, 2005; Nadobny et al.,
2005; Ibrahim et al., 2005). An effective and versatile instrument to study the in-
teraction of radiofrequency fields with human bodies is numerical electromagnetic
modelling. In hyperthermia several numerical computation techniques such as the
Conjugate Gradient Fast Fourier Transform (GC-FFT), the Finite Elements (FE)
and the Finite Difference Time Domain (FDTD) methods were adopted quite early
to calculate and optimize field patterns inside human anatomies (Zwamborn et al.,
1992; Sullivan et al., 1987; Paulsen et al., 1993). With the advent of high field MR
imaging these techniques have also been introduced in the MR community and
are applied to analyze problems with respect to radiofrequency safety and field
uniformity at high field strengths (Jin et al., 1996; Collins et al., 1998; Ibrahim
et al., 2000a).

The versatility of numerical techniques to analyze the interaction of RF fields
with human tissue contrasts sharply with the limited possibilities to measure RF
fields inside the human body. Experimental attempts have been mainly limited
to probe-type measurements in simple phantoms. Performing such measurements
inside the human body is practically very difficult (Sreenivasa et al., 2003b; Geller-
mann et al., 2000). Furthermore, probe-type measurements are not very suitable
to the study the behaviour of the electromagnetic field in the proximity of dielec-
tric heterogeneities. The importance of these dielectric heterogeneities in creation
of local SAR hotspots is well established (Van de Kamer, 2001). In a recent study
we have demonstrated the capability of MRI to measure non-invasively the ra-
diofrequency B+

1 field of a transmit coil with high resolution (Van den Berg et al.,
2004). This technique provides an unique opportunity to study the interaction of
RF field with the human body experimentally.

In this study this concept will be extended to human anatomies. By comparing B+
1

measurements and simulations on the pelvis of a human corpse, we will test the
validity of our FDTD modelling approach, especially with respect to the impact of
dielectric heterogeneities on the RF field. Furthermore, conclusions will be drawn
about the required resolution in the description of the anatomy. The main goal of
the study was to test the feasibility of this concept for human bodies. Important
items were the attainable precision of B+

1 measurements and to what extend the
influence of the dielectric heterogeneities in the human body is entangled in the
B+

1 field.
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5.2 Methods

5.2.1 Experiments

B+
1 mapping with inclusion of a T1 map

The principle of B+
1 mapping involves acquiring several images at various nominal

flip angle settings for either a spin echo sequence or gradient echo sequence (Barker
et al., 1998; Alecci et al., 2001). An important drawback of this technique is the
relatively long repetition time TR (usually 5 times the largest T1) necessary to
remove T1 weighing from the images leading to a long acquisition time. As a
result, for in-vivo purposes only two nominal flip angle settings are usually used
and the B+

1 is determined from the ratio of these two images (Wang et al., 2005).
A more accurate B+

1 estimate can be obtained by using more nominal flip angle
settings and applying a non-linear fit routine to extract the B+

1 estimate. In this
way the influence of signal noise on the B+

1 estimate is minimized. Therefore, in
this study eleven nominal flip angle settings were used in a broad flip angle range
from 1 to 150 degrees with an increment of 15 degrees resulting in a single slice
B+

1 map. To reduce the total acquisition time for feasibility purposes, a relatively
short repetition time of 1.5 seconds was used. Since this will lead to T1 weighing
in the images, the inclusion of a T1 map in the analysis was necessary.

Experiments were performed on a human corpse that was treated in compliance
with university hospital ethical protocols. After death the body was conserved for
one day in cold storage. The corpse was taken out of cold storage one day before
the measurement to guarantee a constant temperature (room temperature) of the
whole anatomy. For the measurements it was placed in a clinical 3.0 Tesla scan-
ner (Achieva, Philips Medical Systems, Best, the Netherlands) using a quadrature
driven body coil for excitation and reception. The corpse was placed inside the
scanner with its pelvis in the axial center of the body coil. A low resolution trans-
verse scan was performed with maximal field-of-view to record the right-left and
anterior-posterior position of the corpse in the coil. Eleven single slice transverse
scans were acquired with a spoiled gradient echo sequence (TR 1500 ms, TE 2.5
ms, field of view 350 x 245 mm2, slice thickness 10 mm, acquisition matrix 128
x 90). The T1 map was acquired by a single slice 2D mixed sequence consisting
of a dual-echo spin echo sequence interleaved with a dual-echo inversion recovery
sequence (TR 2300 ms, TE 30 ms, field of view 350 x 245 mm2, slice thickness
10 mm, acquisition matrix 64x64). The B+

1 map was determined by fitting the
multi-flip angle data on a voxel basis to the signal model for a spoiled gradient
echo signal using the spatial T1 map. The signal equation for a spoiled gradient
echo sequence is given by:

Signal(r)∼A(r)· sin(λtransmit(r)·θnominal)

1 − e
−T R
T1(r) ·cos(λtransmit(r)·θnominal)

(5.1)
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where A(r) is a spatially varying factor which includes among other factors the
local spin density and local receive coil sensitivity. T1(r) is the local longitudinal
relaxation time taken from the measured T1 map, TR is the repetition time and
θnominal is the nominal flip angle, i.e. the flip angle as set on the scan console. The
transmit sensitivity λtransmit(r) is directly proportional to the amplitude B+

1 (r) and
represents the spatial modulation of the B+

1 excitation field. The transmit sensitiv-
ity λtransmit(r) and the factor A(r) were determined on a voxel basis by a specially
written C++ fit routine employing a freely available C++ library for minimization
problems (Lawrence et al., 1994). The transmit sensitivity was constricted in the
fit to a value between 0.3 and 1.25. The dimensionless spatial transmit sensitivity
map was transformed into an absolute B+

1 map by multiplication with a nominal
B+

1 value of 5.9 μT corresponding to a 90 degree flip angle for a rectangular pulse
of 1 ms duration.

5.2.2 Error analysis

Two types of possible mechanism leading to errors in the B+
1 estimates can be

distinguished. Firstly, any systematic deviations between the fit model and the
measured multi-flip angle curves will lead to systematic errors in the B+

1 estima-
tion. Secondly, noise on the measured multi-flip angle curve will corrupt the B+

1

estimation. We will analyze these two issues separately in this section.

Systematic errors

Systematic deviations between the fit model and the measurements can be easily
recognized by inspecting the distribution of fit residues. If a systematic trend is
visible in the distribution of fit residues, an effect has entered the measurements
which is not described by the fit model. An important aspect in this respect is the
linearity of the radiofrequency amplifiers. Non-linear behaviour of the radiofre-
quency amplifiers can result in smaller or larger flip angles than entered on the
console resulting in systematic errors in the B+

1 estimates. To check the linear-
ity of the radiofrequency amplifiers, the pulse envelope was recorded in time for
each nominal flip angle settings. The signal was collected by a bi-conical antenna
(BICONICA, PMM, Italy) which was placed in close proximity to the bore of
the MRI. The antenna signal was recorded by a digital oscilloscope (TDS 3032B,
Tektronix) with a sampling frequency of 5 MHz. The linearity of the amplifiers
was verified by measuring the surface under the pulse profile for a number of flip
angles covering the full span of nominal flip angles used in the B+

1 measurements.

Effect of noise

If the fit residues show a random variation around zero, it can be assumed that the
precision of the B+

1 estimation is dominated by random noise in the multi nominal
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flip angle scans. In addition, the measured T1 map is also corrupted by noise and
the measured values are not an exact representation of the underlying ’true’ T1

value. These two effects result in a situation in which the measured B+
1 estimate is

only a member drawn from a distribution of possible estimates. The width of this
error distribution represents the attainable precision. To be able to quantify the
precision of the B+

1 estimation procedure, a Monte Carlo approach was followed
(Press et al., 1988). For each voxel point in the B+

1 map, a number of synthetic
multi-flip angle data sets was constructed. The idea is to mimic in the generation
of these synthetic data sets, the influence of noise in the experiments.

The generation of a series of synthetic data sets per voxel point involved several
steps. First a model multi-flip angle curve is created which is sampled at exactly
the same flip angles as in the measurements. This model curve was constructed
on basis of the equation Eq. 5.1 and the local fit estimates. For T1(r) the local
value from the T1 map was used. By superimposing 7500 different Gaussian noise
sets on the model curve, 7500 synthetic data sets were generated per voxel. The
Gaussian noise amplitude was determined for each flip angle image by evaluating
the signal mean in a region outside the anatomy.

5.2.3 FDTD model of transmit coil.

Figure 5.1: Modelled coil geometry loaded with the dielectric pa-
tient model

Subsequently, every synthetic data set is subjected to the fitting routine resulting
in one B+

1 estimate. The T1 value necessary in each fit is drawn out of a normal dis-
tribution with a mean equal to the local T1 value from the T1 map. The standard
deviation of this normal distribution was chosen to be 5 % of the local T1 value,
which is regarded as a realistic measurement error for T1 quantification based on
the used sequence (Kleef and Cuppen, 1987). Performing the fit procedure for all
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synthetic data sets yields a probability distribution of the B+
1 estimates for a cer-

tain voxel point which can be interpreted as the uncertainty of the measurements
due to presence of noise on the multi-flip angle data and the T1 map.

An FDTD model of the 3 Tesla Achieva body coil was made which consisted
of a 16 elements lowpass birdcage coil design. The circular coil geometry was
chosen to approximate the actual geometry with a diameter of 60 cm and an axial
length of 40 cm (DeMeester et al., 2003). The rungs were modelled as bars with
a 1x1 cm2 cross-section, while the endrings consisted of flat copper strips with
1.5 x 1.0 cm2 cross-section. A copper circular radiofrequency shield with diameter
68 cm and length 80 cm was included in the model. See Figure 5.1. The FDTD
method was employed to calculate the magnetic and electric field distribution. The
simulations were performed at an isotropic resolution of 5 mm applying Retarded-
Time Absorbing Boundary Conditions using a time step of 8.3 ps (Berntsen and
Hornsleth, 1994). At various arbitrary points in the domain the evolution of the
electric field. A simulation was terminated when the Fourier component at 128
MHz reached steady state due to sufficient decay of the time signal. All simulations
were carried out on an in-house developed FDTD platform (Van de Kamer et al.,
2001a). The computational domain was 90.5 cm wide in x and y directions, while
in z direction an extent of 100.5 cm was used.

A resonant coil was created by placing capacitors in each rung at 1.5 cm from
the rung-ring connection. The coil was tuned to the lowest resonant (quadrature)
mode to obtain the desired sinusoidal current distribution. An initial guess for
the capacitors was determined using the Birdcage builder software package (Chin
et al., 2002). The capacitors were finally trimmed to 1.4 pF which set the resonant
frequency of the loaded coil at the desired frequency of 128 MHz. Two subsequent
FDTD runs were performed exciting the coil in each run in the upper ring on the
x and y axis respectively. A Gaussian pulsed excitation was applied with a center
frequency of 128 MHz. Quadrature drive was obtained by superpositioning the
fields from both runs with a mutual phase difference of 90 degrees. Eq. 5.2 was
used to determine the effective left circularly polarized magnetic field component
�B1+(�r) (Hoult, 2000).

�B1+(�r) =
�B1xj

(�r) + i �B1yj
(�r)

2
(5.2)

5.2.4 Generation of dielectric patient model

A CT scan was made of the human corpse just before the MR scanning. An in-
plane resolution of 1x1 mm2 was used while a slice thickness of 3 mm and axial
coverage of 60 cm were applied. A dielectric patient model of the human corpse
was generated by thresholding the CT scan into the most significant dielectric
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Table 5.1: Dielectric parameters @ 20 �C and 128 MHz. Taken
from Gabriel (1996) For urine a salinity of 12 g/l was as-
sumed. The conductivity of air was not totally zero for com-
putational purposes. See Van den Berg et al. (2004)

Medium σ εr

- (S m−1)

Muscle 0.74 64.0
Fat 0.07 12.4
Bone 0.12 20.0
Rectum filling 1.5 76
Urine 2.0 75
Air 0.00025 1
Copper 5.8·107 1.0

tissue types (bone, fat, muscle, inner air). It was refined by manually defining the
bladder and the rectum. See Figure 5.2. For the FDTD simulations the dielectric
patient model was downscaled to a 5x5x5 mm3 cubic grid. A special down-scaling
technique was used for this purpose where the low-resolution voxel receives the di-
electric properties of the most frequently occurring tissue type of the corresponding
high-resolution voxels (Van de Kamer et al., 2001c). The dielectric properties used
for the various tissue types are shown in Table 1. The dielectric model was placed
into the coil model according to the recorded placement during the measurements.

5.3 Results

5.3.1 Measurements

In Figure 5.3(a) an example of a recorded radiofrequency pulse for 90 degrees
nominal flip angle is depicted. The pulse profile is an asymmetrically truncated
sinc pulse with a pulse duration of approximately 1.2 ms. In Figure 5.3(b) the
relation between the nominal flip angle settings and the surface under the pulse
envelope are displayed. The relation is linear within 1 % indicating that the power
amplifiers behave linearly over the total flip angle range.

In Figure 5.4(a) the measured T1 is depicted. The average T1 was 670 ms with a
very long T1 (∼ 4 s.) in the urine filled bladder. In Figure 5.4(c) three examples are
shown of measured multi-flip angle curves and their fitted curves for the positions
shown in Figure 5.4(b). The quality of the fit can be evaluated by inspecting
the fit residues which are depicted below as the fraction of their corresponding
data points. A typical deviation pattern from the signal model is observed. This
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(a)
(b)

Figure 5.2: a:) Transverse slice of CT scan of the human corpse.
In the depicted slice the cadaver measured 33 cm by 19 cm
excluding the arms b:) Dielectric patient model based on
segmentation of a CT scan.

indicates that the signal model does not describe the measured curves correctly.
Exclusion of images for nominal flip angles larger than 105 in the fitting routine,
resulted in an improved match as can be observed in 5.4(d). The fit residues are
reduced with roughly a factor three and are within the range that is expected
based on the noise levels of the images.

In Figure 5.5(a) the measured B+
1 map is displayed. The B+

1 is normalized for
a nominal flip angle setting of 90 degrees. The B+

1 map is characterized by a
diagonal non-uniformity pattern. Furthermore, various anatomical structures such
as the bladder and the rectum have a direct influence on the B+

1 distribution. Most
striking are the ”ring type”patterns around the hip bone in the acetabulum, the
socket where the head of femur bone is attached to the hip bone. In some regions
such as the rectum and air pockets filled with decomposition gasses, the signal is
dominated by noise. In these regions the fitting routine is unable to find a fitted
parameter set describing the signal and clips to the lower limit imposed on the
transmit sensitivity.

In Figure 5.5(b) a map of the 95% confidence interval of B+
1 estimates is shown as

obtained with the Monte Carlo error analysis. The confidence interval is generally
small with an average of 3.5% indicating that the B+

1 fit estimates are reliable. In
air pockets the confidence interval is large as is expected in regions dominated by
noise.
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(a)
(b)

Figure 5.3: a:) Envelope of the radiofrequency pulse for a 90 de-
gree flip angle. b:) Area under the radiofrequency pulse ver-
sus the nominal flip angle setting.

5.3.2 Simulations

In Figure 5.5(c) a transverse slice through the simulated B+
1 field distribution is

depicted sliced at the same caudal position as where the measurements were taken.
The simulated B+

1 is normalized to the measured B+
1 map by equalizing on the

average B+
1 in a region-of-interest of 4 cm2 located in the right flank. An absolute

relative difference map is shown in Figure 5.5(d). This difference map was obtained
by matching and resampling the measured map to the resolution of the simulated
B+

1 map. As can be observed, a strong qualitative correlation was found between
the simulated and measured B+

1 maps. The mean of the difference map was 15 %.
However, it is clear that the measurements show finer details than the simulations.
For example the ”ring type”modulation around the hip bone in the acetabulum is
totally absent in the simulations.

5.4 Discussion

5.4.1 B+
1 measurement

The radiofrequency magnetic field component B+
1 was non-invasively measured

inside a human pelvis. By employing a Monte Carlo type of error analysis, an
average 95% confidence interval of 3.5% was found. This demonstrates that a
precise B+

1 measurement is possible with the inclusion of a pre-measured T1 map.
This means that the measurement method is capable of reliably detecting small
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(a) (b)

(c) (d)

Figure 5.4: a:) Measured T1 map. b:) Image at 150 degrees nom-
inal flip angle. The circles mark the positions where the
multi-flip angle profiles where taken in c and d. c:) Multi-
flip angle data and corresponding fitted curves for flip angles
up to 150 degrees. Residues of the fits are depicted below.
d:) dito for a flip angle range up to 105 degrees.
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B+
1 variations in the order of 3 to 4%. Caution should be exercised in inclusion of

high flip angles into the fit. A deviation from the spoiled gradient echo model was
found for high flip angles (> 105 degrees). Therefore we included only flip angles
up to 105 degrees in the fitting routine. In a study performed by Parker and Tofts
(2001) a similar effect was found. It was demonstrated that for high flip angles (≥
130) pulse profile effects play an important role. Using a Bloch simulator they were
able to show that for high flip angles the magnetization vector across a 5 mm slice
can become very non-uniform and has a varying phase across the slice. Since the
compensation for this effect requires additional modelling and knowledge about
parameters such as radiofrequency pulse profile and exact flip angle calibration
method of the scanner, the analysis in this study was limited to flip angles up to
105 degrees for reasons of simplicity. Moreover, the precision obtained with flip
angles up to 105 degrees suffices. The average 95% confidence interval of 3.5%
found in this study allows the detection of small B+

1 variations caused by the local
dielectric heterogeneities.

The extension of this study to hyperthermia patients will allow the in-vivo study of
the dielectric interaction of RF fields with human tissue. However, this will require
shorter acquisition times for practical purposes. It is therefore desirable to reduce
the repetition time even further. Our Monte Carlo error analysis indicates that
repetition times down to 300 ms are possible at the expense of only a relatively
small increase in the measurement error. Although at smaller repetition times the
accuracy of a T1 map becomes more critical, the influence is moderate. Employing
such short repetition times would reduce the total acquisition time to 5 minutes for
8 nominal flip angle images and an 128 x 128 acquisition matrix. The bottle-neck in
reducing the acquisition time will be the 2D mixed sequence to acquire a T1 map
which took in this study about 10 minutes. The application of more advanced
T1 mapping techniques might offer possibilities to reduce this acquisition time
(Cheng and Wright, 2006). Another possibility would be to use more accelerated
B+

1 mapping techniques, which do not require a T1 map (Vaughan et al., 2001;
De Vita et al., 2004). However, these technique generally sacrifice signal-to-noise
for reduction of acquisition time.

5.4.2 Comparison the measurements and simulations

The measured and simulated B+
1 maps have a high degree of qualitative correla-

tion. In both cases the B+
1 distribution seems to be built up of a global, diagonal

modulation pattern and local B+
1 variations. The diagonal B+

1 modulation pattern
originates from a combination of the wave interference of the circularly polarized
radiofrequency field with an elliptically shaped geometry and the reaction mag-
netic fields generated by eddy currents which have especially a pronounced effect
on the B+

1 field at the flanks (Sled and Pike, 1998). These effects will result in
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(a) (b)

(c) (d)

Figure 5.5: a:) Measured transverse B+
1 map. b:) Map of the 95 %

B+
1 confidence interval as percentage of the local B+

1 value.
c:) Transverse slice through the simulated B+

1 distribution
at same the height as the measurements. d:) A relative dif-
ference map (%) between the simulated and measured B+

1

map as percentage of local B+
1 value.

a spatially varying elliptically polarized radiofrequency field in the anatomy, a
although the coil is driven in quadrature.

More interestingly from a validation point of view are the local B+
1 variations.

In this respect the measurements display finer details than the simulations. For
example, the ring shaped B+

1 patterns around both hip bones in the measurements
are absent in the FDTD simulations. No indications were found that they originate
from experimental inaccuracies. See also Figure 5.5(b). Moreover, no covariance
was observed between the B+

1 heterogeneities around the hip bone and the T1

map.

It is believed that these local B+
1 heterogeneities, such as observed in the hip joint,

are real and are the result of electromagnetic field disturbances, i.e. high values of
induced electric currents due to abrupt transitions in dielectric properties. A low
resolution description of the anatomy is not capable of resolving local disturbances.
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Using the socalled quasi-static zooming method which allows electromagnetic field
computation with millemetre resolution, Van de Kamer et al. (2002a) was able to
show that within several milimetres these electromagnetic field disturbances can
occur and lead to the creation of local SAR foci. We show in Figure 5.6 another
example where a low resolution and high resolution SAR distribution around the
symphyse are demonstrated for a frequency of 70 MHz. Future research will be
needed to adopt the quasi-static zooming method for magnetic field computation.
This would allow a deeper investigation into this phenomenon. If is can be proven
true that peaks in the electric currents due to abrupt transitions in dielectric
properties can be made measurable by B+

1 imaging, this would be of great help
for RF safety studies.

(a) (b) (c) (d)

Figure 5.6: a:) Low resolution (5x5x5) mm3 anatomy around the
symphyse. (yellow=fat, gree=bone, red=muscle) b:) High
resolution (1x1x2.5 mm3) anatomy around the symphyse
c:) Low resolution SAR distribution around the symphyse
d:) High resolution SAR distribution around the symphyse
computed with the quasi-static zooming method.

5.5 Conclusions

The capability of MRI to image non-invasively radiofrequency magnetic field dis-
tributions inside a human anatomy provides an unique instrument to study the
interaction of radiofrequency fields with the human anatomy. The results from
this study show the feasibility of using this concept for validation of electromag-
netic modelling of human anatomies. It was demonstrated that B+

1 imaging with
a pre-measured T1 map is a feasible concept for human anatomies. It is capable to
resolve reliably small B+

1 variations of approximately 3.5 %. Monte-Carlo simula-
tions illustrated that it is possible to reduce the total acquisition time to practical
acquisition times for in-vivo subjects.
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In general, a strong global correlation was observed between B+
1 measurements

and FDTD simulations for a human pelvis. It was demonstrated that the B+
1 dis-

tribution consists of a global pattern caused by the elliptical shape of the anatomy
plus local anatomy-dependent B+

1 variations. The FDTD simulations employing a
5x5x5 mm3 cubic grid were not able to reproduce these local B+

1 variations to the
same level of detail as observed in the measurements. It is believed that these local
B+

1 field variations are the result of peaks in the induced electric currents, which
cannot be resolved on a 5 mm cubic grid. Higher resolution electromagnetic sim-
ulation describing the anatomy with millemetre resolution are required to study
these local B+

1 field variations.

The results indicate that for electromagnetic modelling of human anatomies res-
olution is an important issue. A simulation resolution of 5 mm is too coarse to
calculate reliably the effect of dielectric heterogeneities on the electromagnetic
field. It also underlines the importance of a detailed description of the anatomy
in electromagnetic modelling of human anatomies, in particularly for reliable cal-
culation of induced currents and SAR peaks at boundaries with a high dielectric
contrast. The correlation of local B+

1 variations to transitions in dielectric prop-
erties, makes B+

1 imaging a valuable experimental technique for the validation of
electromagnetic modelling of human anatomies. The results from this study are
impetus to perform a larger validation study with hyperthermia patients. It is
believed that from such a study valuable information can be obtained about the
interaction of radiofrequency field with human bodies.
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Abstract The design of an integrated MRI regional hyperthermia system has been
demonstrated. The hybrid system uses a water bolus filled 3 Tesla MRI system with
a three ring phased array antenna for both MRI excitation and hyperthermia. In ad-
dition to monitoring of anatomy, physiology and temperature, such a combination will
allow a unique characterization of the hyperthermia field by employing B+

1 amplitude
and phase mapping. In this study the MRI and hyperthermia performance of the hy-
brid MR/hyperthermia antenna system are investigated by FDTD simulations. The B+

1

uniformity and intrinsic signal-to-noise ratio of the hybrid system are compared with a
conventional 3 Tesla body coil with air filling.

It was shown that the SAR control of the hybrid system in the hyperthermia mode

is comparable to other multi-ring hyperthermia applicators. The presence of the water

bolus leads to extra non-uniformity of the B+
1 transmit field. By employing phase and

amplitude modulation this issue could be effectively addressed resulting in even greater

B+
1 uniformity than the conventional air filled body coil. Using distilled water for the

water bolus, the intrinsic signal-to-noise ratio of the hybrid antenna design is comparable

to the intrinsic signal-to-noise ratio of the air filled body coil. Interestingly, it was found

that the hybrid system requires for the generation of a 90 degree flip angle in the center of

the patient approximately 85% less RF power. This study demonstrated that our hybrid

antenna design can function as an effective regional hyperthermia applicator and as a

high quality MR transmit/receive coil

85
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6.1 Introduction

Optimal regional hyperthermia systems operate in a coherent radiative mode with
the electric field along the body axis, in a frequency range of 100 to 150 MHz. To
allow 3D control of the focus and to ensure efficient power coupling to the patient
the gap between the antenna and the patient has to be filled with a water bolus.
The bolus shortens the radiofrequency (RF) wavelength and consequently also
the antenna length, making it possible to employ a phased array antenna which
consists of three rings of 12 elements each. This design has been investigated
by various authors using finite element (FE) and finite difference time domain
(FDTD) modelling (Wust et al., 1996; Paulsen et al., 1999; Kroeze et al., 2001).
These studies have shown that multi-ring applicators are able to focus the energy
deposition inside a deeply situated tumour, while keeping the energy deposition
in healthy tissue under control to avoid treatment limiting paint complaints.

The optimization of the antenna phase and amplitude settings for an individual
patient is performed by hyperthermia treatment planning (Van de Kamer et al.,
2002b; Wust et al., 1999). The planning comprises of electromagnetic and thermal
modelling techniques which are used to calculate the specific absorption rate (SAR)
and temperature distribution (Van de Kamer et al., 2001a). For this purpose a
patient specific dielectric and thermal model of the patient is generated based on
a pre-treatment CT or MR scan.

In practice, hyperthermia treatment planning is difficult to apply due to several
technical aspects. First of all, the generation of a patient specific dielectric model
is a tedious procedure in which sufficient anatomical details have to be included for
reliable SAR calculations (Wust et al., 1999; Van de Kamer et al., 2001e). Secondly,
the application of an optimized set of phases and amplitudes from the hyperther-
mia planning sets high standards for the hardware, i.e. the antenna array should
be driven with the exact pre-calculated phase/amplitude settings. In practice, this
is very difficult to achieve due to phase and magnitude disturbances caused by
impedance matching networks and cross-coupling between antennas (Wust et al.,
2001; Nadobny et al., 2002). Furthermore, other more practical aspects such as
difficulties with patient positioning and limited possibilities for quality assurance
make planning based treatment optimization difficult to implement in clinical prac-
tice.

Another complicating aspect of hyperthermia treatment planning is of thermal
nature. Since clinical outcome is related to temperature, a translation from SAR
into temperature is necessary (Oleson et al., 1993; Lagendijk, 2000). This requires
patient specific information about important thermal parameters such as local
perfusion and vasculature. Although nowadays sophisticated imaging techniques
are available to acquire blood flow maps and detailed angiograms on a patient
specific basis, the level of detail is still insufficient to calculate reliably tumour
temperatures (Van Leeuwen et al., 1999; Van den Berg et al., 2006b).
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As a result, various groups have acknowledged the importance of MR guidance of
a hyperthermia treatment (Carter et al., 1998; Kowalski et al., 2002; Gellermann
et al., 2005a). On line MR imaging may supply the actual anatomy for planning,
non-invasive thermometry and treatment response assessment. Gellermann et al.
(2005a) used a regional hyperthermia inset system in a standard 1.5 T MRI system.
Due to the different operating frequencies of the hyperthermia and MRI system,
both RF systems can be decoupled and function independently.

The availability of MRI monitoring has naturally raised the question how to employ
temperature maps for the dynamic optimization of antenna phases and amplitudes
(Das et al., 2001; Kowalski and Jin, 2003). Although these proposed methods do
not require any treatment planning, the extra treatment time necessary for this op-
timization will be considerable, especially when several antenna rings are involved.
Furthermore, the application of these concepts for in-vivo patients will require the
application of a very high SAR pulse to obtain a measurable temperature rise.

In this work we propose a true hybrid MRI/hyperthermia system in which a single
antenna system functions as MRI transmit coil and hyperthermia applicator. The
Larmor frequency for a 3 Tesla MR system is 128 MHz, which falls in the optimal
frequency regime for regional hyperthermia of around 100 to 150 MHz (Paulsen
et al., 1999; Kroeze et al., 2001). Such a system could be built as an inset into a
standard 3 Tesla clinical scanner electrically seperated from the original body coil
of the scanner by an electromagnetic shield or it can completely replace the body
coil. An important advantage of this design is that any problems with interference
of the two RF systems in the conventional MR/hyperthermia system are solved
directly. Furthermore, since the same antenna is used for MR imaging and for
hyperthermia, a visualization of antenna fields in the patient becomes possible.
Applying socalled B+

1 imaging which measures the left circularly polarized com-
ponent of the transverse magnetic field, the RF magnetic field can be measured
in absolute terms with millimetre resolution (Van den Berg et al., 2004). Such a
scheme would greatly promote quality assurance. For a regular verification during
treatment, the common antenna system can be switched within several seconds
from the hyperthermia to the MRI mode.

In this study a design for a common phased array antenna system for hyperthermia
and MRI is proposed and tested. The goal of this study is to verify whether
our common antenna design has sufficient SAR control for optimal hyperthermia
treatment on the one hand and whether it can also function as a high quality
MR transmit/receive coil on the other hand. For this purpose several aspects with
respect to MRI and hyperthermia performance of the common antenna system are
investigated by FDTD simulations.
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6.2 Methods

In regional hyperthermia the use of a water bolus is essential as an impedance
match to the patient to achieve optimal power incoupling and to provide skin
cooling. In addition, it allows the use of shorter RF dipole antennas wich makes
the use of several antenna rings for optimal longitudinal control possible (Paulsen
et al., 1999). Therefore, in the hybrid MR/hyperthermia design the patient (pelvic
only) also has to be surrounded by a water bolus. It is expected that the pres-
ence of the water bolus will have some negative consequences for MR imaging.
Extra phase delay in the radiofrequency field will be introduced due to significant
wave propagation taking place in the water bolus. This wave propagation will
be reflected in an increased non-uniformity of the B+

1 transmit field. On the other
hand, the benefits of the water bolus and the multiple antenna rings for hyperther-
mia may apply equally well for MR imaging purposes. A more effective incoupling
of RF energy in the human body could reduce the need for expensive high power
RF amplifiers. Another important aspect which is more difficult to predict, is the
impact of the waterbolus on the signal-to-noise ratio of the NMR signal.

6.2.1 Design proposal and FDTD simulations

Our proposal for the phased array antenna system of the hybrid system consists
of three rings with 12 dipole antennas each with a length of 17 cm and a 1x1
cm2 cross section. The design is shown in three dimensions in Figure 6.1(a). In
Figure 6.1(c) a cross section is depicted. The antennas are embedded in a plastic
cylinder with one side touching the water bolus and operate at 128 MHz (3 Tesla).
The water bolus is filled with tap water (εr = 80, σ = 0.037 S/m) and has an
axial length of 60 cm. The whole system is surrounded by an RF shield (70 cm
diameter, 80 cm length) which is necessary to shield off external RF signals that
would disturb the MR imaging. For comparison purposes an air filled conventional
3T MR body coil (TEM design) consisting of 12 antenna elements (length 60 cm,
1x1 cm2 cross section) is also simulated. See Figure 6.1(b).

An in-house developed FDTD platform was used to calculate the electric and
magnetic field distribution of the antenna system (Van de Kamer et al., 2002a) in
the presence of a patient load. The applicator was loaded with a realistic female
dielectric patient model with a cervical tumour taken from our hyperthermia plan-
ning database. See Figure 6.1(d). Air gaps were opened up in the centre of each
antenna in which an RF current source was placed. Every source is terminated
with a load impedance equal to the characteristic impedance of the antenna. To
calculate the field response of an antenna the following procedure was followed.
The specific antenna is excited with a unit amplitude while the other non-active
antennas are terminated with their load to their non-active current source. In this
way, any RF signals picked up by non-active antennnas terminate in the load and
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are not re-transmitted. In this way the electromagnetic cross-coupling between an-
tennas is included in the FDTD simulations in a manner that also can be achieved
in practice by the use of circulators. Finally, the superposition of the individual
antenna fields according to a specific phase and amplitude modulation results in
the total effective field.

6.2.2 Evaluation of hyperthermia performance

The SAR control of the phased array antenna system was tested numerically for a
hyperthermia patient with a cervical tumour. An optimisation routine was applied
to optimize the SAR deposition in the target (cervix), which was manually delin-
eated by a radiation oncologist. The optimizer maximizes the ratio of the total
SAR deposition in the target and a reference volume (Kroeze et al., 2001). The
reference volume consisted of the whole body. See Figure 6.1(d). The SAR was
calculated as a function of the antenna phase and amplitude settings according to
Eq. 6.1.

SAR(�r) =
σ

2ρ

∣∣∣∣∣∣
N=12∑
j=1

�E(�r)jAj

∣∣∣∣∣∣
2

(6.1)

Here �E(�r)j corresponds to the electric field of the jth antenna element, N is the
number of antennas, σ and ρ represent the electric conductivity (S/m) and the
density (kg/m3) respectively. The complex number Aj represents the amplitude
and phase of the jth antenna element. To assess the ability of the hybrid applicator
to selectively direct energy into the tumour, the tumour index Ti was computed
which is defined as:

Ti =
SAR50(tumour)

SAR50(totalPatient)
(6.2)

In this equation the SAR50 indicates the median value of the SAR in a certain
volume. The result will be compared with the results for the 3 rings cavity slot
hyperthermia applicator from Kroeze et al. (2001).

6.2.3 Evaluation of the MRI performance

B+
1 non-uniformity

A solution for increased B+
1 non-uniformity due to the water bolus may be found

by applying phase/amplitude modulation for the homogenisation of the B+
1 field.

A special optimization program was written for this purpose. The objective is to
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(a) (b)

(c)
(d)

Figure 6.1: a:) Hybrid MRI/hyperthermia system with the three
rings phased array antenna system and a water bolus
as inset. b:) The conventional 3T body coil using a sin-
gle ring of 12 antennas. c:) Cross section of the common
MRI/hyperthermia antenna. The space between the plas-
tic cylinder and RF shield is filled with air. d:) A female
dielectric patient model with a cervical tumour.

minimize the standard deviation of the amplitude of the B+
1 field in a 9 cm thick

transverse cross section in the pelvis. The optimization program employs a freely
available C++ library for this purpose, capable of performing a constrained non-
linear optimization (Lawrence et al., 1994). To reduce the chance to terminate in a
local minimum, several optimization runs are performed with different initial phase
and amplitude settings. In the first run conventional quadrature amplitude/phase
settings are applied as initial settings. For the subsequent runs randomly chosen
initial amplitude/phase settings are applied with the phase varying between 0 and
2π and a relative amplitude between 0 and 1. Eq. 6.3 was used to determine the
effective left circularly polarized magnetic field component �B+

1 (�r) (Hoult, 2000).
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�B+
1 (�r) =

N∑
j=1

�B1xj
(�r) + i �B1yj

(�r)
2

Aj (6.3)

The optimized B+
1 distribution will be compared with the B+

1 field for normal
quadrature excitation of the hybrid system and for the quadrature mode of the
conventional 3T TEM body coil.

Signal-to-noise ratio

The signal-to-noise ratio of the hybrid system and the conventional air filled body
coil will be compared. In both cases the coil/antenna functions is used in transmit
and receive mode.

After excitation the tipped spins precess around the static magnetic field in a
coherent fashion generating a small signal in the antenna. The amplitude of this
signal depends on many parameters such as spin density, relaxation times, sequence
etc. However, from all these parameters only the flip angle and the receive field are
directly related to the electromagnetic characteristics of the coil. The receive field
describes the spatially varying electromagnetic coupling between the precessing
spins and the receive coil. Using the principle of reciprocity, it can be shown
that it equals the right circularly polarized component of the magnetic field for
a unit amplitude drive current of the coil/antenna (Hoult, 2000). When several
coils/antennas are used for detection it is possible to record their complex signals
seperately and apply an offline phase/amplitude modulation in their combination
to maximize the receive field. However, in this study we applied the standard
quadrature combination (Hoult, 2000).

As NMR signal stems from magnetic dipoles associated with rotating spins, the
noise originates from thermally generated randomly fluctuating noise currents.
At a frequency of 128 MHz the noise contribution from the subject is dominant
(Vaughan et al., 1994; Collins and Smith, 2001). To investigate how the magnetic
field of the noise currents are coupled to the coil, the principle of reciprocity can
be applied once more. This makes use of the fact that the thermoelectric coupling
between the sample and the coil works in both directions identically. Thus, instead
of analyzing the generation of a small current in the coil induced by thermal
motion, one can also determine the generation of thermal motion by driving the
coil with a certain current. Using this principle it can be shown that the noise is
proportional to the square root of the total power absorbed by the sample (Pabs)
for a unit amplitude drive current of the coil (Pruessmann, 2006).

Based on this consideration an intrinsic signal-to-noise ratio can be defined (Edel-
stein et al., 1986; Hoult, 2000; Collins and Smith, 2001)
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SNR(�r) ∼ f2

∣∣∣sin(L�B+
1 (�r)γτ) �B−

1 (�r)
∣∣∣

√
Pabs

(6.4)

Here γ is the gyromagnetic ratio of hydrogen, f is the RF frequency and τ is the
RF pulse duration. The dimensionless normalization factor, L, scales the B+

1 field
to obtain a certain flip angle for a given pulse duration τ . �B−

1 (�r) expresses the
sensitivity of the coil. The total absorbed power Pabs was calculated according to
Eq. 6.5.

Pabs =
∑
V

σ
∣∣∣∑N

j=1
�E(�r)jAj

∣∣∣2 ΔV

2
(6.5)

where �E(�r)j is the electric field of the jth antenna element, N is the number of
antennas, σ represents the electric conductivity (S/m) and ΔV is the volume of
a voxel. The complex phase/modulation term Aj is the complex conjugate of
quadrature phase and amplitude settings in transmission. V represent the total
sample volume. For the hybrid applicator this volume is the water bolus plus the
patient, while for the convential body coil it involves only of the patient.

6.3 Results and Discussion

6.3.1 Hyperthermia performance

In Figure 6.2 the optimized SAR distribution is depicted. The tumour index Ti was
5.15 for this patient model which is comparable to tumour indices found by Kroeze
et al. (2001) for the 3 rings cavity slot applicator. It was therefore concluded that
the SAR steering of the hybrid MRI/hyperthermia applicator is satisfactory.

In clinical practice the proper reproduction of the optimized phase and amplitude
settings from the planning can be verified by B+

1 amplitude and phase mapping
of the magnetic field of individual antennas, as was demonstrated in a recent
study (Van de Moortele et al., 2005). Such a scheme would allow a calibration and
correction of the mutual phases and amplitudes of antennas at the start of the
treatment to reproduce the planned set of phases and amplitudes.

To allow practical treatment times, such a pre-treatment calibration cannot con-
sume too much time. Fortunately, there has been significant progress in the devel-
opment of fast B+

1 mapping protocols and the acquisition of a transverse B+
1 map

of the pelvis within a minute has become possible (Adriany et al., 2005; Wang
et al., 2005). A time-effective tactic to characterize the individual antenna fields
would be to first map the B+

1 map in a multiple transmit mode, e.g. when all an-
tenna transmit simultaneously. The B+

1 amplitude of the individual antenna fields
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can then simply be determined from the ratio of an image taken in the single
transmit mode and an image taken in the multiple transmit mode. A prerequisite
for such a method is that both measurements use the same nominal flip angle
and receive antenna configuration. The phase distribution of the antenna fields
can be determined in a similar fashion. Such a characterization procedure of the
individual antenna fields can probably be performed within several minutes.

6.3.2 MRI performance

B+
1 uniformity

In Figure 6.3 simulations of the B+
1 field pattern for the conventional air filled

body coil and the hybrid antenna system are shown. The field was normalized to
obtain a 90 degree flip angle in the center of the optimization volume. The field
pattern for the conventional body coil using quadrature drive showed a typical di-
agonal modulation pattern, which is caused by a combination of wave interference
and inductive effects of a circularly polarized RF field with an elliptical geometry
(Sled and Pike, 1998). The standard deviation relative to the average B+

1 field in
the optimization volume is 16.7%. Quadrature drive for the water filled hybrid
MRI/hyperthermia applicator resulted in a highly non-uniform B+

1 field distribu-
tion with a relative standard deviation of 35.5%. The pattern is characterized by
a pronounced maximum in the center and regions of cancellation at the periphery.

The application of phase/amplitude optimisation can homogenize the B+
1 field sig-

nificantly reducing the relative standard deviation to 11.4%, which even outper-
forms the quadrature result for the conventional body coil in air. See Figure 6.3(c).

Signal-to-noise ratio

Figure 6.4 shows transverse slices through the signal-to-noise ratio distribution for
the quadrature drive of the conventional air filled body coil and for quadrature
and optimized drive of the hybrid applicator. The results are calculated for a 90
degree flip angle in the center of the optimization volume. In the hybrid applicator
all 3 antenna rings were used for detection.

In the signal-to-noise ratio pattern the non-uniformity of the B−
1 and to lesser

extent of the B+
1 field is reflected. In the case of quadrature drive of the hybrid

applicator this leads to voids due to overlapping regions of low B−
1 and B+

1 field
amplitudes. Homogenization of the B+

1 field can reduce this phenomenon to some
extent as is shown in Figure 6.4(c). The signal-to-noise ratios of the hybrid ap-
plicator are reduced with respect to the conventional air filled coil. The average
signal-to-noise ratio of a spherical volume of 13 cm diameter around the cervix
was found to be 30 % higher for the air filled system.
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(a)

Figure 6.2: Optimized SAR distribution in the hyperthermia
mode.

(a) (b) (c)

Figure 6.3: The B+
1 fields for quadrature drive of the con-

ventional body coil (a) and the hybrid applicator (b).
Phase/amplitude modulation was used to homogenize the
B+

1 field of the hybrid applicator (c) in the 9 cm thick trans-
verse slab (indicated by black lines).

The gain of the hybrid system was found to be considerably higher. For one unit
drive current applied to the hybrid antenna system, a 2.5 times higher receive
(and transmit) field in the centre of the patient is produced with respect to the
air filled system. Unfortunately, the signal-to-noise ratio does not benefit from
the higher receive field, since it was found that the sample noise increases per
unit drive current with approximately the same amount. The 30 % lower signal-
to-noise ratio of the hybrid system can be largely attributed to the extra Ohmic
losses in the water bolus. Assuming that the field in the water bolus is dominated
by the high dielectric permitivity of water, distilled water (εr = 80, σ = 0.003
S/m) would reduce the Ohmic losses in the water with a factor 10 according to
its lower conductivy. This would lead to comparable signal-to-noise ratios for the
hybrid antenna system and the conventional air filled antenna system. A further
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(a) (b) (c)

Figure 6.4: Signal-to-noise ratio for quadr. drive of the conven-
tional body coil (a) and the hybrid system (b) and for a
homogenized B+

1 field of the hybrid system (c).

gain in signal-to-noise can be achieved by maximizing the local B−
1 receive field

through an offline phase/amplitude optimization of the complex antenna signals.

The large signal originating from the water bolus causes some difficulties in MR
imaging, which can be solved by adding agents to the water to suppress the signal
(Reinl et al., 2005). However, there are also advantages in detecting a bolus signal
since it can be used as a temperature reference to compensate for drifts in the
static B0 field (Gellermann et al., 2005b).

The ability of the hybrid antenna system to couple RF energy more effectively into
the patient, will also mean that in the MRI mode the hybrid system will require
less RF power to excite the spins. A 2.5 times higher B+

1 field per unit drive
current, will result in a 85% reduction in RF power. This will allow the use of less
expensive RF power amplifiers for spin excitation at high field strengths. For a
single antenna element, i.e. without interference of all the antenna fields, the gain
is even higher. An antenna element from the middle ring generates approximately
a factor 7 higher axial electric field and transverse magnetic field in the center of
the patient than an antenna element of the conventional air filled coil for equal
RF power. It is believed that this gain is caused by several beneficial aspects of
the water bolus. First of all, most of the energy will be radiated in the water bolus
since the effective length of dipole antennas is close to half a wavelength in water
(Kroeze et al., 2001). This will minimize losses in the RF shield. Secondly, the
better impedance match of the water bolus with the patient will result in a higher
incoupling of RF energy into the patient.

These considerations are a somewhat different approach than the classical resonant
body coil concept normally applied in MR imaging, where the coil is designed as
a resonant cavity with a high quality factor. This classical coil concept is advan-
tageous as long as the patient can be placed in the near-field of the coil, where
magnetic energy of the resonant coil is stored. In this region the magnetic field
dominates over the electric field resulting in low sample losses. However, as the
Larmor frequency increases for higher field strengths, the classical coil concept
becomes more difficult to maintain. Quality factors are reduced considerably by
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higher sample losses and radiation losses as antenna dimensions approach the RF
wavelength (Hoult and Phil, 2000; Vaughan et al., 2004). In addition, for high
field MRI (≥ 3 Tesla) the patient is situated somewhere in the transition region
between the near and far field. As a result, the magnetic field in the patient will
become more dependent on radiating field components. As such, at a certain field
strength it becomes more favourable to design the coil not as a resonator storing
magnetic energy in the near-field, but as an antenna which radiates effectively
into the far-field. A water bolus places the patient already in the far field for a
field strength of 3 Tesla, which allows the use of efficient half wavelength dipole
antennas. It can also provides the flexibility to combine two or more antennas in
a single transmit element to maximize the directivity to the region being imaged.

6.3.3 Conclusions

The design of an integrated MRI regional hyperthermia system has been demon-
strated. The hybrid system consists of a 3 Tesla MRI system filled with a water
bolus with a three ring phased array antenna system for both MR excitation and
hyperthermia.

It was shown that the SAR control of the hybrid system in the hyperthermia mode
is comparable to conventional 3 rings hyperthermia applicators. The MRI perfor-
mance of the phased array antenna system was investigated with respect to B+

1

non-uniformity, signal-to-noise ratio and RF power requirements. For quadrature
drive of the hybrid RF antenna system, it was found that the uniformity of the
B+

1 transmit field is severely affected by the increased wave interference due to
the presence of the water bolus. However, phase and amplitude modulation can be
applied to compensate fully for this effect. Extra Ohmic losses in the water bolus
led to a 30 % lower intrinsic signal-to-noise ratio in the centre of the anatomy for
the hybrid antenna system. However, it is expected that by replacing tap water
with distilled water this decrease can be compensated. Interestingly, the simula-
tions demonstrated that the hybrid antenna system is able to generate a 90 degree
flip angle in the center of the anatomy with 85 % reduction in RF power compared
to a conventional 3 Tesla body coil. It may therefore be worthwhile to explore the
benefits of a water filled system for high field MR imaging more deeply.

This study demonstrated that our phased array antenna design is capable of per-
forming regional hyperthermia and MR imaging. A common antenna system will
allow, in addition to non-invasive thermometry, a unique characterization of the
hyperthermia field by employing B+

1 amplitude and phase mapping. It is expected
that this will promote online treatment monitoring and optimization in regional
hyperthermia greatly. Future research items will include the further development
of B+

1 amplitude and phase mapping for online treatment optimization and the
electronic integration and synchronisation of the drive system of the phased array
antenna system with the hardware control of the MR scanner.
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Abstract In high field MRI severe problems with respect to B+
1 uniformity and SAR

deposition pose a great challenge to whole-body imaging. In this study the potential of

a phased array transmit coil is investigated to simultaneously reduce B+
1 non-uniformity

and SAR deposition. This was tested by performing electromagnetic simulations of a

phased array TEM coil operating at 128 MHz loaded with two different homogeneous

elliptical phantoms and four dielectric patient models. It was shown that the wave in-

terference of a circularly polarized RF field with an ellipse and a pelvis produces largely

identical B+
1 and electric field patterns. Especially for obese patients, this results in large

B+
1 non-uniformity and global areas with elevated SAR deposition. It is demonstrated

that a phased array transmit coil can reduce these phenomenons. The technique was

especially successful in suppressing SAR hotspots with a decrease up to 50 %. The ap-

plication of optimized settings for an ellipse to the patient models, leads to comparable

results as obtained with the patient specific optimizations. This suggests that generic

phase/amplitude port settings are possible requiring no pre-information about patient

specific RF fields. Such a scheme would due to its simultaneous B+
1 homogenization and

extra SAR margin, have many benefits for whole-body imaging at 3 Tesla.
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7.1 Introduction

In high field MRI severe problems with respect to B+
1 uniformity and RF power

deposition pose a great challenge for the application of whole-body imaging. As
a result, a development is on-going in which the classical transmit body coil is
being replaced by novel coil designs to overcome these problems (Ibrahim et al.,
2001a; Adriany et al., 2005; Vaughan et al., 2004). Several studies have shown
the potential of a phased array transmit coils to reduce B+

1 non-uniformity in
the human head and chest (Ibrahim et al., 2000b; Li et al., 2005; Collins et al.,
2005). In such a phased array concept the transmit coil consists of separate an-
tenna elements which can modify the effective B+

1 distribution by controlling the
interference of the individual fields by separate phase/amplitude control of the
antenna elements. Other techniques using concepts from RF pulse design employ
adiabatic, and composite RF pulses to correct for B+

1 non-uniformity (Katscher
et al., 2003; Zhu, 2004; Saekho et al., 2005).

The classical birdcage coil first introduced by Hayes et al., is the standard body
coil for low field MR (≤ 1.5 T) (Hayes et al., 1985). It is designed as a passive
resonant ladder network consisting of parallel rungs connected by rings at both
ends. Insertion of appropriate capacitors into the rings and rungs results in two
degenerate resonant modes at the Lamor frequency. Quadrature excitation of the
two modes yields a circularly polarized RF wave producing a relatively homoge-
neous B+

1 distribution in the sample (Glover et al., 1985). An important aspect of
quadrature excitation is the constructive interference of the individual B+

1 fields of
the rungs and the destructive interference of their main electric fields, resulting in
a relatively high B+

1 gain and a low Specific Absorption Rate (SAR). Quadrature
performance is optimal for a cylindrical symmetrical sample placed in the near
field of the coil where there are no phase changes due to wave propagation (Hoult,
2000). However, at higher static fields (≥ 3 Tesla) a near-field approximation is no
longer valid. In fact, a more correct representation for the high field case would be
of an incident electromagnetic wave falling upon a human body and interacting
with the dielectric human tissue. Since the human body is by far more dielectri-
cally than magnetically heterogeneous, this interaction will be mainly in the form
of electric currents. These currents induce their own reaction fields affecting both
the incident electric and magnetic fields in phase and amplitude.

For an elliptical geometry such as a human anatomy placed in circularly polarized
field of e.g. birdcage coil, these effects lead to a particular B+

1 non-uniformity pat-
tern (Sled and Pike, 1998). Furthermore, the cancellation of the main electric fields
of opposite rungs, characteristic for quadrature drive at low field, will be degraded.
This will result in higher electrical field components in the human body leading
to elevated SAR deposition for high field MR. In general, the SAR distribution is
highly heterogeneous due to the complex dielectric interaction of the electrical field
with the human anatomy (Van de Kamer, 2001). Amplification of the electric field
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can occur at transitions between tissues with a high dielectric contrast resulting
in so-called SAR hotspots. The effects have increased the concern for RF safety at
high field and RF safety is becoming an important limitation in the application
of high field MR imaging. This results for example at 3 Tesla in longer scan times
due to lower RF duty cycles, decreased multi-slice efficiency and reduced contrast
due to the need of lower flip angles (Edelman, 2005).

In this study we investigate the potential of a phased array transmit coil for whole-
body imaging at 3 Tesla. We will focus on imaging of the pelvis area. Since the ellip-
tical pelvis is characterized by large transverse dimensions and is electrically highly
heterogeneous, severe B+

1 non-uniformity effects and problems with elevated SAR
deposition are expected. Most studies investigating the potential of phased array
transmit coils have focused on ways to optimize global or local B+

1 non-uniformity
(Ibrahim et al., 2000b; Li et al., 2005). However, we believe that a phased ar-
ray drive has the potential to simultaneously minimize B+

1 non-uniformity and
reduce SAR deposition. This hypothesis will be tested by performing electromag-
netic simulations for a 12 elements TEM coil operating at 128 MHz consisting of
antenna elements whose phase/amplitude port settings can be individually con-
trolled. First, FDTD simulations and phase/amplitude optimization are performed
for homogeneous elliptical phantoms. Second, the same technique will applied for
four different dielectric patient models to be able to establish the impact of various
heterogeneous patient anatomies. At the end the results for the elliptical phantoms
and patient models will be generalized to verify whether patient specific optimiza-
tion are required or that generic optimized settings are possible.

Figure 7.1: a:) The coil model loaded with a patient model. The
pelvis was placed centrally in the coil. b:) Dielectric patient
model based on segmentation of a CT scan. (red=muscle,
yellow=fat, green=bone, blue=inner air) The black lines
depict the region-of-interest in which B+

1 uniformity was
optimized.
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7.2 Methods

7.2.1 Coil simulation

For this study a 12 elements TEM coil design was modelled operating at 128
MHz. The circular coil had an axial length of 60 cm and a diameter of 60 cm.
The coil consisted of 12 copper rods coupled by capacitors at both ends to an RF
shield. See Figure 7.1b. Each antenna element was excited in the center of a rod by
an independent RF current source. The Finite Difference Time Domain (FDTD)
method was applied to numerically solve the governing Maxwell’s equations. The
simulations were performed on a cubic grid of 5 mm resolution applying Retarded-
Time Absorbing Boundary Conditions resulting in a time step of 8.3 ps (Berntsen
and Hornsleth, 1994). All simulations were carried out on an in-house developed
FDTD platform (Van de Kamer et al., 2001a). The simulations were run on a
standard PC running Linux.

In total, 12 simulation runs were performed calculating in each run the electric and
magnetic fields of one TEM antenna element. The antenna elements were tuned
to resonance by placing capacitors in the rod-shield connectors. The appropriate
capacitors were determined in an iterative procedure. First, a simulation run was
performed to calculate the initial impedance of the antenna element. Next, the
capacitors were tuned until the imaginary part of the antenna impedance was
smaller than 1 Ohm. Each antenna element was connected to an excitation source
which source impedance was matched to the characteristic impedance of the spe-
cific antenna element for optimal in-coupling. In one simulation run the non-active
elements were terminated with their source (characteristic) impedance. This en-
sures that any signal picked up by these non-active antennas, is dissipated by the
source impedance and not re-transmitted. The total field was computed by super-
positioning the individual fields of the elements imposing a certain mutual phase
and amplitude relation.

7.2.2 Elliptical Phantoms

Two homogeneous elliptical phantoms were simulated. Their minor and major axes
were chosen to represent a slim (39 x 18 cm) and an obese (50 x 23 cm) patient.
Both ellipses have almost equal eccentricity. The axial extent of the two elliptical
phantoms was 1 meter. To be able to assign realistic homogeneous dielectric prop-
erties to the phantoms, a volumetric averaging of two dielectric patient models
was performed. This resulted in a mean patient relative dielectric permitivity of
31 and a mean patient conductivity of 0.31 S/m. The elliptical phantoms were
placed in the center of the coil.
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Table 7.1: Dimensions dielectric patient models.

Pat. Model Gender Max. lateral size Max. AP size Axial length
(cm) (cm) (cm)

I female 38.0 19.5 60.0
II female 48.0 29.0 60.0
III female 42.0 26.0 whole body
IV male 37.0 22.0 45.0

7.2.3 Patient Model

For this study 4 different dielectric patient models were analyzed, 3 models of
female patients and one of a male patient. The dielectric patient models were
taken from a database maintained at our department consisting of patients who
received RF hyperthermia. In RF hyperthermia a CT scan is made of every patient
before treatment. By simple thresholding such a CT scan can be segmented in the
most dielectric significant tissue types, i.e. bone, fat, inner air and muscle (ESHO
Taskgroup Committee, 1992). This results in a very detailed dielectric patient
model. An example of such a dielectric patient model is depicted in Figure 7.1a.
The models were based on CT scans with a resolution of 1x1x3 mm3. For the
simulations the patient models were down-sampled on a 5x5x5 mm3 cubic grid. The
selected patient models had a considerable variation in body size. See Table 7.2.3.
Unfortunately, the axial extent of the patient models differed in length with a
minimal length of 45 cm for the male anatomy.

7.2.4 Optimization

After the FDTD calculation of all the field components, the optimization is per-
formed. A special optimization program was written for this purpose. It requires as
input the individual magnetic and electric fields of all TEM antenna elements. The
objective is to minimize the quotient of the standard deviation and the average
B+

1 in a certain region of interest. See Figure 7.1a. The trivial solution of zero am-
plitude for all antennas was excluded by requiring a certain B+

1 amplitude in the
center of the optimization volume. The optimization procedure involves optimiz-
ing 12 amplitudes and 11 independent phases. This is a non-trivial procedure and
requires non-linear optimization techniques. The optimization programs employs
a freely available C++ library for this purpose, capable of performing constrained
nonlinear optimization (Lawrence et al., 1994).

The optimization is performed separately for the elliptical phantoms and the pa-
tient models. To reduce the chance to terminate in a local minimum, every opti-
mization is run several times with different initial phase and amplitude settings.
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In the first run quadrature amplitude/phase settings are applied as initial settings.
For the other runs randomly chosen initial amplitude/phase settings are applied
with the phase between 0 and 2π and relative amplitude between 0 and 1. Eq. 7.1
was used to determine the effective left circularly polarized magnetic field compo-
nent �B1+(�r) (Hoult, 2000). The complex number Vj represents the amplitude and
phase of each antenna element.

�B
+

1 (�r) =
N=12∑
j=1

�B1xj
(�r) + i�B1yj

(�r)
2

Vj (7.1)

In the optimization process the local SAR deposition cannot exceed a user defined
limit in the whole phantom or patient anatomy. The optimization algorithm has
the possibly to include several constraint functions. Here, the constraint function
is defined according to Eq. 7.2 and calculates the local SAR deposition.

SAR(�r) =
σ

2ρ

∣∣∣∣∣∣
N=12∑
j=1

�E(�r)jVj

∣∣∣∣∣∣
2

(7.2)

Since the SAR deposition depends on the MR sequence, the optimization program
requires the user to define the desired flip angle in the center of the region-of-
interest and the duty cycle τ/TR. In this study, the SAR deposition was normalized
for a 90 degrees rectangular RF pulse in the center of the optimization volume
applying a duty cycle of 5 %. From the SAR distribution the maximum SAR
averaged over 1 cm3 and the partial body SAR were computed. The partial body
SAR was defined as the average SAR over the central 45 cm of the elliptical
phantom or patient model.

7.3 Results

7.3.1 Elliptical Phantoms

Quadrature Drive

In Figure 7.2 the transverse slices through the B+
1 and SAR distributions are

depicted for the two homogeneous elliptical phantoms using quadrature excitation.
Both ellipses have similar patterns in B+

1 and SAR with a point symmetry with
respect to the origin. The larger ellipse has clearly a larger B+

1 non-uniformity
and higher SAR deposition. Towards the flanks of the ellipse high B+

1 and SAR
values occur indicating that body size is an important parameter with respect to
B+

1 and SAR deposition. High SAR values do not necessarily correlate with high
B+

1 values. At the anterior and posterior side of the phantom voids in B+
1 appear.
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Figure 7.2: Transverse B+
1 (a,b) and SAR (c,d) distributions for

the two elliptical phantoms using quadrature excitation.

Figure 7.3: Optimized transverse B+
1 (a,b,c) and correspond-

ing SAR (d,e,f) distributions for SAR constraints 20 W/kg
(a,d), 2.0 W/kg (b,e) and 1.5 W/kg (c,f)

Phase/amplitude optimization for elliptical phantoms

The constrained optimization was performed 20 times with different initial phase
and amplitude settings. For every optimization quadrature initial phase/amplitude
settings resulted in optimal B+

1 uniformity. The optimization was carried out with
three different SAR constraints. In Figure 7.3 the optimized transverse B+

1 and
SAR distributions for the large ellipse are shown. The B+

1 distribution of Fig-
ures 7.3a is effectively the result of a SAR unconstrained optimization by applying
a large SAR constraint of 20 W/kg. As is illustrated by Figure 7.3d, the SAR un-
constrained B+

1 homogenization leads notably also to a reduction of SAR peaks.
When a SAR constraint of 2 W/kg is introduced in the optimization, SAR peaks
are even more reduced while the B+

1 uniformity remains similar. See Figures 7.3b
and 7.3e. When the SAR constraint is tightened to 1.5 W/kg a further decrease
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in SAR deposition is achieved, however, at the cost of a deterioration of B+
1 uni-

formity. See Figures 7.3c and 7.3f. Comparing these optimized results with the
quadrature results of Figure 7.2, it is clear that phase/amplitude optimization
leads to a significant and simultaneous improvement in B+

1 uniformity as well as
reduction of SAR peaks.

The optimized phase and amplitude settings for the large and small ellipses apply-
ing a SAR constraint of 20 and 2 W/kg are depicted in a polar plot in Figure 7.4.
The optimized amplitude settings for a SAR constraint of 20 W/kg are very similar
for both ellipses. The amplitude polar plot shows for both ellipses a XY-symmetry
as can be expected for a geometry like an ellipse. The amplitudes are reduced
along the major elliptical axis while the amplitudes at minor elliptical axes are
enhanced. The phases are increased along one diagonal, while a decrease takes
place along the other diagonal. When a SAR constraint of 2 W/kg is introduced,
deviations between the small and large ellipse occur. Especially for the large el-
lipse, greater corrections in phase and amplitude are necessary to comply with the
SAR constraint of 2 W/kg.

Figure 7.4: Polar plot of the optimized amplitude (a) and phase
(b) settings for the large and small elliptical phantoms ap-
plying two different SAR constraints. The numbers along
the circumference correlate to the antennas. The phases are
depicted as their deviation from the quadrature phase set-
tings. The major elliptical axis is orientated horizontally
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7.3.2 Human Anatomies

Quadrature Drive

In Figures 7.5a and 7.5d a transverse slice through the B+
1 distribution for quadra-

ture phase/amplitude settings are depicted for patient model I and II. The quadra-
ture B+

1 field patterns of both patient models are qualitatively very similar to the
quadrature field patterns of the elliptical phantoms. Furthermore, as was shown
for the elliptical phantoms, the B+

1 non-uniformity is especially pronounced for the
larger patient. In Figure 7.6a shows transverse and coronal slices through the SAR
distribution for quadrature phase/amplitude settings are shown for female patient
model 2. The distribution is heterogeneous with SAR hotspots appearing at var-
ious locations. Again, the global SAR pattern is analogous to the SAR patterns
found for elliptical phantoms. As is visible in Figure 7.6, SAR peaks typically ap-
pear in the outer corners of contra-diagonal quadrants. Along the other diagonal
the SAR deposition is generally low. This pattern was especially visible for the
larger patients. In addition to these generic SAR peaks, more anatomical specific
SAR peaks occur at locations such as muscle/bone interfaces at the Iliac crest and
the pubic bone. See Table 7.3. For the male anatomy elevated SAR values were
found in the scrotum at the tissue interface with the medial thigh.

Optimization for Human Anatomies

In Table 7.2 the patient specific optimized phase/amplitude settings are shown for
all four patient models. For one optimization 20 runs with different initial settings
were performed. As for the elliptical phantoms, quadrature initial settings resulted
in the optimal B+

1 uniformity. It was found that for moderate SAR constraints B+
1

homogenization and SAR reduction are compatible. Further reduction of SAR de-
position by tightening of the SAR constraint is possible, however, at the expense
of B+

1 uniformity. This transition point was found to be patient specific. In the pa-
tient specific optimizations, the lowest possible SAR constraint was applied which
did not deteriorate attainable B+

1 uniformity.

In Figures 7.5b and 7.5d the homogenized transverse B+
1 distribution for patient

model I and II are depicted. Additionally, in Figures 7.5c and 7.5f, the transverse
B+

1 distributions are shown applying the optimized settings determined for the
small ellipse. This is also illustrated by the histograms in Figure 7.8 of the B+

1

distribution in the optimization volume. Optimization was particularly useful for
the large patient models II and III of Figures 7.8b and 7.8c where the B+

1 non-
uniformity is the largest. The upper limit of approximately 6 μT in all four patient
specific optimized B+

1 distributions is due to fact that for these optimizations the
maximum B+

1 occurred in the center. In the center the field was normalized to 5.9
μT, corresponding to a 90 degrees flip angle for a 1 ms rectangular RF pulse.
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Figure 7.5: Transverse slices through the B+
1 distributions for

patient model I (top) and II (bottom). The left column cor-
responds to quadr. drive, the middle column to pat. spec.
opt. settings and the right column to gen. opt. settings.

Figure 7.6: Transverse and coronal slices through the SAR dis-
tribution (W/kg) for quadr. drive (a) and pat. spec. opt.
settings (b) and gen. opt. settings (c) for patient model II.

Figure 7.7: A transverse slice of the axial electr. field for an ellip-
tical phantom and patient model II using quadr. excitation.
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Figure 7.8: Histograms of the B+
1 values in the optimization vol-

ume for quadrature, patient specific optimized and ellipti-
cally optimized settings. For all patients the optimized set-
ting for the small ellipse were applied as elliptical settings.
The B+

1 value in the center of the optimization volume was
normalized to 5.9 μT.

The application of phase/amplitude optimization leads also to significant suppres-
sion of SAR peaks. This applies for the patient specific as well as the elliptically
optimized phase/amplitude settings. As can be observed in Table 7.3 a reduction
in SAR peaks between a factor of 1.25 to 2 was achieved. Phase/amplitude opti-
mization was also able to reduce the partial body SAR with 15 to 20%. For the
obese patient model III a reduction of approximately 40% was possible.

7.4 Discussion

7.4.1 Field patterns for quadrature excitation

The quadrature B+
1 and SAR distribution calculated for the elliptical phantoms in

this study are similar to theoretical and experimental finding by Sled et al (Sled
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Table 7.2: Optimized phase and amplitude settings for all patient
models

A. No. Model
I

Model
II

Model
III

Model
IV

Phase Ampl. Phase Ampl. Phase Ampl. Phase Ampl.
(deg.) (a.u.) (deg.) (a.u.) (deg.) (a.u.) (deg.) (a.u.)

1 0.8 0.3 0.2 0.3 18.4 0.6 39.7 0.5
2 6.5 1.2 16.0 0.3 9.7 1.1 25.5 0.0
3 46.5 1.1 100.4 1.5 88.4 1.0 62.8 1.4
4 76.7 1.2 130.8 0.9 131.8 2.7 68.4 1.9
5 166.0 1.4 89.0 0.9 55.6 2.6 55.4 1.3
6 90.3 1.3 97.6 1.4 86.8 1.2 84.8 1.1
7 128.5 0.7 155.3 0.6 151.7 0.8 179.6 0.9
8 221.3 0.8 217.5 1.0 210.3 1.2 142.0 1.7
9 269.0 1.3 275.3 1.0 305.8 1.4 258.0 0.6
10 348.0 1.3 287.3 0.1 351.9 1.0 312.3 0.8
11 358.0 1.7 257.1 0.5 309.2 0.6 210.0 1.8
12 260.2 1.9 273.0 2.2 303.3 1.5 314.1 0.3

Table 7.3: Peak SAR values averaged over 1 cm3 and partial body
SAR for quadrature, patient specific and elliptically opti-
mized phase/amplitude settings for all four patient models.

Pat.
Model

Loc. SAR
Peak
(quad)

Peak
SAR
(W/kg)

partial
body
SAR
(W/kg)

Quad. Pat. opt. E. opt. Quad. Pat. opt. E. opt.

I Iliac crest 4.9 2.8 3.0 0.45 0.39 0.38
II Guteal cleft 5.6 4.5 3.2 0.53 0.46 0.41
III Iliac crest 14.7 7.3 8.4 0.90 0.55 0.65
IV Scrotum 13.9 8.3 8.0 0.69 0.59 0.59
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and Pike, 1998). The asymmetry present in the quadrature B+
1 and SAR distri-

bution for the elliptical phantoms, seems to be contra-intuitive at first instance.
One expects that the original xy mirror symmetry present in the geometry of the
problem is reflected in the RF field patterns. To explain this phenomenon the wave
propagation taking place in the ellipse has to be taken into account. A construc-
tion of the hyperbolas of constant mutual phase between all antenna pairs in an
ellipse shows that quadrature excitation does not result in equal interference of
the antenna fields in all four quadrants of the ellipse.

Comparing the quadrature B+
1 non-uniformity patterns of the elliptical phantoms

and of the human pelvis, the degree of similarity is clear. Apparently, the global
B+

1 pattern in the pelvis can be well described by dielectric interaction of an
elliptical conducting sample with a circularly polarized RF field. Although less
visible in SAR distribution due to the strongly tissue- dependent conductivity, a
similar correspondence exists between the SAR distribution of an ellipse and a
human pelvis. This becomes clearly visible when field patterns of the main (axial)
electric field for an ellipse and the human pelvis are compared. See Figure 7.7. The
simulations for the patient models showed that this field component averaged over
the whole anatomy 3.5 to 5 times higher than the other two transverse electric
field components accounting for the majority of the SAR deposition.

In both cases amplification of the axial electric field takes places in two contra-
diagonal quadrants of the pelvis. At these locations a higher degree of constructive
interference of the axial electric field takes place than in the other two compart-
ments. As follows from the results for the elliptical phantoms and dielectric patient
models, this amplification of the electrical field is especially pronounced for the
large patients.

Apart from these SAR peaks caused by the elliptical geometry, also local anatomy
dependent SAR hotspots occur. The simulations have shown that around anatom-
ical structures such as the Iliac crest and the pubic bone elevated SAR deposition
takes place. Clinical experiences with RF hyperthermia which uses the same fre-
quency range and field orientations, confirm that these locations are notorious sites
for pain complaints due to excessive heating (Van de Kamer et al., 2002a).

7.4.2 Phase/amplitude optimization.

It was shown in Figure 7.3 that for elliptical phantoms a SAR unconstrained B+
1

uniformity optimization also leads to a parallel reduction in SAR deposition. This
illustrates that the two phenomenons are closely coupled. However, for the dielec-
tric patient models this dependence is more complicated due to the existence local
SAR hotspots caused by dielectric heterogeneities in the anatomy. For stringent
SAR constraints the outcome of the optimization becomes more sensitive for these
anatomy specific SAR hotspots. We found that an optimization without a SAR
constraint can even lead to the creation of higher SAR peaks.
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The similarity between the global field patterns of an ellipse and the human pelvis,
results in similar optimized settings. In Figure 7.9 a comparison is made between
the mean of the patient specific optimized phase/amplitude from Table 7.2 and
the optimized settings for the small ellipse. The only noticeable difference is the
lower amplitudes at the ventral side for the patient specific optimizations. This is
probably by the asymmetry in the dorsal-ventral direction for the human pelvis.

Figure 7.9: Polar plot of the mean optimized amplitude (a)
and phase (b) settings for the four patient models. The
phase/amplitude settings for the small ellipse with a SAR
constraint of 2.0 W/kg are also depicted. The numbers along
the circumference correlate to the antennas. The phases are
depicted as their deviation from the quadrature phase set-
tings. The patient model were placed with their ventral side
facing antenna 4.

As is illustrated by the optimizations for the elliptical phantoms and dielectric
patient models, phase/amplitude modulation is especially useful for large patients
where the B+

1 non-uniformity and SAR deposition is the largest. The diagonal
B+

1 non-uniformity pattern typical for quadrature excitation is almost completely
removed in the optimized B+

1 field patterns. The histograms in Figure 7.8 indicate
also that the patient dependency in the B+

1 distribution can be greatly reduced
by employing phase/amplitude modulation. Although the patient specific opti-
mization results in superior B+

1 uniformity, the largest B+
1 non-uniformity is also

removed by application of the elliptical settings.

As demonstrated in this study, quadrature drive is clearly no longer the optimal
drive scheme for the elliptical human pelvis. The destructive interference of the
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main (axial) electric field can be maximized by applying phase/amplitude modu-
lation. In this respect patient specific optimized settings and elliptically optimized
settings have comparable performance. Especially the SAR peaks occurring in
the contra-diagonal quadrants for quadrature drive, can be effectively suppressed.
Importantly, as shown by Table 7.3, phase/amplitude optimization is also able
to minimize SAR peaks around dielectric heterogeneities in the anatomy. Never-
theless, a residual electric field amplification is unavoidable since these anatomy
dependent SAR hotspots are the result of a very local, sub-wavelength interaction.

Furthermore, partial body SAR was reduced. For patient model III a decrease
of 40 % in partial body SAR is possible while for the other three patients this
decrease was limited to 15 to 20 %. This fact is closely related to the choice
of the normalization point. All fields were normalized to 5.9 μT in the center
of the optimization volume. For all patient models except for patient model III,
the phase/amplitude optimization resulted in a lower intrinsic B+

1 gain in the
normalization point. This means that more power has to be applied to the coil to
achieve the desired 5.9 μT. As a consequence the B+

1 field will be accompanied by
higher electric field components in the patient. This phenomenon compensates to
a certain extent the overall SAR reduction by the optimized destructive electric
field interference. This effect is a consequence of the fact that the implemented
SAR constraint is a local constraint aimed to check the creation of local SAR
peaks. Future phase/amplitude optimization could include parallel a whole body
SAR constraint, although this study showed that at 3 Tesla local SAR peaks are
the real bottleneck.

7.4.3 Applying elliptical settings as generic settings

As demonstrated in this study, the global B+
1 and SAR field pattern can be ex-

plained by the dielectric interaction of an elliptical geometry with the RF field. As
a consequence, the application of elliptically optimized phase/amplitude settings
can remove a large part of the B+

1 non-uniformity and SAR peaks in the human
pelvis. This suggests that elliptically optimized phase/amplitude settings can be
applied as generic settings. In this study only one set of elliptically optimized set-
tings were applied and resulted in significant gain. Possibly a more refined scheme
is imaginable with a lookup-table of various sets of elliptical phase/amplitude set-
tings. Depending on the elliptical dimensions of human subjects, the optimal set
can be selected. Such a scheme does not require any knowledge about the patient
specific RF fields. The results from this study indicate that it will be especially
beneficial for obese patients where the quadrature drive would normally result in
large B+

1 non-uniformity and SAR peaks. The application of such a scheme would
require a coil existing of separately controllable antenna elements. Various groups
have already demonstrated such coil systems (Vaughan et al., 2004; Seifert et al.,
2004; Kurpad et al., 2004).
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7.4.4 Combination and comparison with other techniques

A combination of the here proposed technique with other techniques to reduce
B+

1 non-uniformity are possible. For example, since the proposed technique will
create extra SAR margin, it might be possible to eliminate the remaining B+

1 non-
uniformity with an adiabatic RF pulse. However, a prerequisite for such a combina-
tion is that the phase coherence between all the antenna fields is preserved. Other
techniques which employ multi drive concepts such as parallel excitation apply
very distinctly modulated RF pulses for the different antenna and will therefore
lack phase coherence. As a consequence the various antenna fields are assumed
to be independent with no interference. Although parallel excitation is superior
with respect to B+

1 homogenization, the here proposed method does not require
pre-information about the spatial B+

1 distribution of each antenna (Katscher et al.,
2005).

The potential of parallel excitation for reducing SAR has also been pointed out
(Zhu, 2004). However, this potential is not yet clearly demonstrated for in-vivo
imaging applications. The method proposed by Zhu et al. aims to find a set of
antenna RF drive functions for different antennas which in conjunction with the
application of specific gradient fields, produces the desired B+

1 excitation profile
while minimizing the total induced electrical field in the sample. Since this tech-
nique utilizes incoherent RF drive, any comparison with the here proposed coherent
phase/amplitude drive to reduce SAR reduction is therefore not straightforward.
However, we can state that in principle with phase coherence maximal cancella-
tion of the main electrical field can be obtained. This is true provided that the
effective RF wavelength is larger than or near to the lateral body size. At smaller
RF wavelengths the interference of the electric field will be a spatially varying mix
of constructive and destructive interference, possibly leading the creation of prob-
lematic SAR peaks at other locations. In this respect, 3 Tesla is situated in the
high-end region of this regime with an wavelength in tissue of about 0.30 m. How-
ever, an important difference at higher static fields is the location of problematic
SAR areas. While at 3 Tesla high SAR levels occur throughout the whole body, at
7 Tesla they will be concentrated at the superficial fat/muscle layers at the flanks
due to the higher RF attenuation. It may be possible to use phase/amplitude
steering to control these global areas with high SAR peak values.

7.5 Conclusions

This study has shown that the RF field patterns of a homogeneous elliptical phan-
tom and a human pelvis are qualitatively very similar. Quadrature excitation leads
in both cases to a characteristic B+

1 non-uniformity and SAR pattern. This pat-
tern is the result of the wave interference of a circularly polarized RF field with
a dielectric elliptical geometry and therefore a high field effect. The interference



7.5. Conclusions 113

pattern is characterized by global areas with high SAR deposition in two contra-
diagonal quadrants, while along the other diagonal the destructive interference of
the electric results in low SAR deposition.

By implementing a SAR constraint into a phase/amplitude optimization proce-
dure, it was shown with a phased array MR transmit coil a simultaneous re-
duction in B+

1 non-uniformity and SAR deposition is possible. This was illus-
trated by performing phase/amplitude optimization for elliptical phantoms and
four different dielectric patient models. It was proved that although patient specific
phase/amplitude steering is superior, the application of the elliptically optimized
settings on the patients yields also considerable reduction in B+

1 non-uniformity
and SAR deposition. Such elliptical settings can be applied as generic settings
for excitation of elliptical geometries such as the pelvis instead of the standard
quadrature settings. An advantage of such a scheme is clearly that no patient
specific information is necessary about the B+

1 or electric field distribution.

The method is particularly useful in minimizing SAR maxima. This will create
extra SAR margin which can be exploited in different ways, i.e. reduction of scan
time and/or the use of higher flip angles. Combined with the simultaneous gain
in B+

1 uniformity, this method has many benefits for whole body imaging at 3
Tesla. Application is not only limited to the pelvis, MR imaging of other elliptical
geometries such as abdomen or chest could profit as well. Particular potential is
foreseen for quantitative MRI techniques of anatomical sites, where severe flip an-
gle non-uniformity would hamper reliable quantification such as dynamic contrast
enhanced perfusion imaging or spectroscopy in the chest or pelvis.

Although other techniques such as parallel excitation have superior performance
with respect to B+

1 homogenization, the advantage of this technique is clearly the
simultaneous reduction of SAR maxima. In contrast to parallel excitation, the
here presented method maintains phase coherence of the antenna elements. In
this way the electric and magnetic field in a patient can be directly controlled by
manipulating the interference of the individual fields. This allows maximal control
of the main electric field. Potential of phase/amplitude optimization is foreseen at
higher fields, especially with respect to SAR reduction and will be topic of future
research.





Chapter 8

Summary and general discussion

8.1 Summary

Hyperthermia treatment planning aims to calculate and optimize the thermal
dose of hyperthermia treatments for individual patient cases. For this purpose
extensive electromagnetic and thermal modelling techniques have been success-
fully developed over the last years. Unfortunately, means to monitor and verify
a pre-calculated treatment plan during treatment are limited. MR imaging is an
excellent imaging modality to visualize anatomy and physiology. As field strengths
increase, problems with respect to greater RF field inhomogeneities and elevated
RF power deposition pose technical challenges. This thesis demonstrates that hy-
perthermia treatment planning can be verified with MR imaging and that MR
imaging can be optimized with hyperthermia treatment planning.

Chapter 2 described the development of a 3D dynamic contrast enhanced (DCE)
multi slice CT technique that allows coverage of the whole prostate. The enhance-
ment curves were analyzed with a pharmo-kinetic model resulting in quantitative
3D maps of the blood flow, mean transit time, extraction fraction, extracellular
extravascular space and delay time for five patients with T3 prostate carcinoma.
Although the technique was originally developed to measure blood flow for hy-
perthermia treatment planning purposes, its value for radiotherapy planning to
improve tumour definition quickly overtook the original goal. The trade-off be-
tween accuracy in parameter estimation and spatial resolution was assessed and
it was found that a reliable flow estimation can be performed for a voxel volume
of 4.5x4.5x5 mm3. Large regions with elevated blood flow corresponded with the
tumour locations found with conventional diagnostic tools. Using an elevated flow
as a criterium for malignancy, an automatic method to identify suspicious regions
was developed.

In chapter 3 the feasibility of patient specific thermal modelling was tested. For
this purpose the data acquisition of physiological parameters such as blood flow
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and vasculature was taken to the extreme. The quantitative blood flow maps of five
prostates from chapter 2 were combined with an angiogram of the pelvic vascula-
ture that was acquired with multi slice CT angiography. This resulted in a patient
specific thermal model consisting of a discrete vessel model of the pelvic vascula-
ture and a continuum Pennes’ heatsink thermal model of the prostate similar as the
approach proposed by Raaymakers et al. (2001). Using this model the steady state
temperature of the prostate was simulated for a regional hyperthermia treatment.
The model was compared with a Pennes’ heatsink thermal model which assumed
only a homogeneous prostate perfusion according to the conventional guidelines
(ESHO Taskgroup Committee, 1992).

The thermal model incorporating the prostatic blood flow maps with the elevated
tumour perfusion resulted in 1 to 2 oC lower tumour temperatures than the homo-
geneous perfusion thermal model. Pre-heating of blood in the larger pelvic vessels
was found to be moderate, approximately 0.1 to 0.3 oC degrees. This demonstrates
that the prostate receives most of its heat through local power deposition and that
the contribution of blood pre-heating the supplying pelvic vessels is marginal.
Some concerns about the validity of the continuum Pennes’ heatsink model for
the prostate arised when a first comparison with clinical thermometry data of
regional hyperthermia treatments was performed (Van Vulpen et al., 2003). The
calculated temperatures were found to be consistently lower than the clinically
observed temperatures. This prompted a deeper investigation into the impact of
the prostate vasculature by constructing a discrete vessel model of the prostate.
For this purpose the prostate vasculature of a post-mortem prostate was recon-
structed by a cryomicrotome slicing procedure. The outcome clearly demonstrated
that the thermal equilibration of the blood with the tissue occurs largely in the
capsule and larger prostate vessels with a diameter of 200 to 500 μm. The vascular
plan of these thermally significant vessels will therefore have a large effect on the
final temperature distribution. Furthermore, this effect will lead to a local thermal
underdosage around these vessels. Unfortunately, the detection of these vessels is
beyond the limit of modern angiography techniques.

The study clearly illustrated the detailed level of physiological information that is
required for accurate thermal modelling. The complexity of the thermodynamics
of the human body is furthermore underlined by the differences in physiological
response to localized or regional heating found by Van Vulpen et al. (2002). The
results of this study led to a clear conclusion. Calculation of detailed tempera-
ture distributions by hyperthermia treatment planning in patient specific cases
is at the moment unrealistic. A better option to obtain information on tempera-
ture heterogeneity is to use online temperature monitoring with MR thermometry
(Gellermann et al., 2005a).

It was therefore decided to focus on the use of hyperthermia SAR treatment plan-
ning for treatment optimization. To validate our SAR modelling approach, it was
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put to the experimental test in chapters 4 and 5. For this purpose the MR B+
1

imaging method was developed, which allowed a non-invasive measurement of the
transverse magnetic field induced by the MR transmit coil in a human body. Due to
the strong similarities in operating frequencies and field orientations with respect
to regional hyperthermia, this created a direct relevant testcase for hyperthermia
SAR treatment planning.

In chapter 4 a feasibility study towards this validation concept was described.
Experiments were performed on a 1.5 Tesla clinical scanner with an operating fre-
quency of 64 MHz using its body coil as transmit coil. The B+

1 field was measured
in heterogeneous cylindrical phantoms. An electric model of the body coil was
constructed based on the actual coil geometry. Assuming an idealized quadrature
current distribution on the coil, the B+

1 field was simulated with our hyperthermia
SAR treatment planning platform. The results demonstrated that the measure-
ment method is capable of measuring variations in the B+

1 magnetic field caused
by varying dielectric properties. For low conductive phantoms the measurements
and simulations were in good qualitative and quantitative agreement. However,
deviations were found for high conductive phantoms. Additional simulations indi-
cated that for high conductive phantoms, the assumption of an idealized quadra-
ture distribution is not valid due to the increased inductive coupling between the
coil and phantom. It was therefore concluded that for extension of this method
to human anatomies, a full resonant FDTD model of the body coil is required to
account for the coil-sample coupling. The overall conclusion of this study was that
B+

1 imaging is a feasible and valuable method for validation of hyperthermia SAR
treatment planning models.

In chapter 5 the method was extended to a human anatomy. Measurements were
performed on a human cadaver placed in a 3 Tesla clinical MR scanner. A resonant
FDTD coil model was developed of the 3 Tesla body coil. The measured and sim-
ulated B+

1 maps had a high degree of qualitative correlation. In both cases the B+
1

distribution was built up of a global, diagonal modulation pattern which originates
from the dielectric interaction of a circularly polarized radiofrequency field with
an elliptically shaped geometry (Sled and Pike, 1998). More interestingly from a
validation point of view are the local B+

1 variations displayed by the measurement,
which could amount up to 20 % in magnitude of the average B+

1 field. These local
B+

1 variations were not reproduced in the simulations. It is believed that these
local B+

1 heterogeneities were the result of electromagnetic field disturbances due
to abrupt transitions in dielectric properties, which could not be resolved properly
on the 5 mm cubic grid. The general conclusion from this study was that overall
electromagnetic field distribution in the human body could be calculated properly
with hyperthermia SAR treatment planning. However, for the reliable calculation
of induced currents and SAR peaks at dielectric heterogeneities a more detailed
description of the anatomy and a denser simulation grid is required, which is in
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agreement with the outcome of several computational studies (Nadobny et al.,
1998; Van de Kamer et al., 2002a).

In chapter 6 a concept for a common antenna system was proposed which can func-
tion as an MRI transmit coil and hyperthermia applicator. The design consisted of
three antenna rings with twelve dipole antennas in each ring. The antennas were
separately controlled and were in direct contact with a water bolus that filled the
space between the patient and the applicator. The total geometry was surrounded
by an RF shield. Such a common antenna system can be inserted as an inset into
a clinical 3 Tesla MR scanner electrically separated from the original body coil by
its own RF shield or otherwise, it can completely replace the body coil.

It was shown that the SAR control of the common antenna system in the hy-
perthermia mode is comparable to conventional 3 ring hyperthermia applicators
(Van den Bergen et al., 2006a). The MRI performance of the common antenna
system was investigated with respect to B+

1 non-uniformity, signal-to-noise ratio
and RF power requirements and compared to a conventional air filled 3 Tesla MR
transmit coil. For quadrature drive of the common antenna system, it was found
that the uniformity of the B+

1 transmit field was severely affected by the increased
wave interference due to the presence of the water bolus. This issue could be solved
completely by applying phase and amplitude modulation. Extra Ohmic losses in
the water bolus led to a 30 % lower intrinsic signal-to-noise ratio for the hybrid
antenna system compared to the conventional air filled MR transmit coil. How-
ever, it was expected that by replacing tap water with distilled water this decrease
can be compensated. Interestingly, the simulations demonstrated that the hybrid
antenna system requires 85 % less RF power to produce a 90 degree flip angle
in the center of the patient compared to the conventional 3 Tesla body coil. This
study showed that a common antenna is possible which can function in a parallel
manner as a high quality hyperthermia applicator and an MR transmit/receive
coil. Such a combination would greatly promote the quality assurance of regional
hyperthermia due to its unique capability to image the electromagnetic field.

Chapter 7 described a technique to improve the RF excitation for high field MR
imaging. For this purpose extensive use was made of our hyperthermia treatment
planning platform that includes a database of dielectric patient models. The RF
field patterns for an elliptical phantom and four dielectric patient models with
varying body dimensions were analyzed. It was shown that at 3 Tesla the RF
field patterns of a homogeneous elliptical phantom and a human pelvis are glob-
ally similar. Quadrature excitation led in both cases to a characteristic diagonal
B+

1 non-uniformity pattern and high SAR peaks at the flanks. By implementing
a SAR constraint into a phase/amplitude optimization procedure, it was shown
that with a phased array MR transmit coil a simultaneous reduction in B+

1 non-
uniformity and SAR deposition is possible. The technique was especially successful
in suppressing SAR hotspots with a decrease up to 50 %. The application of op-



8.2. General discussion 119

timized settings for the ellipse to the patient models, led to comparable results
as obtained with the patient specific optimizations. This suggested that generic
phase/amplitude settings are possible requiring no pre-information about patient
specific RF fields. The study clearly demonstrated that quadrature excitation is
no longer optimal when wave propagation is present. The here proposed technique
allows a simultaneous B+

1 homogenization and extra SAR margin, which would
have many benefits for whole-body imaging at 3 Tesla.

8.2 General discussion

Hybrid hyperthermia/MRI system

In chapter 6 the feasibility of a common antenna system for hyperthermia and
MR imaging was demonstrated. Such a system will be through its capabilities to
visualize anatomy, physiology, temperature and the electromagnetic field, the next
logical step in hyperthermia applicator design. Challenges lie ahead with respect to
designing the electronic control of the hybrid system. An control system capable
of performing accurate phase/amplitude modulation for regional hyperthermia
has already been built (Van den Berg et al., 2005). However, the design has to
be modified to allow the generation of short millisecond pulses neccessary for
selective spin excitation. In addition to this, the integration and synchronization
of the antenna control system with the existing hardware control of the clinical
MR scanner will be a further challenging topic.

Another future research item will include the further development of B+
1 ampli-

tude and phase mapping. An important aspect which needs to be optimized is the
acquisition time of a B+

1 map. The implemented B+
1 amplitude mapping method

from chapter 5 will take too long for effective treatment monitoring. Fortunately,
there has been significant progress in the development of fast B+

1 mapping pro-
tocols and the acquisition of a transverse B+

1 map of the pelvis within a minute
has become possible (Adriany et al., 2005; Wang et al., 2005). A time-effective
tactic for characterization of the individual antenna fields would be to first map
the B+

1 map in a multiple transmit mode, e.g. when all antenna transmit simul-
taneously. The B+

1 amplitude of the individual antenna fields can then be simply
determined from the ratio of an image taken in the single transmit mode and an
image taken in the multiple transmit mode. A prerequisite for such a method is
that both measurements use the same receive antenna configuration. The phase
distribution of the antenna fields can be determined in a similar fashion. Since we
are only interested in antenna phase differences, it suffices to acquire a complex
image for a single antenna transmit mode and for the reference multiple transmit
mode. From their ratio the phase distribution of a single antenna field with respect
to the reference field can be reconstructed.
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Prospects for B+
1 imaging

The development and testing of the MR B+
1 imaging technique for validation of

SAR modelling was a central part of this thesis. The results illustrated that it
provides a unique instrument to study the dielectric interaction of radiofrequency
fields with the human body. The measurement showed fine details in the B+

1 distri-
bution which were attributed to electromagnetic field disturbances due to dielectric
heterogeneities on the millimetre scale. These disturbances could not be resolved
on a 5 mm cubic simulation grid.

We have started to investigate this hypothesis further by performing high reso-
lution electromagnetic simulations employing the quasi-stationary zooming tech-
nique (Van de Kamer et al., 2001b). In Figure 8.1 a high resolution simulation of
the dominant current density component, Jz, is shown around the left hip joint
of the human cadaver from chapter 5. Based on this high resolution current dis-
tribution the reaction B+

1 field was calculated, i.e. the B+
1 field due to these local

induced currents. See Figure 8.1(c). The measured total B+
1 field around the hip

joint is depicted in Figure 8.1(d).

(a) (b) (c) (d)

Figure 8.1: High resolution anatomy (a), simulated axial current

density Jz (b), simulated B+
1 reaction field (c), measured

total B+
1 field (d) around the left hip joint. The simulations

were performed with a resolution of (1x1x2.5 mm3).

These high resolution simulations demonstrate that at dielectric boundaries the
local B+

1 reaction field can be in the order of 10 to 20 % of the incident field. This
phenomenon is only visible at locations with a significant gradient in Jz, which oc-
cur at dielectric boundaries with a high dielectric contrast. Normally neighbouring
axial current elements cancel their transverse magnetic fields. However, at loca-
tions with gradients in Jz, whether it is in amplitude or phase, the cancellation
will be imperfect in the direction of the gradient. These results indicate that at
a frequency of 128 MHz, the coupling between the electric and magnetic field is
strong enough to make the influence of local dielectric heterogeneities measurable
in the magnetic field (Van den Berg et al., 2006a). This creates the possibility to
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measure the heterogeneity in dielectric tissue properties through B+
1 measurements

(Katscher et al., 2006). At higher frequencies the coupling between the electric and
magnetic field will even increase, making this an interesting application for high
field MR imaging.

Coil or antenna?

In chapter 6 the effect of a water bolus on the MRI performance at 3 Tesla was
assessed. It was found that less RF power was required for the generation of a 90
degree pulse in the center of a patient than a conventional air filled body coil. It
was hypothesized that this originates from the fact that the antenna elements were
optimized as radiative antennas, which radiate their energy mostly into the water
bolus. In the classical resonant body coil concept, normally applied in MR imaging,
the coil is designed as a resonant cavity with a high quality factor. This classical
coil concept is advantageous as long as the patient can be placed in the near-field
of the coil, where magnetic energy of the resonant coil is stored. However, as the
Larmor frequency increases for higher field strengths (≥ 3 Tesla), the patient is
situated somewhere in the transition region between the near and far field. As a
result, the magnetic field in the patient will become more dependent on radiating
field components. This means that at a certain field strength it will become more
favourable to design the coil not as a resonator storing magnetic energy in the
near-field, but as an antenna that radiates effectively into the far-field. Following
conventional definitions for the transition between near and far field, it is esti-
mated that the turnover point will be located somewhere between 7 and 9 Tesla.
The exact location of this turnover point has to be assessed with computational
electromagnetic modelling. A water bolus places the patient already in the far
field for a field strength of 3 Tesla. It also allows the use of small half wavelength
dipole antennas. This provides the flexibility to combine two or more antennas in
a single transceive element. An ensemble of several of such transceive elements can
maximize the directivity to the central region of interest. It is expected that such
a design has the potential to reduce RF power requirements and provide extra
SAR steering capabilities. Furthermore, parallel imaging can profit from the large
number of transceive elements that are possible which each have with a distinct
directivity pattern.

MR imaging at high field

The inherent higher B+
1 non-uniformity and SAR levels at high field strengths (≥

3 Tesla) pose a great challenge for MR imaging. This has led to the development
of novel excitation schemes to overcome these problems (Ibrahim et al., 2001a;
Katscher et al., 2003; Vaughan et al., 2004). Most of these techniques were aimed
at minimizing inhomogeneous spin excitation resulting from the non-uniform B+

1

fields. The technique presented in chapter 7 is unique in the sense that in addition
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to a reduction in B+
1 non-uniformity, a simultaneous decrease in SAR deposition

can be obtained. This compatiblity originates from the fact that both phenomena
are related to induced currents, which can be minimized by optimization of the
destructive interference of the electric field. Simulations show that the technique
is also applicable for whole body imaging at 7 Tesla (Van den Berg et al., 2006c;
Van den Bergen et al., 2006b). At this field strength, a reduction in SAR peaks
of 60 to 70 % is feasible. The proposed technique will require a phase/amplitude
controlled MR transmit coil. Such coils have recently become available which makes
an experimental testing of the technique in the near future possible (Vaughan et al.,
2004; Vernickel et al., 2006).
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Samenvatting

Hyperthermie is een oncologische behandelingstechniek waarbij tumorweefsel ver-
warmd wordt tot temperaturen van 40 tot 44 oC. Het wordt toegepast in combi-
natie met radiotherapie en/of chemotherapie met als doel om de tumorcontrole te
verbeteren (Overgaard et al., 1995; Vernon et al., 1996; Van der Zee et al., 2000).
Bij regionale hyperthermie worden diepgelegen bekkentumoren zoals cervix- en
prostaattumoren verwarmd door middel van radiogolven. De patiënt is hiervoor
omgeven met een ring van antennes. Een conformatie van het verwarmingspatroon
kan worden verkregen door de fase en amplitude van iedere antenne zodanig te
moduleren dat de radiogolven constructief in de tumor interfereren. Simulaties-
tudies hebben laten zien dat op deze wijze tumortemperaturen tot 43 oC mogelijk
zijn (Kroeze et al., 2001).

In de kliniek is het echter zeer lastig om deze temperaturen te bereiken en real-
istische temperaturen variëren eerder tussen de 40 en 41oC (Hand et al., 1997).
Dit wordt veroorzaakt doordat in regionale hyperthermie het arteriële bloed met
een relatief lage temperatuur tussen de 38 en 39oC het doelvolume binnentreedt
(Van Vulpen et al., 2003). Het arteriële bloed zal hierdoor gedurende zijn pas-
sage warmte onttrekken aan het omliggende weefsel totdat het in de kleine ar-
teriën (diameter 0.2 á 0.5 mm) in thermisch evenwicht geraakt met het omrin-
gende weefsel (Chen and Holmes, 1980; Crezee et al., 1993). Rondom de thermisch
niet-geëquilibreerde vaten treedt een temperatuursonderdosering op en een ho-
mogene temperatuursverdeling van het doelvolume is niet haalbaar (Crezee and
Lagendijk, 1992; Lagendijk et al., 1995). Een andere belangrijke oorzaak van tem-
peratuursheterogeniteit is dat de depositie van warmte ongelijkmatig is door de
sterk variërende dielectrische eigenschappen van verschillende weefseltypen in com-
binatie met de heterogene menselijke anatomie (Wust et al., 1999; Van de Kamer
et al., 2002a).

De vrijwel enige methode om inzicht te verkrijgen in deze complexe processen
is middels thermische en electromagnetische modelleringstechnieken (Lagendijk,
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2000; Wust et al., 1996). Hiermee is het mogelijk om voor individuele patiënten de
specific absorption rate (SAR) en temperatuursverdeling te berekenen. Deze pro-
cedure beoogt een maximalisatie van de temperatuur van het doelvolume en wordt
aangeduid met Hyperthermia Treatment Planning (Van de Kamer et al., 2001a).
Het uiteindelijk resultaat is een ”recept”voor de fasen en amplitudes van de an-
tennes tijdens de behandeling zodat dat er maximale opwarming in de tumor wordt
bereikt en de verhitting van gezond weefsel binnen de perken wordt gehouden. Dit
concept veronderstelt echter dat een hele reeks van klinische onderzekerheden be-
meten en gecontroleerd kunnen worden tijdens de behandeling. In de praktijk is dit
onmogelijk te bereiken doordat de huidige manier van kwaliteitsbewaking middels
invasieve thermometrie probes onvoldoende is voor dit doel.

Een ander gebied waar de electromagnetische en thermische interactie van radio-
golven met het menselijk lichaam een belangrijke rol speelt is MRI (Jin et al.,
1996; Ibrahim et al., 2000a; Collins et al., 2004). Met de trend naar hogere veld
(≥ 3 Tesla) MRI scanners schaalt de RF frequentie evenredig mee. Een nadeel
van een hogere RF frequentie is dat het leidt tot een hogere mate van electromag-
netische interactie van de radiogolven met het menselijk lichaam. De consequen-
ties hiervan zijn zichtbaar op twee fronten. Ten eerste nemen de zogenaamde RF
gëınduceerde beeldartefacten toe. Ten tweede tweede wordt er meer electrisch ver-
mogen gedissipeerd in het weefsel bij hogere RF frequenties, waardoor opwarming
van de patiënt bij hoge veld MRI een beperking oplegt aan het gebruik van hoge
fliphoeken en snelle MR sequenties. Deze ontwikkelingen hebben geleid tot een
groeiende interesse binnen de MRI gemeenschap in electromagnetische en ther-
mische modelleringstechnieken als instrument in de ontwikkeling van nieuwe RF
excitatie- en detectietechnieken (Weiger et al., 2001; Katscher et al., 2003; Vaughan
et al., 2004; Van den Berg et al., 2006c).

Het doel van dit proefschrift is de ontwikkeling van afbeeldingstechnieken ter ver-
betering en validatie van hyperthermie treatment planning. Tevens neemt de elec-
tromagnetische analyze van MRI een prominente plaats in en zal gedemonstreerd
worden dat de RF excitatie bij hogere velden (≥ 3 Tesla) sterk verbeterd kan
worden.

In hoofdstuk 2 wordt de ontwikkeling van een multi-slice CT techniek beschreven
om een drie-dimensionale afbeelding te maken van de perfusie van de prostaat.
Hiervoor wordt een contrastvloeistof gëınjecteerd en wordt de aankleuring op vox-
elniveau in de tijd bemeten. Door aankleuringscurves te fitten aan een farmo-
kinetisch model kan informatie worden verkregen over de lokale doorbloeding
en andere fysiologische parameters. Alhoewel deze techniek oorspronkelijk was
opgezet ter constructie van een thermisch model van de prostaat, bleek al snel de
diagnostische waarde voor radiotherapie planning. Er is een nauwgezette analyze
uitgevoerd van de trade-off tussen de betrouwbaarheid van de parameters en de
spatiële resolutie. Het bleek dat voor voxels van 5x5x5 mm3 er een betrouwbare
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bepaling van de perfusie mogelijk is. Grote, aaneengesloten regio’s van verhoogde
doorbloeding bleken te correleren met tumorlocaties, welke door middel van con-
ventionele diagnostische methoden waren gevonden. Op basis van deze observatie
is een methode ontwikkeld om verdachte regio’s automatisch te vinden.

In hoofstuk 3 is de haalbaarheid van patiënt specifiek thermisch modelleren on-
derzocht. Hiervoor is uitgebreide data acquisitie uitgevoerd. De kwantitatieve per-
fusieverdelingen van de prostaten van vijf patiënten uit hoofdstuk 2 zijn gecom-
bineerd met een gedetailleerde angiogram van de vasculatuur van het bekken.
Hiermee is een thermisch model van de prostaat geconstrueerd bestaande uit een
continuüm Pennes’ heatsink model voor de prostaat en een discreet vaatmodel
van de bekkenvasculatuur. Dit fysiologisch gedetailleerde model is vergeleken met
een conventioneel thermisch model voor de prostaat welke een homogene perfusie
van de prostaat verondersteld (ESHO Taskgroup Committee, 1992). Met beide
methoden is de temperatuursverdeling van de prostaat tijdens een regionale hy-
perthermie behandeling berekend.

Uit de resultaten bleek dat het model met de gemeten perfusieverdelingen tot
1 á 2 graden lagere tumortemperaturen leidt dan het model welke een homogene
prostaatperfusie verondersteld. Tevens bleek dat de voorverwarming van het bloed
in de bekkenvasculatuur slechts 0.1 á 0.3 oC bedraagt. Dit betekent dat het convec-
tieve warmtetransport van de bekkenvaten naar de prostaat zeer beperkt is en dat
de prostaat voor zijn opwarming voornamelijk afhankelijk is van het lokaal gede-
poneerd vermogen. Een eerste vergelijking van de gesimuleerde temperaturen voor
de vijf patiënten met klinische data, gaven echter aan dat de berekende prostaat-
temperaturen duidelijk lager waren dan de klinisch geobserveerde temperaturen
(Van Vulpen et al., 2003). Dit duidde erop dat het gebruikte thermisch model
van de prostaat nog niet volledig was. Een additionele studie naar de invloed van
de discrete vaten van de prostaat bevestigde dit. Voor deze studie is voor een
post-mortem prostaat de prostaatvasculatuur gereconstrueerd tot vaten met een
diameter van ongeveer 100 μm. Hiermee kon worden aangetoond dat de thermis-
che equilibratie voornamelijk plaatsvindt in de kapsel- en grotere prostaatvaten
met een diameter van 200 á 500 μm. Dit heeft tot gevolg dat de precieze loop
van deze vaten een grote impact heeft op de uiteindelijke temperatuursverdeling.
Zo zal er in de directe omgeving van deze vaten een temperatuursonderdosering
ontstaan, terwijl in andere delen van de prostaat er minder koelvermogen van het
bloed beschikbaar is dan verondersteld wordt in een continuüm model.

Deze studie toonde duidelijk aan dat voor het accuraat thermisch modelleren in
individuele gevallen er een enorm detailniveau in fysiologische en anatomische
informatie vereist is. Dit, gecombineerd met de complexe fysiologische respons van
weefsel op warmte zoals is gedemonstreerd door Van Vulpen et al. (2003) maakt
dat patiënt specifiek thermisch modelleren op het moment nog niet mogelijk is.

Het vervolg van dit proefschrift concentreert zich op hyperthermia SAR treatment
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planning, waarbij de experimentele validatie van SAR modelling middels MR B+
1

imaging een prominente plaats inneemt. Door middel van deze techniek kan in
een sample de transversale, magnetische component van het RF excitatie veld
afgebeeld kan worden. Daar er grote overlap bestaat tussen de gebruikte frequenties
en veldoriëntaties bij regionale hyperthermie en MRI, creeërt dit een unieke en
relevante validatiemogelijkheid voor hyperthermie SAR treatment planning.

In hoofdstuk 4 wordt een haalbaarheidsstudie beschreven van het gebruik van
MR B+

1 imaging ter validatie van onze methode van SAR modellering. De exper-
imenten zijn uitgevoerd met heterogene, cylindrische fantomen op een 1.5 Tesla
klinische MRI scanner met de 64 MHz body coil als zend- en ontvangstspoel. Er
is een geometrisch model van de body coil geconstrueerd, welke is gebaseerd op de
werkelijke spoelgeometrie. Met behulp van hyperthermie SAR treatment planning
is vervolgens de B+

1 veldverdeling berekend aannemend dat stroom zich volgens een
ideale quadratuurstroomverdeling distribueert over de spoelelementen. De resul-
taten laten zien dat de B+

1 imaging methode voldoende gevoellig is om B+
1 variaties

te meten welke ontstaan door een dielectrische heterogeniteit welke representatief
is voor het menselijke lichaam. Er is een goede kwalitatieve alsmede kwantita-
tive correlatie gevonden tussen de B+

1 simulaties en metingen voor de fantomen
met beperkte electrische geleiding. Voor fantomen met een hogere NaCl concen-
traties trad er een afwijking op. Additionele simulaties duidden aan dat dit wordt
veroorzaakt door de inductieve koppeling van het fantoom met de spoel. Door
deze koppeling verandert de onderlinge fase tussen de twee resonante quadratuur-
modes, waardoor een gëıdealiseerde quadratuurstroomverdeling niet meer geldig is.
Hieruit is geconcludeerd dat een volledige resonante beschrijving van de body coil
noodzakelijk is bij een verdere uitbreiding van dit validatieconcept naar menselijke
anatomieën.

In hoofdstuk 5 is het B+
1 validatie concept getest voor een menselijk lichaam. Hi-

ervoor zijn experimenten uitgevoerd op een 3 Tesla klinische MRI scanner met
een menselijk kadaver. De body coil is beschreven met een resonant FDTD model.
De resultaten lieten een sterke correlatie zien tussen de gemeten en gesimuleerde
B+

1 verdelingen. In beide gevallen bestond de B+
1 verdeling uit een globaal, diag-

onaal patroon welke typerend is voor de interactie van een circulair gepolariseerd
RF veld met een elliptische geometrie (Sled and Pike, 1998). De metingen lieten
echter ook lokale modulaties in het B+

1 veld zien welke niet zichtbaar waren in de
simulaties. Deze lokale modulaties correleerden met overgangen in de dielectrische
eigenschappen. De resultaten duidden aan deze overgangen een lokale storing in het
electromagnetische veld induceren. Het simulatiegrid van 5x5x5 mm3 is waarschi-
jnlijk te grof om dit fenomeen te kunnen simuleren. De algemene conclusie was
dat het globale electromagnetische veld juist wordt beschrijven met onze hyper-
thermie SAR treatment planning. Echter, de resultaten lijken aan te duiden dat er
een fijner simulatie grid nodig is voor betrouwbare berekeningen van gëınduceerde
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stromen nabij weefselovergangen, hetgeen ook bevestigd wordt door diverse simu-
latiestudies (Nadobny et al., 1998; Van de Kamer et al., 2002a).

In hoofdstuk 6 wordt een hybride hyperthermie/MRI systeem voorgesteld welke ge-
bruikmaakt van een gemeenschappelijke RF antennesysteem. Het ontwerp bestaat
uit 3 ringen met ieders 12 apart aanstuurbare antennes werkend bij 128 MHz
waarmee zowel de RF verwarming voor de hyperthermie wordt gedaan alsmede
de RF excitatie en ontvangst voor de MRI. Het voordeel van deze combinate is
dat in de MRI mode niet alleen de anatomie en fysiologie kan worden afgebeeld,
maar ook het complexe electromagnetische veld van iedere antenne. Hiermee is
het mogelijk om het geplande hyperthermieveld te verifiëren. Voor een effectieve
inkoppeling van de radiogolven is een waterbolus noodzakelijk tussen het anten-
nesysteem en de patiënt. Het gemeenschappelijke RF systeem kan samen met de
waterbolus ontworpen worden als een aparte inset welke in een klinische 3 Tesla
MRI scanner geplaatst kan worden.

De studie liet zien dat de mogelijkheden tot SAR conformatie vergelijkbaar zijn
met een conventioneel 3 rings hyperthermie applicator (Van den Bergen et al.,
2006a). De kwaliteit van het watergevulde RF systeem met betrekking tot MRI
is onderzocht voor B+

1 homogeniteit, signaal/ruis ratio alsmede het noodzakelijke
RF vermogen. Deze parameters zijn vergeleken met een conventionele luchtgevulde
MR body coil. Het bleek dat de watervulling voor quadratuurexcitatie tot een ver-
hoogde B+

1 inhomogeniteit leidt. Dit probleem bleek oplosbaar door fase/amplitude
sturing toe te passen. De signaal/ruis ratio van het hybride systeem was 30% lager
dan van de conventionele luchtantenna. Dit kwam voornamelijk door de extra
ruisontwikkeling in de waterbolus, wat eenvoudig te vermijden is door gedistilleerd
water toe te passen welke een veel lagere electrische geleiding heeft dan leidingwa-
ter. Tevens bleek dat het hybride systeem 85% minder vermogen nodig heeft dan de
conventionele luchtgevulde body coil om een bepaalde fliphoek in het centrum van
de patiënt te genereren. Deze simulatiestudie laat zien dat een gemeenschappelijk
antennesysteem zowel goede hyperthermie alsmede MRI prestaties kan leveren.
Dit opent de weg voor een nieuw type hyperthermieapplicatoren die gëıntegreerd
zijn in een MRI scanner waarmee zowel het electromagnetische veld alsmede de
temperatuur gevisualiseerd kan worden.

In hoofstuk 7 wordt een techniek beschreven waarmee de RF excitatie voor hoge
veld MRI kan worden verbeterd. Met behulp van hyperthermie SAR treatment
planning is het electrisch en magnetisch veld voor een elliptisch fantoom en vier
patiëntmodellen geanalyseerd. Deze analyze liet zien dat het globale B+

1 en het
Ez veldpatroon van een ellips en het menselijk bekken sterk vergelijkbaar zijn.
Quadratuurexcitatie leidt in beide gevallen tot een ongunstig diagonaal B+

1 modu-
latiepatroon alsmede hoge SAR waarden bij de flanken van de patiënt. Door middel
van fase/amplitude modulatie is het mogelijk dit patroon sterk te optimaliseren.
Door gebruik te maken van een geautomatiseerde optimalisatieroutine waarbij de
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lokale SAR depositie beperkt werd tot een bepaald maximum, kon worden aange-
toond dat een simultane reductie in B+

1 heterogeniteit en SAR depositie mogelijk
is. Een generieke methode tot optimalisatie is mogelijk door gebruik te maken van
de analogie in het globale electromagnetische veldpatroon van een ellips en een
menselijk bekken. De geoptimaliseerde instellingen voor een ellips gaven vergeli-
jkbare resultaten als patiënt specifieke optimalisaties. Met deze methode is het
mogelijk om problematische SAR pieken met 50% te reduceren. De studie liet
duidelijk zien dat voor 3 Tesla, quadratuur excitatie niet meer optimaal is. De
voorgestelde methode biedt middels zijn simultane reductie van B+

1 heterogeniteit
en extra SAR marge, veel voordelen voor whole body imaging bij 3 Tesla.
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Deuflhard P and Felix R 1998 Evaluation of segmentation algorithms for generation of patient
models in radiofrequency hyperthermia Physics in Medicine and Biology 43 3295–3307

Wust P, Nadobny J, Seebass M, Stalling D, Gellermann J, Hege H C, Deuflhard P and Felix
R 1999 Influence of patient models and numerical methods on predicted power deposition
patterns International Journal of Hyperthermia 15 519–540

Wust P, Seebass M, Nadobny J, Deuflhard P, G Mönich and Felix R 1996 Simulation studies
promote technological development of radiofrequency phased array hyperthermia International
Journal of Hyperthermia 12 477–494
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