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Röntgenstichting Utrecht.



ProefschiftAstrid 3 juni 2012 16:40 Page iii �
�	

�
�	 �
�	

�
�	

Electromagnetic and Thermal Aspects of
Radiofrequency Field Propagation in Ultra-High Field MRI

Propagatie van Radiogolven in Ultrahoogveld-MRI:
Elektromagnetische en Thermische Aspecten

(met een samenvatting in het Nederlands)

Proefschrift

ter verkrijging van de graad van doctor aan de
Universiteit Utrecht

op gezag van de rector magnificus, prof. dr. G.J. van der Zwaan,
ingevolge het besluit van het college voor promoties

in het openbaar te verdedigen
op dinsdag 28 juni 2012 des ochtends te 10.30 uur

door
Astrid Lucia Helena Maria Willemina van Lier

geboren op 22 mei 1984 te Pannerden



ProefschiftAstrid 3 juni 2012 16:40 Page iv �
�	

�
�	 �
�	

�
�	

Promotoren: Prof. dr. ir. J.J.W. Lagendijk
Prof. dr. P.R. Luijten

Co-promotor: Dr. C.A.T. van den Berg



ProefschiftAstrid June 3, 2012 16:40 Page v �
�	

�
�	 �
�	

�
�	

Contents

1 General Introduction 1

2 Introducing: Electrical Properties, Waves and Magnetic Resonance Imaging 9

3 Radiofrequency Heating Induced by 7T Head MRI: Thermal Assessment Using Discrete Vasculature
or Pennes’ Bioheat Equation 13

4 B+
1 Phase Mapping at 7T and its Application for In Vivo Electrical Conductivity Mapping 27

5 Electrical Properties Tomography in the Human Brain at 1.5, 3 and 7T: a Comparison Study. 45

6 Electrical conductivity mapping of brain tumours at 7 tesla 65

7 General Discussion and Summary 77

8 Samenvatting en Discussie 85

9 Bibliography 95

10 Publications 105

11 Dankwoord 107

12 Curriculum Vitae 111

v



ProefschiftAstrid June 3, 2012 16:40 Page vi �
�	

�
�	 �
�	

�
�	



ProefschiftAstrid June 3, 2012 16:40 Page 1 �
�	

�
�	 �
�	

�
�	

1

General Introduction

1.1 Introduction

To create an mr image, the patient is placed in a strong magnetic field, which is called the B0 field. As a result of
this, the nuclear spins in the object start to precess around the B0 field with a specific frequency, the Larmor frequency. This
frequency depends on the strength of the B0 field, and the nucleus and is described the gyromagnetic ratio γ (e.g. γproton =
42.58 MHz/T):

ω = γB0 (1.1)

For example the Larmor frequency (ω) of protons is 64, 128, and 298 MHz, for commonly used B0 field strengths of 1.5, 3 and
7 tesla (T), respectively.

To generate a signal, the spins are flipped from their orientation along the B0 field. This is done using an electromagnetic
(em) pulse, the so-called radiofrequency (rf) pulse, which is orthogonal to the B0 field and ideally oscillates with the Larmor
frequency. Depending on the amplitude and shape of the rf field, a certain flip angle will be achieved. For example, the flip
angle of a block pulse is:

α(x) = γB+
1 (x)τ (1.2)

where B+
1 is the effective magnetic field of the rf pulse and τ is the pulse duration.

As a result of the flipping, the spins no longer precess around the B0 field, and an rf signal - free induction decay (fid) - is
generated by the spins themselves. The frequency of the fid is also equal to the Larmor frequency (Fig 1.1).

Ideally, the B+
1 field is homogeneous, so the same flip angle is achieved throughout the volume of interest. This ensures, that

the contrast in the images is not affected by the B+
1 field but only depends on the tissue properties.

The rf pulse is generated by a coil, which is specifically constructed for a certain field strength. An example of a traditional rf

coil (birdcage coil) is shown in Fig. 1.1. The B+
1 field generated by this type of coil depends on the Larmor frequency (Fig. 1.2).

Here, it can be observed, that the homogeneity of the B+
1 field drops at higher field strengths. Furthermore, such coil can also

be used to receive (= measure) the fid. The spatial sensitivity of the coil to fid signals is the called the B−1 field. Also the B−1
field homogeneity degrades for increasing field strengths. The effect of B+

1 inhomogeneity on the image contrast can clearly be

1
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Chapter 1

Figure 1.1: The effect of an rf pulse on the dipole moment (µ) of the spin. An rf pulse is send to the object using dedicated
coils, for example a birdcage coil. The effective magnetic field generated by the rf pulse is called the B+

1 field. As a result of
the B+

1 field, the dipole moment is flipped with an angle α, and a measurable signal (free induction decay (fid)) emerges.

observed in a 7T image. In regions with a low B+
1 field, a shadow is seen in the image, this reduces the contrast between white

matter and grey matter.

The B+
1 homogeneity decreases at higher field strengths due to wave effects. Those wave effects are caused by the reduced

wavelength of the rf pulse at higher Larmor frequency [1–3], see also Table 2.1. Therefore, strategies to shape the rf magnetic
field - for example aimed at homogenization - are increasingly important at high fields. Those techniques require phase and
amplitude steering of the rf pulses send by multiple antennas [4].

1.2 RF safety

During the process of B+
1 homogenization, not only the magnetic field is affected, but also the electric field of the rf pulse.

Due to constructive interference, this can locally lead to a large electric field [5, 6].

A large electric field, in turn, can lead to tissue heating and ultimately to irreversible tissue damage; the chance of irreversible
tissue damage depends both on the tissue temperature and duration of the heating [7]. With the introduction of ultra-high
field mri (e.g. 7T MRI) with its concomitant wave effects and the use of strategies to mitigate those wave effects, there is an
increasing need for adequate rf safety assessment.

To ensure patient safety, the International Electrotechnical Commission (iec) issued limits on the amount of energy absorbed
by the patient [8]. In the iec regulations, the absorbed energy is quantified by the Specific Absorption Rate (sar, W/kg). The
sar depends on the tissues electrical conductivity (σ) and density (ρ), together with the total electric field (E):

sar =
σ|E|2

2ρ
(1.3)

Limits have been defined for both the global sar, which is the average sar within the body or head, and the local sar, defined
as the sar within 10 grams of tissue. Where the global sar limit is used to prevent systemic heating where the local sar limit
is aimed at preventing local heating.

1.2.1 Electromagnetic simulations and measurements

To monitor the sar, several methods are available. The most straightforward method is measurement of the quality (Q) factor
in loaded (i.e. patients in the coil) and unloaded situation. The ratio between the Q-factors is related to the patients resistance
as is experienced by the rf coil and can, therefore, be used to calculate the amount of energy that is dissipated in the patient if

2
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General Introduction

Figure 1.2: The transmit efficiency B+
1 and receive sensitivity B−1 of a head birdcage coil at 1.5, 3, and 7T obtained using em

simulations. The effect of B+
1 inhomogeneity on image quality is shown in a 7T flair mr image. In the parietal lobes (see

encircled regions) the contrast is affected by the B+
1 field inhomogeneity.

the amount of power fed to the coil is known. Although this is a very useful method to assess the global sar, is cannot be used
to monitor the 10g-sar.

To obtain a spatial distribution of the sar, the linear relation between the initial temperature rise and the rf power dissipation
can be used [9]. In this initial phase of heating, the effect of thermal conductivity, and even cooling by perfusion, seems
negligible compared to the heating caused by the rf exposure. However, in those experiments very high sar levels are required,
to get a temperature increase that is measurable with current thermometry methods. (see also section 1.2.2).

Alternatively to measurements, electromagnetic simulations (em) can be used to assess the sar distribution throughout a
volume. Electromagnetic simulations are based on the Maxwell equations, which describe the interaction between the electric
field and the magnetic field which are affected by the electrical properties. As the electrical properties depend on the tissue
type, a map of the human anatomy is required. Furthermore, the exact geometry of the coil used for rf transmission is needed.

In Finite-Difference Time-Domain (fdtd) simulations of the em fields, the Maxwell equations are numerically solved using a
time-wise interleaved scheme, which iteratively updates the electric and magnetic field. Therefore, the electric as well as the
magnetic field are available of the simulated volume.

The simulated magnetic field can be used for validation of the sar simulations [10]. Using mri, the B+
1 field can be measured,

using so-called B+
1 mapping methods. There are several methods available to measure the B+

1 field [11–14]. Most methods use
the linear relation between the flip angle and the B+

1 field (Eq. 1.2) to obtain the B+
1 map. However, at 7T is was shown, that this

verification is not always sufficient to assess the sar in the body as similar B+
1 fields can have different sar distributions [15].

3
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Chapter 1

1.2.2 Thermal simulations and measurements

Although the iec only directly restricts the sar, the guidelines are based on the maximal allowable temperature in the body, as
the absolute tissue temperature relates to possible tissue damage. Unfortunately, the thermal effect of the rf pulses is generally
not directly related to the sar [16], as the tissues thermal conductivity, perfusion and specific heat capacitance determine the
resulting thermal effect of the rf pulse. Those properties, along with the dielectric properties, can be very heterogeneous in the
body.

Thermometry would therefore be the most direct method to ensure rf safety. Several mri thermometry methods are
available [17]. The required accuracy and precision for a thermometry method is in the order of 0.1 ◦C, as the iec limits
the temperature in the head to 38

◦C [8] and the normal temperature is approximately 37
◦C. Furthermore, such a method

should give a spatial distribution of the temperature, as hotspots are expected. Finally, an mr thermometry method for rf

safety should measure the absolute temperature instead of the relative temperature (e.g. the temperature increase), as only the
absolute temperature is related to the probability of tissue damage.

Relative mr thermometry methods are mostly based on the proton resonance frequency shift (prfs). The prfs of pure water is
small: 1.03 ± 0.02 · 10

−2 ppm/◦C [18]. Currently, an in vivo precision and accuracy greater than 0.5 ◦C is reported for prfs

temperature measurements [19, 20], and in case of motion, the precision can be less than 1
◦C [21]. Based on the accuracy

and precision, and the fact that the relative temperature is measured, those methods are not suited for rf safety assessment.
Besides relative temperature mapping, also, absolute temperature mapping methods are currently developed [22, 23], however,
the in vivo accuracy and precision of those methods is not yet clear.

Therefore, one has to resort to thermal simulations as an intermediate solution to assess the temperature increase caused by
heating. In the body, the temperature depends not only on the tissues specific heat, thermal conductivity and density, and the
rf power, but also on heat transport by the blood. In fact, blood perfusion has a major impact on final temperature distribution
and the perfusion levels are strongly dependent on the exact tissue type [24].

There exist several models to simulate the thermal effect of the absorbed power in the body; for example, the Pennes Bioheat
Equation [25] and its amendment with discrete vasculature (diva) [26]. In those models, the convective heat transport by the
blood is modelled differently. In the Pennes Bioheat model, the convective heat transport is modelled by a heat sink term,
which directly removes energy from the simulated domain. In reality, however, heat that is transferred to the blood can still
interact with it surroundings. For example, if downstream the blood vessel the surrounding tissue temperature is lower than
the blood temperature, heat can be transferred back from the blood to the tissue. diva simulations more accurately model
convection as it uses a set of discrete blood vessels instead of a heat sink. A flow rate and flow direction is assigned to the
discrete blood vessels. The temperature of the vessels depends on the interaction with the surrounding tissue.

1.3 Patient-specific RF safety

In the previous section, the described methods to assess rf safety are mainly based on simulations of predefined models. In
practise, only a limited number of models is available, e.g. [27]. It was already shown, that there can be considerable differences
between the calculated sar levels in those models [6, 28].

To ensure patient safety with simulations nevertheless, there are mainly two options:

1. employ a margin to account for inter-patient variations in anatomy leading to different sar characteristics, or

2. generate patient-specific models using mri.

The first option will lead to suboptimal image quality, as the scan time duration needs to be increased to account for possible
underestimation of the sar in the patient. Although, the required safety margin might be relatively small in some situations [28],
the second option is favourable, as it will ensure for each patient, e.g. also patients with pathological changes in the anatomy
and physical properties. This option is no longer hampered by long simulation times, as the use of graphical processing units
(gpus) have considerably increased simulation speed. For example, em simulations of the head (voxel size: 2.5x2.5x2.5 mm3)
can be performed in less than 7 minutes [29].

Option 2 requires acquisition of several anatomical and physical parameters to build the patient-specific model. For sar

simulations the anatomy and local electrical conductivity and permittivity are required. Temperature simulations require this
sar distribution, also maps of the thermal conductivity, heat capacitance and the perfusion. diva temperature simulations
furthermore require an arteriogram and venogram.

4
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General Introduction

The use of patient-specific models, is not only restricted to rf safety of MRI, but is also of importance for hyperthermia
treatment planning. In hyperthermia, the tissue is deliberately heated by means of rf power deposition. In the past, research
on patient specific models for hyperthermia treatment planning was a major research line in the Department of Radiotherapy
in the University Medical Center Utrecht (e.g. [30, 31]).

1.3.1 Patient-specific anatomical model

In hyperthermia treatment plans, the patient-specific anatomical model is often based on CT images e.g. [32, 33]. In this
approach, the model is divided in compartments of air, muscle-like, fat or tumour. For rf safety of mri a similar method was
employed, however, in this case an mri water-fat separation technique was used to obtain the model [34]. This simplification
of the simulation model was shown to affect the simulated sar distribution in the body at 3T only mildly. However, this
simplified model might not lead to an accurate sar distribution in case the tissue has a distinctly higher conductivity than
muscle (e.g. cerebrospinal fluid). It was already shown before, that errors in the dielectric properties, can lead to erroneous sar

and temperature simulations [35, 36].

1.3.2 Patient-specific dielectric properties model: RF safety applications for electrical properties
tomography (EPT)

A more direct method to build a patient-specific model would be direct mapping of the dielectric properties, i.e. the electrical
conductivity and permittivity. Such method would simultaneously resolves problems regarding anatomical variations and
uncertainty of the dielectric properties. There are several causes for this uncertainty. In the current simulations, the dielectric
properties are based on a series of ex vivo measurements [37, 38]. However, it was found that the dielectric properties will
fluctuate with age [39], and that there even is a difference between ex vivo and in vivo properties [40]. Furthermore, not in all
tissue types the dielectric properties are exactly known, and for example in tumours the different dielectric properties can be
distinctly different than in healthy tissue [41, 42].

To ensure that sar hotspots are correctly simulated, the used resolution should be sufficiently high [43]. At 3T, for example,
it was found that the a dielectric properties map destined for sar simulations should have a resolution of 5x5x5 mm3, [34].
Furthermore, the measurement method should be fast, such that the whole anatomy that is in the coil can be scanned within
reasonable time. And finally, the sar requirements of the method should be low, such that the scan can be performed in a
mode that is safe for all patients.

To map the dielectric properties at the Larmor frequency, a new method called Electrical Properties Tomography (ept) [44] can
be used. Development, validation and clinical implementation of this technique is one of the main topics of this thesis. ept is
further introduced in Chapter 2.

1.3.3 Patient-specific vasculature model

In mr, contrast-enhancement in blood vessels can be achieved without the use of a contrast agent, for example using inflow
contrast [45]. This contrast is based on the signal difference between saturated (= static tissue) and freshly inflowing, non-
saturated (=arterial blood) spins. Simultaneously with a inflow measurement, a T∗2 weighted scan can be performed [46]. As
the T∗2 depends on the local susceptibility, this enables visualization of venous blood; venous blood has a altered susceptibility
due to the presence of deoxygenized haemoglobin. The susceptibility contrast is best visualized at high static magnetic field
strengths, as the effect on T∗2 scales with the field strength. A combined arteriogram and venogram are ideal for acquisition of
a vessel network using in diva temperature simulations, and are used in Chapter 3 to obtain a 3D model of the vasculature in
the head. As the described method does not require a contrast agent, models can also be built of healthy volunteers.

1.4 Quantitative MRI: clinical applications for electrical properties tomography (EPT)

In the previous section the implications of ept with regard to rf safety were discussed. However, this method might also be
useful for diagnostic purposes, as an elevated conductivity was found in tumours with respect to the surrounding healthy
tissue [41, 42]. This change in conductivity is probably related to a change in Na+ concentration, as there is a strong relation
between the two quantities [47, 48]. The conductivity can be seen as a biomarker, as it potentially maps disturbances in Na+

transport processes, which are for example found in tumours, but also in ischemia [49]. In Chapter 6 the relation between
electrical conductivity and Na+ concentration is further introduced.

As ept quantitatively measures the dielectric properties, it belongs to a class of mri methods called quantitative mri . This in
contrary to the commonly used qualitative MRI, which is solely based on the contrast differences. The benefit of quantitative
methods over qualitative ones is the comparability of measurements [50]. This is advantageous for example for multi-centre

5
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Chapter 1

trails [51] and treatment monitoring [52, 53], where measurements at different systems or at different points in time would
make comparison of qualitative scans troublesome.

1.5 Outline of this thesis

In the next chapter (Chapter 2), a theoretical introduction of electrical properties tomography (ept) is given. Here, the relation
between the dielectric properties and the rf excitation magnetic field (the B+

1 field) is derived using the Helmholtz equation.
This is the central equation for the ept reconstruction. For this reconstruction, not only the B+

1 field amplitude is required, but
also the B+

1 phase. Chapter 2, also explains how the phase of rf excitation field can be disentangled from the mr signal phase.

Chapter 3 focuses on the thermal effect of 7T mri with a conventional head birdcage coil. It was investigated if the current
sar regulations are sufficiently limiting the temperature increase in the head. For this purpose, thermal simulations based on
Pennes bioheat equation and diva were used. For the diva simulations, an mri-based vascular tree was used. Finally, it was
investigated how a change in tissue perfusion would affect the tissue temperature. Besides validation of the sar regulations,
this study can also be used to investigate the requirements of an mr thermometry method for rf safety (i.e. thermal resolution).
This implication of the study is further discussed in the General Discussion and Summary (Chapter 7.

The second part of the thesis focuses on the methodology for, validation and first diagnostic implementation of Electrical
Properties Tomography.

As mentioned before, Electrical Properties Tomography requires a map of the amplitude and phase of the B+
1 field. Already

several methods are available to quantify the B+
1 amplitude. However, no well-documented method was known to measure the

B+
1 phase. Therefore, a method to measure the B+

1 phase is introduced and evaluated at 7 Tesla in Chapter 4. em simulations
were used to verify whether the method correctly measures this phase. In this study, it was also investigated if only a B+

1
phase map holds sufficient information to determine the conductivity.

Although, one of the aims of the study was to develop a method to measure the B+
1 phase, it was found that this is physically

not possible. In an mr experiment, always a combination of the B+
1 phase and the B−1 (the receive rf field) phase is measured.

Therefore, an assumption was used to disentangle the B+
1 phase from the combined B+

1 /B−1 phase (see also Section 2.3.2).
Unfortunately, this assumption was not valid at all locations in the head. This was not found in studies at lower field
strengths [44, 54]. Therefore a comparative study at 1.5, 3, and 7T was set-up, which compared the accuracy of the assumption
at the respective field strengths (Chapter 5). Furthermore, it was investigated, if the conductivity could also be correctly
reconstructed using only the phase. Also, it was quantified to what extent the precision of the reconstructed electrical
conductivity and permittivity maps benefit from the increased SNR at high field strengths. Finally, the trade-off between the
accuracy and precision was discussed.

To investigate the diagnostic potential of ept, a small patient group with low and high grade brain tumours was scanned at 7T
(Chapter 6). Based on earlier ex vivo measurements [41] it was anticipated that the conductivity of glioma (brain tumour type)
is higher than the conductivity of the surrounding tissue. The electrical conductivity maps (based on ept reconstruction) were
compared with conventional mr images. Furthermore, the observed conductivity values were quantified within certain Regions
of Interest, and compared to the literature values. The physiological background of the conductivity contrast in tumours is
also explained in this chapter.

6
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Introducing: Electrical Properties, Waves and
Magnetic Resonance Imaging

In conventional mri , tissue properties as the longitudinal and transverse relaxation times (T1 and T2 or T∗2 , respectively)
and the proton density ρ are used to generate contrast. Later, other contrast mechanisms were introduced; for example
based on perfusion, diffusion and chemical exchange. Those contrast mechanisms give more functional information than the
traditional contrast mechanisms. In this Chapter and thesis, a new contrast is introduced: Electrical properties tomography
(ept) [44]. ept is used to map the dielectric properties by measuring the radiofrequency field propagation. As this is a new
contrast, research is aimed at investigating the clinical relevance of this new contrast, and it possible implementation for rf

safety assessment (see also Section 1.3).

2.1 Electrical properties

The electromagntic field is influenced by the electrical properties of the medium it travels trough. This dependence is described
by the magnetic permeability (µ), the permittivity (ε) and the electrical conductivity (σ). The permeability describes the degree
of magnetization that a material obtains when it is placed magnetic field. The permittivity describes to what extent the
electrical field is polarized. And, the conductivity - the reciprocal resistance - describes the ability of a material to conduct a
current.

The permittivity and conductivity vary as a function of frequency. Those properties also vary per tissue type [38]. The
variation in the electrical properties as a function of the frequency in the mri range (64 - 298 MHz) is relatively small (see also
Table 1). In some other frequency bands large dispersion was shown. These effects are observed in the hertz (α-dispersion),
kilohertz-megahertz (β-dispersion), low megahertz (δ-dispersion) and gigahertz (γ-dispersion) range. The first three dispersion
bands are related to the cellular composition of the tissue, whereas the latter dispersion band is related to the polarization of
the water molecules [55].

The relative permeability in the body only varies with a factor 10−6, as is nicely summarized in [56]. It should be noted that
permeability µ is related to the susceptibility χ and the permeability in free space µ0 by: µ = µ0 (1− χ). Only at high static
magnetic field strengths the effects of permeability differences between tissue types become observable, as those differences
locally affect the magnetic field (e.g. [57]). However, for the rf electromagnetic fields it can be assumed that µ = µ0, as the
wave behaviour is dominated by the dielectric properties.

7
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B0 [T] 1.5 3 7

Larmor frequency [MHz] 64 128 298

σ wm [S/m] 0.29 0.34 0.41

σ gm [S/m] 0.51 0.59 0.69

σ csf [S/m] 2.07 2.14 2.22

σ brain [S/m] 0.40 0.46 0.55

εr wm [-] 68 53 44

εr gm [-] 97 74 60

εr csf [-] 97 84 73

εr brain [-] 82 63 52

λ brain [m] 0.45 0.27 0.13

Table 2.1:
The permittivity (εr) and conductivity (σ) as a function of the Larmor frequency for the main constituents of the brain: white
matter (wm), gray matter (gm), cerebro spinal fluid (csf). This overview is based on [38]. Furthermore, the average permittivity

and conductivity of the brain, and the resulting wavelength (λ) are given.

2.2 Waves

The effect of the electrical properties on the magnetic field (B) of the rf pulse can be described using the Helmholtz wave
equation, which is valid for piecewise constant electrical properties and harmonically, time-varying fields:

∇2B + k2B = 0⇒


∇2Bx + k2

xBx = 0
∇2By + k2

yBy = 0
∇2Bz + k2

z Bz = 0
where k2 = µε0εrω2 + iµσω, (2.1)

where k is the wave vector, and ω is the angular frequency of the wave.

In an mr experiment ω is the frequency of the rf pulse, which is proportional to the B0 field strength (see Eq. 1.1). Consequently,
the wavelength shortens for higher field strengths, and the wavelength can even become shorter that the scanned object (see
Table 2.1). This results in interference patterns [3]. For example in Fig. 1.2 the effect of destructive interference is shown, this
leads to a local signal drop. The Helmholtz wave equation can be used as the basis for Electrical Properties Tomography.

2.3 Magnetic Resonance Imaging

The nmr signal fluctuates harmonically with the spins’ Larmor frequency. Therefore, the nmr signal is demodulated using a
mr system clock, which is set to the assumed Larmor frequency of the scanned volume. Deviations between the spin/clock
frequency and phase on the one hand, and the frequency and phase of the nmr signal on the other hand, will ultimately lead
to a signal phase. For example, wave behaviour leads to a phase off-set between the clock and the nmr signal and it is this
phase contribution which is of interest for ept.

2.3.1 Wave behaviour and the MR signal

In mri, the effective rf excitation field is the field as experienced by the rotating spins. The phase of the rf excitation field
is related to the phase of the mr signal, and is not the same as the phase of the B-field. The effective transmit field is the
left-handed rotating field component in the transverse plane - the B+

1 field:

B+
1 (x) =

Bx(x) + iBy(x)
2

(2.2)

where Bx and By are the magnetic fields demodulated with the rf frequency and B+
1 = |B+

1 |exp (−iφ+). From this expression
it follows that a left-handed circular polarized field (= direction of the spin rotation) is most efficient for excitation, as the Bx
and By field in that case add up constructively in Eq. 2.2. Along the same line of argument, a perfect right-handed polarization
would not lead to any excitation.

8
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The magnetic field components Bx and By fulfil Eq. 2.1. Therefore this equation can be rewritten for the B+
1 field:

∇2
(

Bx

2

)
+ k2 Bx

2
= −i∇2

(
By

2

)
− ik2 By

2
(2.3a)

⇒
∇2B+

1
B+

1
= −k2 (2.3b)

∇2
∣∣B+

1

∣∣∣∣B+
1

∣∣ −∇φ+ · ∇φ+ + i

(
∇2φ+ + 2

∇
∣∣B+

1

∣∣ · ∇φ+∣∣B+
1

∣∣
)

= −µε0εrω2 − i (µσω) (2.3c)

For this derivation, the linearity of Eqs. 2.1 and 2.2, and the identity ∇
(

eiφ+

)
= eiφ+∇φ+ were used.

Based on Eq. 2.3c, it can be shown that the conductivity (σ) and the relative permittivity (εr) can be reconstructed separately:

εr =

(
∇2
∣∣B+

1

∣∣∣∣B+
1

∣∣ −∇φ+ · ∇φ+

)
1

−µε0ω2 (2.4a)

σ =

(
∇2φ+ + 2

∇
∣∣B+

1

∣∣ · ∇φ+∣∣B+
1

∣∣
)

1
−µω

(2.4b)

The effective receive sensitivity is defined by the B−1 field:

B−1 (x) =
Bx(x)− iBy(x)

2
. (2.5)

which also fulfils the Helmholtz equation:

∇2B−1
B−1

= −k2 (2.6)

In case of different transmit and receive coils, different Bx and By fields need to be used for the calculation of B+
1 and B−1 . This

is also the case for a transmit/receive quadrature coil, where the phase shift between the two ports is reversed to obtain either
optimal transmission or reception signal [58].

The total received signal (S) will be:

S = B+
1 B−1 (2.7)

neglecting other parameters such as T1, T2, TR, TE, the proton density ρ and the B0 field off-set ∆B0.

From Eqs. 2.3, 2.6 and 2.7, it becomes immediately apparent that the mri signal is a complex signal (i.e. it has an amplitude
and a phase) . The wavelength of the rf fields (B+

1 and B−1 ) are in the range of dimensions of the human subject; therefore,
fluctuations of the amplitude and phase of the rf field can be observed in the mr signal. Especially the amplitude fluctuation
due to wave effects are a well-known disadvantage of high-field mri [3].

2.3.2 Measuring the complex B+
1 field

For ept reconstruction (Eq. 2.3c), the amplitude and phase of the B+
1 field is required. To measure

∣∣B+
1

∣∣, several strategies are
available [11, 12, 14]. Ideally, those methods can be used to disentangle the

∣∣B+
1

∣∣ from all other factors which affect the signal.

Measuring the phase, however, is more troublesome. Eq. 2.7 states that the total signal phase is a sum of the B+
1 and the B−1

phase. To measure the B+
1 phase, it needs to be disentangled from the B−1 phase. For example, in quadrature coils, a fixed

relation between the B+
1 phase (φ+), and the signal or transceive phase (φ±) is assumed [54, 59] (for further discussion see also

Appendix 4.A):

φ+ =
1
2

φ±. (2.8)

Other methods rely on iterative optimization of separation between the B+
1 and B−1 phase within the ept reconstruction [60,61].
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In phase measurements, the rf phase fluctuations can be obscured by a difference between the clock frequency of mr scanner
and the spin’s Larmor frequency, which results in an incomplete demodulation of the nmr signal. As a consequence the nmr

signal gains a phase over time after excitation. Causes for this effect and solutions to remove it are described in section 4.1.3.

Using the measured
∣∣B+

1

∣∣ and the φ± distribution, the conductivity (σ) and relative permittivity (εr) can be reconstructed using
Eq. 2.4a and 2.4b, respectively.
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Radiofrequency Heating Induced by 7T Head mri: Thermal
Assessment Using Discrete Vasculature or Pennes’ Bioheat
Equation

published as:
Radiofrequency Heating Induced by 7T Head MRI: Thermal Assessment Using Discrete Vasculature or Pennes’ Bioheat
Equation
Astrid L.H.M.W. van Lier, Alexis N.T.J. Kotte, Bas W. Raaymakers, Jan J.W. Lagendijk, and Cornelis A.T. van den Berg
J Magn Reson Imaging 2012; 35:735-803, doi:10.1002/jmri.22878

Abstract Purpose: To evaluate and compare the maximum temperature (Tmax) in the head after exposure to a 300 MHz
radiofrequency (rf) field induced by a magnetic resonance imaging (mri) coil using two thermal simulation methods: Pennes’
bioheat equation (pbhe) and discrete vasculature (diva). Materials and Methods: The electromagnetic field induced in the
head by a 7T birdcage coil was simulated using finite-difference time-domain (fdtd) and validated by mri. The specific
absorption rate (sar) distributions normalized to the 10-gram maximum or the whole-head average were used for pbhe and
diva simulations. Results: For all cases, the Tmax in pbhe was slightly higher than in diva. The Tmax was 37.9-38.4 ◦C,
depending on the simulation method or perfusion rate. Conclusion: In some situations, rf exposure limited to sar max,10g led
to a Tmax higher than allowed by International Electrotechnical Commission (iec) regulations. Therefore, it is advisable to use
thermal simulations to evaluate rf safety of mri. The simulation method used only slightly influenced the observed maximum
temperature; the observed temperature with pbhe was higher in all situations. So pbhe is an appropriate method for rf safety
assessment of mri in the head. Using diva simulations, it was found unlikely that the body temperature increases significantly
due to energy deposited by a head coil under normal circumstances.
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Radiofrequency (rf) safety of magnetic resonance imaging (mri) measurements has been a research topic since the
introduction of the technique in the 1970s [62]. The topic has become more important in recent years, due to the introduction
of ultrahigh- field mri.

Increasing the field strength changes the interaction between the rf field and the tissue considerably. First, the higher frequency
shortens the wavelength, which leads to more pronounced local interference effects [3]. Second, the absorbed power is
augmented by the higher frequency and conductivity [63]. As a consequence of the increased absorption and interference,
more rf power is needed to guarantee sufficient B1 (excitation field strength), which in turn is required to ensure image
quality. In the recent past, the assessment of rf safety was focused on calculation of the local density weighted absorbed power
(specific absorption rate, sar). Both the average sar over the head or body (sar w.h.) and the maximum sar weighted over 10

grams of tissue (sar max,10g) are limited by the International Electrotechnical Commission (iec) standards [8]. On this matter,
Wang et al. [16] showed in a simulation study that the 10-g limit is the bottleneck limit in the head at 1.5, 3, as well as at 7T.

Assessing rf safety based on sar, however, is an indirect measure of possible tissue damage. In reality, tissue heating induced
by the absorbed power can potentially cause thermal tissue damage. The risk for tissue damage is related to the absolute tissue
temperature and the duration of thermal exposure [7]. It was found in simulations studies that there is no direct correlation
between the sar and temperature distribution [64]. Therefore, it was concluded by Wang et al. [65] that safety assessment
based directly on the thermal impact of rf irradiation can avoid assumptions made in the sar limits to ensure the thermal
safety of the patient. The iec standards state that the maximum temperature in the head may not exceed 38

◦C.

Another reason to use temperature instead of sar for safety assessment is the notion that the local (ie, 10 g) sar guidelines
might be more conservative than the temperature limits [64]. As a consequence, temperature limits possibly allow for higher
rf powers and thus better overall imaging performance.

To translate local sar into local tissue temperatures, thermal modeling techniques can be used. The thermal simulations by
Wang et al. [16] were based on the Pennes’ bioheat equation (pbhe) [25]. This model describes the heat flow by means of
thermal conductance, convectional cooling by blood, absorbed power, and metabolic rate. In this model, the heat transported
by blood is described by an energy drainage term: the heat sink. This heat sink term is proportional to the local volumetric
blood perfusion and the difference between local tissue temperature and the arterial blood temperature. Although the pbhe

model has proven to be valuable and is relatively simple to apply, it does not fully account for the convectional heat transport
by discrete vessels. To correctly model this effect, a discrete vessel model (diva) has been developed and experimentally
validated [26, 66]. The diva model includes a geometrical description of the vessel network. More recently, this method was
used to model the heat exchange between mother and fetus via the umbilical vein and artery during an mri procedure [67].

In pbhe and diva thermal models, the assigned arterial inflow temperature (ie, temperature of blood entering the model) is
considered to be constant during exposure (eg, 37

◦C, the resting state body temperature). However, convective heat transport
by the venous blood, which returns to the rest of the body, may increase the body temperature [68]. As a result of the increased
body temperature, the arterial blood temperature also increases. diva simulations can be used to investigate this mechanism,
because the venous blood temperature is known. As a first estimate of the effect, a worst-case scenario was used. In this
scenario it was assumed that the increase in venous blood temperature directly leads to an increased body temperature. Also,
the body was assumed to be thermally isolated (ie, cooling of the body by the surrounding air was neglected).

In this work, sar-imposed limits are related to temperature distributions using different thermal models (pbhe or diva). A
setup consisting of 7T birdcage coil and a model of a head was used for the sar and temperature simulations. The sar vs.
temperature comparison is based on two situations:

1. sar normalized to the global sar limit;

2. sar normalized to the 10-g sar limit.

For situation (2), four scenarios are simulated:

a. normal perfusion;

b. 20% increased perfusion;

c. 20% decreased perfusion;

d. body temperature adapted to the venous blood temperature.

For situation [62] only scenario (a) is simulated.

12
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Figure 3.1: (a) Head in coil model. (b,c) Overview of the discrete blood vessels used for the DIVA simulations (red: arteries,
blue: veins). (d) Angiogram. Maximum intensity projection of first echo (inflow scan). (e) Venogram. Minimum intensity
projection of echo (susceptibility weighted scan).

These scenarios are chosen to estimate the effect of intrasubject variations of the perfusion (a-c), and to account for the possible
increase in body and arterial blood temperature (d). To be in accordance with the iec guidelines, the absolute temperature is
reported instead of the temperature increase.

3.1 Material and Methods

3.1.1 Model Generation

Realistic models of the human head, the blood vessels, and a resonant 7T highpass birdcage coil were used for simulations of
the sar distribution and subsequently the temperature maps. The dielectric model of the head was acquired using T1-weighted
images; a total of 13 tissue types were manually segmented [69]. The model was scaled to a 2.5-mm isotropic resolution. The
dielectric properties of the tissue types were based on Gabriel et al. [38].

Using a dual echo mri scan, a separate angiogram and venogram was obtained simultaneously [46]. In the first echo the
arteries appear as hyperintense regions as a result of the inflow contrast. In the second echo, the veins are hypointense due to
the magnetic susceptibility effect. The scan was performed at a 7T system (resolution: 0.35 mm in-plane, 0.3 mm through-plane,
coverage: brain) [70]. The arteries and veins were tracked manually in these scans, resulting in a vascular tree. The dielectric
model and the vessel model were finally merged using anatomical landmarks.

The model of the birdcage coil was based on a 7T transmit head coil (7T volume T/R, Nova Medical, Wilmington, MA). This
coil is a highpass birdcage coil with 16 rods, which is excited at two orthogonal ports to generate a quadrature field. An
overview of the setup used, the head model, and the blood vessels is shown in Fig. 1. The head was placed on a realistic
position in the coil; the corpus callosum was centered in the coil.
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3.1.2 Finite-Difference Time-Domain (FDTD)

The electromagnetic (em) fields in the head, generated by the birdcage coil, were simulated using fdtd simulations. First, the
coil was tuned to a resonance frequency of 300 MHz by iteratively changing the capacitance values. Then an fdtd simulation
was performed to obtain the sar distribution and the magnetic field (B+

1 ) maps. All simulations were performed using an
in-house implementation of fdtd [32]; 20,000 time steps (over 24 cycles) were simulated to ensure a steady state.

Subsequently, the simulated sar distribution was scaled to an sar max,10g of 10 W/kg. This is the maximum local sar for the
head prescribed by the iec regulations [8]. For another set of thermal simulations, the simulated sar distribution was scaled to
an average head sar (sar w.h.) of 3.2 W/kg.

3.1.3 Model Validation

By comparing the measured and simulated B+
1 field, the electric model of the head and the coil was validated [10]. The B+

1 field
was measured using the Bloch-Siegert shift [14] (resolution: 2.5 mm in-plane 5 mm through-plane, ωoff-res = 1.5 kHz, toff-res
pulse = 8 ms). The B+

1 fields were compared based on quantitative and qualitative parameters. The qualitative parameters
were the general field shape and the left/right symmetry. The quantitative parameters were the mean and root-mean-square
(rms) B+

1 values.

3.1.4 PBHE and DIVA

Thermal simulations were performed using two different methods: pbhe and diva. pbhe is based on conductive heat transfer
in tissue and a heat sink. The heat sink term is included to account for the cooling capacity of blood; this heat sink depends on
the specific heat of blood (cb), the local volumetric perfusion rate (Wb), and the assumed arterial blood temperature (Tart).
The blood temperature Tart is a fixed constant for the complete volume; Tart is generally the body temperature (37

◦C). The
heat sink formulation implicitly states that the blood temperature immediately equilibrates with the tissue temperature in
each voxel. As such the heat sink model approximates a capillary network. However, the direction of the blood flow in larger
arterial vessels and the venous network is not accounted for.

The following equation is solved for each voxel in pbhe:

ρtisctis
∂T
∂t

= 5 · (ktis5 T)− cbWb (T − Tart) + P (3.1)

where ρtis is the tissue density, ctis is the tissue specific heat capacity, ktis is the tissue thermal conductivity, and P is the
absorbed power.

diva is based on both conductive and forced-convective heat transfer. The forced convection is modeled by the inclusion of
discrete blood vessels to which flow is assigned. The blood temperature along the vessels is affected by the local heat exchange
with the tissue environment. In this manner, the heating/cooling of the blood occurring when a vessel enters a tissue volume
with a higher/lower systemic temperature is modeled properly [71].

The heat exchange between tissue and blood vessels is calculated in each time step using the tissue temperature at the vessel
wall (Ttis (rves)), which is a function of the blood vessel properties:

Ttis(rves) = −φr=rves

2rves

Nukb
+ Tmix (3.2)

Where φr =rves is the heat flow rate density at the vessel wall, Nu is the Nusselt number, kb is the blood heat conductivity, and
Tmix is the mixing cup blood temperature. The mixing cup blood temperature is a velocity weighted average of the temperature
of the blood flowing through a plane perpendicular to the vessel and depends on upstream blood temperature and local heat
exchange with the tissue [26].

In brief, the main difference between pbhe and diva is the implementation of a directional convectional heat transfer due to
blood vessels (arteries and veins). In pbhe a heat sink is assumed which has an important physical limitation: heat absorbed by
the heat sink cannot return to the domain. Moreover, the blood temperature is assumed to be constant in the whole volume.
This is in contrast to diva simulations, where both an arterial as well as a venous vessel network are defined to model the
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convective heat transport more realistically. Furthermore, the arterial and venous blood temperature can change as the blood
traverses tissue.

As only the blood vessels with a certain diameter could be observed in the MR images, the microvasculature was not
incorporated in the model of the discrete vessels. To compensate for the incomplete vessel model, an adapted pbhe was used
in those regions. In the adapted equation Tart was not a constant, but depended on the outflow blood temperature of the local
arteries [72]. The inflow temperature of the veins was set to the local tissue temperature.

Thermal properties and the volumetric perfusion rates were taken as published by Wang et al. [16]. In the diva simulations the
blood flow in the vessels was set such that it matched the volumetric perfusion rate as used in the pbhe (absolute perfusion
strategy [72]).

3.1.5 Initialization Simulations

Before the thermal impact of rf exposure was simulated, first the initial temperature distribution in the head was simulated. In
these simulations the temperature of the head was initialized at 37

◦C, whereas the ambient air was fixed to 24
◦C, which is

the maximal allowed ambient temperature in iec regulations for uncorrected sar limits. For the simulations, the metabolic
rates as published by Wang et al. [16] were taken. It is assumed that the body core temperature remains constant. Therefore,
the temperature of blood entering the head (Tinflow) in diva simulations was set constant at 37

◦C during the initialization
simulation. Also for pbhe, Tart was set to 37

◦C.

The simulated time was 2000 seconds per simulation; within this time a steady-state temperature was reached for both pbhe

and diva simulations. This steady state results from tissue heating by metabolism, on the one hand, and the opposing effect of
heat exchange with blood and ambient air on the other hand. The resulting thermal distribution was used for as the initial
distribution for the simulations described below.

3.1.6 Simulation Scenarios

Several thermal simulations were performed. The first set of simulations was performed to investigate the thermal effect of rf

excitation normalized to the maximum 10-g sar (sar max,10g) of 10 W/kg. A total time of 2000 seconds (roughly 30 minutes)
was simulated; this is a realistic MR scan session duration. In the second simulation the sar was normalized to an average sar

in the whole head (sar w.h.) of 3.2 W/kg. Furthermore, the sensitivity of thermal simulations to changes in the perfusion rate
was evaluated.

The reasoning behind this test is the large intrasubject variation in the cerebral perfusion. An increase and decrease in the
perfusion of 20% was chosen, which is in the range of variation as reported by Parkes et al. [73].

Finally, the effect of increasing the arterial inflow temperature as a function of the increased body temperature was evaluated.
This approach was used to evaluate to what extent rf exposure of the head elevates the venous outflow temperature, and
consequently increases the body temperature and therefore the arterial inflow temperature. To resemble this mechanism in our
simulations, the following approach was used.

Before rf heating was applied, a constant body temperature was used, ie, the metabolic rate was balanced by heat flow to the
air. In case the head was exposed to a certain sar distribution, this balance no longer exists. The venous blood returns from
the head to the body at a slightly higher temperature due to heating caused by rf exposure. It is assumed that the body does
not react to this change, and body temperature will increase.

The following calculations were performed to determine the body temperature increase based on the venous temperature
increase (4Tvein). First, the heat flow rate from the head to the body by the venous return can be calculated by:

q = Qbcbρb4 Tvein (3.3)

where q is the heat flow rate [W], Qb is the blood discharge in the draining veins (in this case: 12.96 10
−6 m3/s), cb the heat

capacity of blood (3900 J/◦C/kg), and ρb is the density of blood (1058 kg/m3). Then, assuming adiabatic conditions of the
body (ie, thermal isolation of the body), the increase in body temperature after a certain time step (tstep) can be calculated as
follows:
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Tbody(t + tstep)− Tbody(t) = q
1

cbodymbody
tstep (3.4)

where cbody is the average heat capacity of the body (3470 J/◦C/kg), mbody is the body mass (50 kg), and tstep is the simulated
time. Subsequently, the arterial inflow temperature (Tinflow) was set equal to the new body temperature:

Tinflow = Tbody (3.5)

The venous temperature was updated every 100 seconds; it was assumed that the venous temperature was constant during this
whole period. Equations 3.3-3.5 were used to calculate the new Tinflow for the new period of 100 seconds.

3.1.7 Analysis

The maximum temperature in the head was determined for all simulation results. This temperature was compared with
the maximum allowed temperature in the head of 38

◦C, as prescribed by the iec guidelines. Furthermore, the temperature
distributions are shown to evaluate the difference between pbhe and diva. From diva simulations the blood temperature in
the transverse sinus (vein) was obtained. The transverse sinus is the largest draining vein of the head in the vascular model.
The heat balance was verified to ensure that all heat flows (and blood vessel trees) were incorporated correctly. In this check
the total heat flow over the head’s surface, blood temperature, and tissue temperature were compared with the input power
(metabolic rate and sar).

3.2 Results

3.2.1 FDTD Simulations

To validate the model of the coil and the head, simulated and measured B+
1 fields were compared (Fig. 2a,b); note that the

simulated and measured head were not identical. For comparison purposes, the B+
1 fields were normalized to the maximum

B+
1 in the slice. The resulting fields had common characteristics: the B+

1 was elevated in the center of the head, and there was a
slight left/right asymmetry, where the B+

1 in the left parietal lobe is slightly higher than in the right parietal lobe. Furthermore,
a profile of the simulated and measured B+

1 shows that the shape of the fields was very comparable (Fig. 2c). Quantitatively,
the simulated and measured mean normalized B+

1 was 0.56 and 0.57, respectively, the rms B+
1 was 0.61 and 0.58, respectively.

The sar distribution (Fig. 2d), as obtained with the fdtd simulations, exhibited local hotspots. These hotspots were strongly
associated with anatomy and its underlying conductivity. For example, several hotspots were observed in the cerebrospinal
fluid (CSF), which is highly conducting. The sar max,10g was observed in the CSF close to the middle frontal gyrus. The
relation between the sar max,10g and the average B+

1 in the center slice was 0.33 W/kg per (T)2. Thus, the 10-g sar limit would
be reached for a 20 T pulse with a duty cycle of 7.6

For the thermal simulations, normalized sar distributions were used: sar max,10g = 10 W/kg (which corresponded to sar w.h.
= 2.6 W/kg) and sar w.h. = 3.2 W/kg.

3.2.2 Temperature vs. Local and Global SAR Limits

The initial temperature distributions of both thermal-modeling methods were similar (Fig. 3a,b). In the center of the head the
temperature was around 37.4◦C and it decreased to about 32

◦C at the skin. So the heat sink term led to cooling in the center of
the head and to heating close to the surface. A similar effect was observed in diva simulations. However, near blood vessels
the distributions obviously differed (Fig. 3c). Interestingly, the tissue temperature was not always lower if blood vessels were
present.

For sar normalized to sar max,10g = 10 W/kg, the maximum temperature increased from 37.4◦C in resting state (no sar

exposure) to 38.3◦C for the pbhe simulations, and from 37.4◦C to 38.0◦C for the diva simulations. The increase in temperature
at the location of the maximum temperature was 0.88 and 0.72

◦C for the pbhe and diva simulations, respectively. The maximum
temperature increase in the whole volume was 1.3 and 0.9◦C, respectively.

In case the sar w.h. limit was used, the final maximum temperature was higher for both pbhe and diva simulations: 38.4
and 38.2◦C, respectively. The increase in temperature at the location of the maximum temperature was 1.06

◦C for pbhe and
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Figure 3.2: B+
1 distributions in the head obtained using simulations and measurements. The simulated and measured head

anatomy are not the same. (a) Simulated B+
1 distribution. (b) Measured B+

1 distribution. (c) Profile of measured and simulated
B+

1 distribution. (d) sar distribution normalized to sar max,10g = 10W/kg (sagittal slice).

0.87
◦C for diva simulations. The maximum temperature in the whole volume was 1.5 and 1.0◦C, respectively. See Fig. 4 for an

overview of these results.

In all cases the maximum temperature was observed in brain tissue (white matter or gray matter) close to the ventricles. The
location of the largest temperature increase was in the CSF near the precentral gyrus for pbhe, and in the retrobulbar fat for
diva.

3.2.3 Perfusion

For increased perfusion, it was found that the maximum temperature after exposure was slightly lower than for normal
perfusion. For the decreased perfusion rate, the resting state and final temperature were increased. See Fig. 4 for a full
description of the data.

3.2.4 Blood Temperature

The blood temperature in the left and right transverse sinus was monitored before and after rf exposure. Interestingly, the
resting-state temperature in the sinus was lower than the temperature in the inflowing blood (36.8◦C vs. 37

◦C), meaning that
the head cools the rest of the body. Heating of the tissue with an sar field normalized to sar max,10g = 10 W/kg led to higher
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Figure 3.3: Initial temperature distribution: (a) pbhe. (b) diva. (c) Plot of initial temperature distribution. (d) Final temperature
distribution after exposure normalized to sar max,10g = 10 W/kg using: (d) pbhe (e) diva. (f) Plot of final temperature
distribution after exposure normalized to sar max,10g = 10 W/kg.

venous outflow temperatures (Tvein), but as the venous temperature was still lower than the arterial inflow temperature, the
head was still capable of cooling (see Fig. 4d). Heating of the tissue with an sar field normalized to sar w.h. = 3.2 W/kg led to
a higher venous outflow temperature than the arterial inflow temperature. The reduced cooling by the blood almost fully
compensated the absorbed rf power, thus the heat flow over the skin was only slightly affected (Fig. 5).

3.2.5 Adapted Tinflow

As the venous outflow temperature increased during exposure to sar, it was evaluated to what extent this would lead to an
elevation of the body temperature and consequently the arterial inflow temperature (Tinflow) under adiabatic conditions. This
estimate of the body temperature was found to increase gradually from 37-37.1◦C after 2000 seconds of rf exposure. The
maximum temperature in the head was 38.1◦C, which is slightly higher than the maximum temperature found in case the
arterial Tinflow was not adapted (see Fig. 4b).

The temperature vs. time graph (Fig. 6) shows a distinct difference between the two situations: constant or updated Tinflow. In
the first situation a steady-state temperature was reached after approx. 20 minutes. In the second situation no steady-state
temperature was reached within the simulated time. However, in both situations Tvein was lower than Tinflow (= Tbody), thus
the head was capable of cooling.

3.3 Discussion

In this study the thermal impact of a 7T birdcage coil on the human head was simulated. These thermal simulations of rf

exposure need an sar distribution as input parameter. The sar distribution cannot be measured; therefore, the B+
1 distribution

was used as a surrogate for validation. Comparison of the measured and simulated B+
1 field revealed that both fields were in

good agreement, although minor differences were observed. These differences were attributed to the fact that the simulated
and measured anatomy differed, and we concluded that the em field was well calculated. Thus, it is expected that the sar

distributions agree.

Irrespective of the chosen sar normalization (whole body average or 10-g average), pbhe gave a higher temperature than diva.
The difference in temperature between diva and pbhe was 0.2◦C; this difference can be explained by the implementation of
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Figure 3.4: Temperatures in the head. (a) Maximum temperature in resting state. (b) Maximum temperature after 2000 seconds
exposure. Dashed line: iec limit for maximum temperature in the head. (c) Maximum temperature increase after 2000 seconds.
(d) Venous outflow temperature after 2000 seconds. Dashed line: Tvein before rf exposure. In all cases the following scenarios
are shown: 1) sar normalized to sar w.h. = 3.2 W/kg; 2) sar normalized to sar max,10g = 10W/kg; 3) perfusion increased by
20% and sar max,10g = 10 W/kg; 4) perfusion decreased by 20% and sar max,10g = 10W/kg; and 5) adapted arterial inflow
temperature (Tinflow).

19



ProefschiftAstrid June 3, 2012 16:40 Page 20 �
�	

�
�	 �
�	

�
�	

Chapter 3

Figure 3.5: Energy balance. The energy balance between heat flow from the skin (qskin), heat flow from the blood (qblood), the
metabolic rate, and the SAR. qblood is based on Eq. 3.3, although in this case the temperature difference between inflowing and
outflowing blood is taken. Three situations are shown: resting state and sar normalized to sar max,10g = 10 W/kg or sar w.h. =
3.2 W/kg

the blood temperature. In the case of pbhe simulations, the assumed blood temperature was 37
◦C throughout the volume,

whereas in the diva simulations the blood temperature varied (higher as well as lower than 37
◦C). For example, the blood

temperature in the center of the head was above 37
◦C. Also, it was observed that the venous outflow blood temperature was

lower than 37
◦C. A similar finding was reported by Einer-Jensen et al. in measurements [74]. They measured temperature in

the rectum and jugular vein of pigs and observed that the latter was lower than the former. Thus, the assumption made in
pbhe that the venous blood does not thermally interact with the surrounding tissue is not correct in the reported case.

The observed maximum temperatures, after 2000 seconds of rf exposure, were just within (diva, sar max,10g = 10 W/kg) or
slightly over (pbhe, sar max,10g = 10 W/kg, diva and pbhe, sar w.h. = 3.2 W/kg) the iec thermal limit. This stresses that the
sar limits do not overestimate the thermal effect of mri; on the contrary, they sometimes underestimate the effect. For example,
to keep Tmax under 38

◦C under normal conditions, the sar w.h. should be lowered to 2.1 and 2.6 W/kg for pbhe and diva,
respectively.

In this study the sarmax,10g
sarw.h.

ratio (3.8) was found to be in close agreement with earlier reported ratios (4.1 at 300 MHz) [16] and

the iec guidelines (3.1) [8]. The sarmax,10g
sarw.h.

ratio in the head is much more in agreement with the guidelines than the sar max,10g
sar w.h. ratio reported for excitation of the body with a body coil. There, ratios over 10 were typically found at 1.5 and 3 T [75],
whereas the iec guidelines assume a ratio of 5.

These high sarmax,10g
sarw.h.

ratios are caused by sar hotspots. As a consequence of these hotspots and the notion that sar limits follow
closely the temperature limits, thermal assessment of mri in the body is of great importance for patient safety.

In the simulations with the reduced perfusion it was found that the maximum temperature increased with 0.2◦C and 0.1◦C
for the pbhe and diva simulations, respectively. This effect highlights the need for an appropriate safety margin to account
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Figure 3.6: Venous blood temperature and estimate of the body temperature assuming constant or adapted arterial inflow
temperature.

for intrasubject variations in perfusion. In the currently studied case the safety margin was not sufficient, as the maximum
temperature for a decreased perfusion rate was not within limits.

In general, the discrepancy between the maximum temperature found in pbhe and diva was small; therefore, pbhe might be a
valuable and simple tool for thermal simulations of rf exposure by mri, especially because the maximum temperature found
in pbhe was in all cases higher than in the diva simulations. Consequently, pbhe is not likely to underestimate the temperature
increase. Furthermore, the need for a blood vessel network as is used in diva simulations might be impractical. However, only
diva simulations can be used to investigate the effect of convective heat transport by blood from the head to the body.

Using information about the blood temperature in diva simulations, it was found that the increase in body temperature is
expected to stay within limits. The maximum head temperature was only slightly increased compared to the simulation
without an adapted arterial inflow temperature. However, the maximum head temperature was no longer within the limits.

In this simulation the body was assumed to be a thermally isolated heat sink, ie, extra incoming thermal energy from the
venous blood could not be transported to the surrounding air but was stored in the body. If the heat transport to the air
was taken into account, an increase in body temperature would lead to an increased heat transport. In the end, the heat
transport and the extra energy would be balanced, and thus, a steady-state temperature would be reached. This is not the case
in the simplified simulation. To simulate the effect of body heating on the temperature distribution in the head correctly, a
sophisticated model of the body and its vasculature is needed. Nevertheless, as the simplified model of the body used in our
simulation will always overestimate the actual body temperature increase, it is useful for safety assessment. Moreover, even
using this conservative approach, the observed increase in temperature remained within limits.

In all simulations, temperature-dependent factors such as the metabolic rate, sweating, and perfusion were kept constant.
However, neglecting those thermoregulatory adaptations of the human body does not affect the thermal distribution for the
used sar limits, as was shown by Wang et al. [65] (0.01-0.02

◦C higher if thermoregulation was considered).

In conclusion, the current sar max,10g limits do not overestimate temperature limits as enforced by the iec in the case of a
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birdcage head coil at 7T. On the contrary, in some situations the maximum temperature is higher than the allowed temperature.
Therefore, it is advisable to use also thermal simulations for rf safety evaluation of mri. The used simulation method (pbhe

or diva) only slightly influences the observed maximum temperature. The temperature in pbhe was always higher than for
diva. So pbhe is also an appropriate method for rf safety assessment of mri in the head. diva, on the other hand, also gives
information about blood temperature. In resting state, it was observed that the venous blood is cooled in the head. After rf

exposure, this cooling was largely reduced. Nevertheless, it was found unlikely that the body temperature increase exceeds the
limits.
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B+
1 Phase Mapping at 7T and its Application for In Vivo

Electrical Conductivity Mapping

published as:
B+

1 Phase Mapping at 7T and its Application for In Vivo Electrical Conductivity Mapping
Astrid L.H.M.W. van Lier, David O. Brunner, Klaas P. Pruessmann, Dennis W.J. Klomp, Peter R. Luijten, Jan J.W. Lagendijk,
and Cornelis A.T. van den Berg
Magn Reson Med 2012; 67:552-561, doi:10.1002/mrm.22995

Abstract In this study, a new approach to measure local electrical conductivity in tissue is presented, which is based on the
propagating B+

1 phase and the homogeneous Helmholtz equation. This new mri technique might open future opportunities
for tumor and lesion characterization based on conductivity differences, while it may also find application in radio frequency
safety assessment. Prerequisites for conductivity mapping using only the B+

1 phase (instead of the complex B+
1 field) are

addressed. Furthermore it was found that the B+
1 phase can be derived directly from the measurable transceive phase arg(B+

1
B−1 ) in the head. Validation for a human head excited by a 7 T-birdcage coil using simulations and measurements showed that
it is possible to measure in vivo conductivity patterns in the brain using B+

1 phase information only. Conductivity contrast
between different brain tissues is clearly observed. The measured mean values for white matter, gray matter and cerebrospinal
fluid differed 54%, 26%, and -13% respectively from literature values. The proposed method for B+

1 phase measurements is
very suited for in vivo applications, as the measurement is short (less than a minute per imaged slice) and exposes the patient
to low rf power, contrary to earlier proposed approaches.
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In recent years, the used frequency of radio frequency (rf) pulses in mri has increased considerably as a consequence of
the increase in magnetic field strengths. As an increased frequency leads to a shorter wavelength, the electromagnetic fields
(EM-fields) induced by the rf pulse should more and more be regarded as waves [3, 76] impinging onto a very dielectrically
heterogeneous object: the human body. As a wave propagates in the human body, it is being affected by the local dielectric
properties which are tissue dependent. The interaction between the applied EM-fields and the body leads to a variation of the
EM-fields in amplitude [63, 77] as well as in phase [2]; this is the origin of B1 field inhomogeneities.

The variations in the B+
1 field can be separated in two categories: body-scale effects and local effects. A recent simulation

study has shown that the B+
1 field variations depend predominantly on the global dielectric properties and the contour of the

body [78]. Small deviations were found; these were attributed to local variations in dielectric properties. Furthermore, it was
found that these local B+

1 variations can amount up to 10-20% in magnitude of the average B+
1 field at 3T [31]. These findings

indicate that the local B+
1 field variations contain information about the local dielectric environment; in this study we aim to

exploit this information. As the B+
1 field has small perturbations due to dielectric contrasts, a sensitive measurement is needed

to observe them.

In the past techniques were proposed to measure the dielectric properties of tissue using mri. In current density imaging
(CDI), a current is applied to the tissue and the current pathways are visualized by measuring the perturbations in the B+

1
field [79]; a similar method is employed in magnetic induction tomography (MIT) [80]. Noise tomography exploits the
fact that thermal noise originating from a sample, is related to the samples conductivity. By correlating noise signals of
different receive coils the conductivity distribution can be reconstructed, although the sensitivity is very limited [81, 82]. The
possibility to extract dielectric properties directly from the measured mr signal was already addressed by Haacke et al. [83]
almost two decades ago. Recently, more attention has been drawn to this type of methodmethods that do not rely upon an
externally applied currentby the introduction of electric property tomography (ept) [44]. The patients electrical conductivity
and local electric fields are reconstructed from the measured B+

1 field generated by the mr transmit coil. The ept method is
based on a measurement of the complex B+

1 field, which requires a separate measurement of its amplitude and phase. The
problem of

∣∣B+
1

∣∣ mapping has been studied in a number of recent contributions [11–14]. These studies were mainly driven by
problems of the inhomogeneous

∣∣B+
1

∣∣ field at high field strengths. While these techniques can map the global
∣∣B+

1

∣∣ pattern,
most techniques lack the sensitivity to accurately map

∣∣B+
1

∣∣ field modulations related to the local dielectric anatomy within
practically feasible scan times. Furthermore,

∣∣B+
1

∣∣ measurements can be lengthy requiring multiple measurements with large
flip angles necessitating high rf power.

In this work, we demonstrate that measuring only the phase of the B+
1 field is sufficient to resolve the majority of the tissue

conductivity contrast [84, 85]. Using a method based on the homogeneous Helmholtz equation, we show that it is possible to
determine the local electrical conductivity of tissue from in vivo B+

1 phase measurements. This work is built upon a previous
approach by Katscher et al., who based their method on the Maxwell equations [44]. The method is especially suited for high
field strengths with concomitant higher rf frequencies. This enhances not only the precision of the B+

1 phase measurement
due to increased snr, but in addition augments the effect of the electrical conductivity on the B+

1 field. We demonstrate this
technique in the brain at 7T. The high magnetic field strength allows a B+

1 phase measurement with sufficient snr for electrical
conductivity reconstruction requiring only a short measurement time. In this way,we were able to demonstrate the local B+

1
phase variations due to the underlying heterogeneous dielectric distribution and reconstruct electrical conductivity maps of
the brain.

4.1 Theory

4.1.1 Retrieving Electrical Conductivity from the B+
1 phase Using the Helmholtz Equation

From the Helmholtz equation for the magnetic field we know the relation between a harmonically oscillating magnetic field
(B ≡ |B|exp (−iωt)) and the local complex wave number (k), where µ is the permeability, ε the permittivity, σ the conductivity
and ω the angular frequency:

∇2B + k2B = 0 where k2 = µεω2 + iµσω. (4.1)

This equation is derived from the Maxwell equations under the assumption of constant k in space; in case of a piecewise
constant k — as found in the human body — the equation is not valid at the boundaries between those regions.

As the Helmholtz equation is valid for each separate Cartesian component, we can rewrite this equation for the effective
magnetic field, B+

1 = (Bx + iBy)/2(ax − iay), where ax and ay are the transverse unit vectors, and B+
1 =

∣∣B+
1

∣∣ exp (−iφ+) as:

∇2B+
1

B+
1

= −k2 (4.2)
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where phase and amplitude can be separated, by writing the complex B+
1 in its exponential form using the product rule for

differentiation:

∇2
∣∣B+

1

∣∣
|B+

1 |
+

2∇
∣∣B+

1

∣∣ · ∇ei|B+
1 |∣∣B+

1

∣∣ eiφ+
+
∇2eiφ+

eiφ+
= −k2. (4.3)

If B+
1 amplitude and B+

1 phase are known, the dielectric properties (σ and εr) can be reconstructed directly using this formalism,
under the assumption that µ = µ0 which is a good approximation in the mr regime for the human body. Taking only the
imaginary part of the equation —remembering that (∇2

∣∣B+
1

∣∣)/ ∣∣B+
1

∣∣is real-valued — gives σ:

−Im

2∇
∣∣B+

1

∣∣∇eiφ+∣∣B+
1

∣∣ · eiφ+︸ ︷︷ ︸
a

+
∇2eiφ+

eiφ+︸ ︷︷ ︸
b

 1
µ0ω

= σ. (4.4)

Similarly, the real part of the equation can be taken to derive ε. A prerequisite to calculate the conductivity directly from the
measured B+

1 phase, is that term a is negligible with respect to term b:

−Im

(
∇2eiφ+

eiφ+

)
1

µ0ω
≈ σ. (4.5)

The validity of this prerequisite for the head is tested in this work. A typical example of a region where the required condition
holds, is in the center of the head in a 7T experiment with a birdcage coil; here a local maximum

∣∣B+
1

∣∣ is generated, thus
∇
∣∣B+

1

∣∣ vanishes.

4.1.2 Retrieving B+
1 Phase from the Transceive Phase

As is shown in the above section, the conductivity estimation requires a measurement of the B+
1 phase. The required phase is

the propagating B+
1 phase, i.e., the phase change induced by wave propagation from one location to another location during

transmission. This should not be confused with the relative B+
1 phase mapping applied in transmit arrays where the B+

1 phase
of one channel relative to another channel is determined for each location [2]. The measured complex signal (S) in an mr

experiment is a function of the complex excitation field pattern (B+
1 ), the proton density (ρ) and the complex sensitivity pattern

(B−1 ) [86]:

S ∝ ρ f (B+
1 )B−1 (4.6)

where f is a function which depends on the mr sequence and material properties. Note that in principle the function f can
include both phase and amplitude contributions which are not B+

1 dependent (e.g., relaxation and B0 effects). Thus, the
transceive phase (φ±) — the signal phase that would be received when measuring at the magnetic center of the rf pulse —
originates from the phase of the excitation and receive field (φ+ and φ−, resp.):

φ±(x) = φ+(x) + φ−(x). (4.7)

As the transceive phase is the combination of transmit and receive phase, Eq. 4.5 cannot be applied directly on the measured
signal phase. In Appendix 4.A it is shown that in some situations, for example for a dielectrically homogeneous lossy cylinder
using quadrature excitation and reception with the same coils, the following relation between the transmit and measured
phase is found:

2φ+(x) = φ±(x). (4.8)

This equation states that it is possible to extract the transmit phase (φ+) from the transceive phase (φ±) for a homogeneous
lossy cylinder. The validity of Eq. 4.8 plays a central role in our method and is evaluated for the human head at 7T.

4.1.3 Measuring the Transceive Phase

In addition to the desired transceive phase, other sources can also generate a spatial signal phase variation. Most prominent are
contributions from B0 inhomogeneities and chemical shifts. These generate an additional phase that is linearly dependent on
TE. This can be exploited to isolate the transceive phase component from the measured signal phase [87]. Another contribution
to the signal phase are eddy current induced magnetic fields (Be), the polarity of this phase contribution depends on the
polarity of the gradients [45]. In summary, the measured phase (φS) depends on the transceive phase, the off-resonant terms
and the eddy current induced magnetic field in the following way:

φS (x, TE) = φ±(x)−ωoff-res(x)TE +
∫ TE

0
γBedt (4.9)

in case of spins that remain at a fixed position. So the ωoff-res can be determined from φS by measuring at two different echo
times; the Be term can be determined by using opposing gradient polarities in two measurements.
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Figure 4.1: The head model in a resonant bird cage coil. The coil consisted of 16 legs, capacitors (red) in the end rings (r = 0.15

m), the resonant structure was concealed in a dedicated rf shield (r = 0.185 m). Two voltage sources were modeled in the
endring; symmetric with respect to the head. The head was placed such that the corpus callosum was in the center of the coil.

4.1.4 Overview

In the remainder of this work, the two prerequisites needed for electrical conductivity reconstruction based on transceive phase
measurements are evaluated. These prerequisites are:

1. the B+
1 phase can be determined based on the measured transceive phase,

2. the electrical conductivity can be determined based on only the B+
1 phase, thus a << b in Eq. 4.4.

4.2 Materials and Methods

In this section, the setup and parameters used for the EM simulations and transceive phase measurements are described. EM
simulations were performed to validate the prerequisites. Phantom measurements were performed to validate the applied mr

sequence and electrical conductivity reconstruction. Finally, in vivo phase measurements were performed in the brain from
which conductivity maps were reconstructed. These reconstructed in vivo σ-maps were compared with literature values for the
electrical conductivity of brain tissue.

4.2.1 Simulations

The EM simulations were performed using an in-house implementation of the FDTD (finite-difference time-domain) algorithm
[32]. Simulations were performed for a 7 T high pass birdcage head coil (resembling the 7T volume T/R, Nova Medical,
Wilmington, MA) and a head model [69] which includes 13 tissue types; for more details on the coil and an overview of the
setup, see Fig. 4.1. For the simulations an isotropic voxel size of 2.5 mm was used; after 20,000 time steps (over 24 cycles, time
step: 4.16 1012 s) the simulation was terminated and its stability checked. The simulations resulted in complex B+

1 and B−1
distributions, which were used for the verification of the two prerequisites.

In addition to the human head, simulations of a phantom setup were performed, for direct comparison with measurements.
The set up consisted of two co-axial cylinders (rinner = 4.0 cm, router = 6.8 cm l = 25 cm), the conductivity of the outer
compartment was fixed to 0.04 S/m; the conductivity of the inner compartment was varied (σ = 0.04, 0.9, 1.73 S/m). The
conductivity values are in the range of human tissue (e.g., the electrical conductivity of fat, white matter, gray matter and
cerebrospinal fluid (CSF) at 298 MHz are: 0.07, 0.41, 0.69, and 2.22 S/m, respectively).
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Retrieving B+
1 Phase from the Transceive Phase

Simulation results were used to verify whether this relation between the B+
1 phase and transceive phaseas stated in Eq. 4.8 also

holds for the human head, using the birdcage coil described above for quadrature excitation and reception. The evaluation was
only performed on sections of the head within the coil; this is the volume where sufficient

∣∣B+
1

∣∣ is available for measurements.

Retrieving Electrical Conductivity from the Transceive Phase Using the Helmholtz Equation

To verify if the electrical conductivity can be retrieved from the transceive phase only, three conductivity maps were
reconstructed based on: complex B+

1 (amplitude and phase Eq. 4.4), B+
1 phase (4.5) and the transceive phase (Eqs.4.5 and

4.8). The Laplacian of the simulation data was calculated using a finite difference approximation with a centered kernel
implemented in Matlab R©(del2, R2007a, The Mathworks, Natick, MA). In three regions of interest (gray matter, white matter,
and CSF) the average and standard deviation of the conductivity were calculated. Comparison of the reconstructed conductivity
values should elucidate whether ignoring

∣∣B+
1

∣∣ and using the transceive phase instead of the B+
1 phase still leads to a correct

reconstruction of the local electrical conductivity for the simulated setup.

4.2.2 Measurements

MR Sequence

In our approach, the transceive phase is retrieved from the phase measured at two different echo times. This differs from
the approach chosen by Katscher et al. [44], who used an SE sequence. To ensure that asymmetry between the positive and
negative gradient lobes did not influence the measurement, the echoes are measured after a separate rf pulse (flip angle:
20 deg voxel size: 2.5× 2.5× 5 mm slice separation: 0 mm, number of slices: 5) [87]. The measurement is performed twice,
with opposing gradient polarities, to be able to correct for eddy currents [45] and the possible gradient timing errors [88].
To minimize the influence of motion and system instabilities on the results, an interleaved measurement was performed,
measuring the two echoes per k-line sequentially. Spoiling was applied to prevent mixed signals from previous rf pulses.
This was achieved by applying rf and gradient spoiling, combined with a long TR (300 ms). This resulted in a measurement
time of 1 min per imaged slice, depending on the field of view. The effectiveness of the spoiling was empirically checked by
comparing phase images at TR = 300 ms and 10, 000 ms (data not shown).

Appropriate Echo Times

A correct choice of the echo times is crucial for a good measurement; two factors are of importance: the length of the echo
times and the difference between the two TEs. A short echo time is advantageous as signal loss due to dephasing and the
occurrence of phase wraps are minimized. The separation between the two echoes needs to be as long as possible since it
accommodates a larger precision of the transceive phase measurement. However, if the separation between the echo times is
too large with respect to off-res, phase wraps in time are induced, which complicates the calculation of the transceive phase.

For all experiments the ∆TE was set to 1 ms, which sets the maximal detectable off-res to ± 500 Hz; the first echo time was at 2

ms. To minimize ωoff-res due to ∆B0, B0 shimming was applied. In this work, the FASTMAP method [89, 90] was used for B0
shimming, which led to a ∆B0 in the range between -216 and 116 Hz, with a mean of -6Hz and a standard deviation of 39 Hz
within the imaged slice. In this situation, the proposed ∆TE of 1 ms is sufficient to include ωoff-res typically found in the head,
except for the off-resonance caused by the chemical shift in subcutaneous fat.

Setup and Postprocessing

Phantom measurements were performed to evaluate the mr sequence and σ-reconstruction; for this purpose three phantoms
were constructed. The phantoms consisted of two co-axial cylinders (rinner = 4.0 cm, router = 6.8 cm, separated by a thin layer of
rubber-latex (d = 65 µm, the length of the cylinders was approximately 25 cm). Both compartments were filled with agarose
gel (2% w/v); to the inner compartment NaCl was added in three different concentrations (0, 5, 10 g/L) which increased
the electrical conductivity (σ = 0.04, 0.9, 1.73 S/m) [91]. In vivo measurements, performed on healthy volunteers, were used
to evaluate the reconstructed σ-maps and their precision. All measurements were performed using a 7T scanner (Philips
Healthcare, Cleveland) combined with a high-pass birdcage transceive coil (7T volume T/R, Nova Medical, Wilmington, MA).

The B+
1 phase was reconstructed using Eqs. 4.8 and 4.9. To retreive σ-maps from B+

1 phase, the Laplacian was calculated
by convolution with a noise-robust kernel κ 1 (see Appendix 4.B). The benefit of using a noise-robust kernel, is its ability
to suppress the effect of noise on the reconstruction outcome. However, this requires a larger kernel than the del2 kernel,
therefore more pixels are affected by boundary errors. In simulations, the number of pixels that are affected in the mid-sagital

1 P. Holoborodko, Noise Robust Gradient Operators, ”http://www.holoborodko.com”
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plane increased from 74 to 82%. Therefore, the conductivity of small anatomical structures cannot be determined correctly
with the noise-robust kernel.

The reconstructed B+
1 phase and σ-maps of the phantom measurements were compared with the simulation data. In the

obtained in vivo σ-maps three regions of interest were manually defined (gray matter, white matter, and CSF) disregarding
regions close to tissue boundaries. The reconstructed σ-values were compared with literature values (see Table 4.1). Furthermore,
as a second derivative operation is susceptible to noise on the data, the impact of thermal noise on B+

1 phase data and
subsequently, conductivity estimates should be investigated. For this purpose, a precision map of the B+

1 phase was derived
using the known relation between the standard deviation of the phase (stdφS ) and the snr of the magnitude (SNRmag):
stdφS = 1/SNRmag. Subsequently, this was translated to precision maps of conductivity using a Monte Carlo approach. One
hundred synthetic B+

1 phase maps were generated by adding gaussian noise with a standard deviation stdφS to the measured
B+

1 phase. From these synthetic maps, σ maps were calculated using Eqs. 4.5 and 4.8. Finally, the relative error per pixel was
derived from the synthetic σ maps; the relative error was defined as the ratio between the 95% confidence interval and the
reconstructed conductivity value.

4.3 Results

4.3.1 Simulations

Retrieving B+
1 Phase from the Transceive Phase

A comparison of the B+
1 phase (φ+) with the transceive phase (φ±/2) for the head, showed that the mean difference is

distributed around 0 rad with a standard deviation of 0.046 rad; the maximum difference was 0.1689 rad (see Fig. 4.2a). In Fig.
4.2b-c, the spatial distribution of this error is visualized in the transverse and mid-sagital plane. These figures show that the
error is minimal on the mid-sagital plane, further away from this axis the error increases. Furthermore, the error increases for
caudal regions of the head, and the neck; these regions are located outside the coil (Fig. 4.1).

Retrieving Electrical Conductivity from the Transceive Phase Using the Helmholtz Equation

Simulations of the EM field in the human head show that B+
1 phase varies very gradually in space (see Fig. 4.3b). However,

careful inspection of the profile of the B+
1 phase (Fig. 4.3c) shows multiple points of inflection; these points coincided with

changes in the local electrical conductivity.

The reconstruction of the σ-distributions based on either B+
1 , B+

1 phase only (thus omitting a in Eq. 4.4) and the transceive
phase are shown in Fig. 4.3d-f , respectively. The σ-map based on the complex B+

1 , shows good spatial resemblance with
the original σ distribution shown in Fig. 4.3a. Errors are only visible in close proximity to conductivity boundaries (e.g.,
the ventricles), these represent themselves as overestimations or underestimations. The average σ values in dielectrically
homogeneous regions are in agreement with the input values (see Table 4.1). Simplifying the reconstruction by basing it on B+

1
phase, leads to deviations between the given and reconstructed σ values. Especially in the caudal region of the head differences
are observed. Figure 4.3g shows the ratio between a and b of Eq. 4.4, which confirms that the a << b approximation holds for
most locations in the mid-sagital plane, but is elevated for the caudal region of the head. This facilitates the reconstruction of
σ-maps from B+

1 phase maps only, in the central part of the head. But overall, a systematic error is introduced by reconstructing
based only on the Bplus phase maps. For white matter, gray matter, and CSF the average reconstructed conductivity deviate
61%, 1%, and 26% of the input conductivity, respectively (see also Table 4.1). However, the contrast between different tissue
regions can still be observed in these maps. Reconstruction based on the transceive phase only slightly changes the obtained
σ-map with respect to the map obtained using B+

1 phase in the midsagital plane. In this case the average conductivity values
for white matter, gray matter and CSF deviate 59%, 14%, and 8% from the input value. Using the noise-robust kernel for
conductivity reconstruction (see Fig. 4.5c) these errors increase to 63%, 26%, and 10% of the input values.

4.3.2 Phantom Measurements

Comparing the measured B+
1 phase (Bpmphase/2) of the co-axial phantoms with the simulated B+

1 phase, shows a similar
trend; an increasing σ of the inner compartment leads to a larger gradient in the B+

1 phase (Fig. 4.4). The effect of the
eddy current correction can readily be seen when Fig. 4.4b and c are compared. In case of eddy current correction the
measured phase exhibits a left-right symmetry, as is also predicted by the simulations. The underlying conductivity was
reconstructed using a 2-dimensional Laplacian operator based on either the measured and simulated B+

1 phase (Fig. 4.4d-i).
The reconstructed conductivity values in the inner compartments (0.07 ± 0.01, 0.91 ± 0.03, 1.89 ± 0.11 S/m) are very close to
the expected values (0.04, 0.90, 1.73 S/m).
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(a) (b)

(c)

Figure 4.2: Difference between half of the transceive phase and B+
1 phase computed using FDTD simulations. (a) A histogram

of the difference in the whole head. (b) A transverse slice of the head. (c) A sagital slice though the center of the head.

4.3.3 In Vivo Measurements

Simulated and in vivo measured B+
1 phase-maps are shown in Fig. 4.5a, and b, respectively. Analyzing these results shows

that the general pattern of the B+
1 phase is similar. The corresponding σ-maps are shown in Fig. 4.5c, d. Also in this case,

a comparable pattern is observed in the σ-maps based on simulations and measurements. Inspecting the σ-map obtained
using the noise-robust kernel (Fig. 4.5c) and the map obtained using the smaller kernel (Fig. 4.3e), shows that the noise robust
method leads to a smoothing of the reconstructed σ distribution. Furthermore, the errors observed at tissue boundaries are
more extended in case of the noise-robust (larger) kernel. The σ values resulting from the in vivo measurements of white
matter, grey matter and CSF are summarized in Table 4.1. The found values deviated 54%, 26%, and 13%, respectively from
the literature values.

The precision of the in vivo measurement was evaluated by calculating the standard deviation of the obtained B+
1 phase and σ

map. In this analysis of the precision, only thermal noise is considered as an error source. In other words, only the effect of
thermal noise on errors in σ are determined. It is found that the B+

1 phase can be measured with a 95% precision interval
of less than 9.010

−3 rad (Fig. 4.6a). The relative error of the σ-map due to thermal noise in the B+
1 phase measurement is

maximally 22% (Fig. 4.6b).

4.4 Discusion

In this study, the possibility to reconstruct the electrical conductivity of tissue based on the B+
1 phase was investigated. Using

the Helmholtz wave equation, it was demonstrated that the tissue conductivity can be derived from the B+
1 amplitude and
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(a) (b) (c)

(d) (e) (f) (g)

Figure 4.3: Simulations of the human head. (a) Input conductivity distribution of the simulations. (b) Simulated B+
1 phase of

the head model with heterogeneous distribution of dielectric properties. (c) Profile of the simulated B+
1 phase of the head

model and the underlying σ. (d) σ-map of the heterogeneous head model, obtained using B+
1 . (e) Reconstructed σ-map of the

head model using B+
1 phase. (f) Reconstructed σ-map using half of the transceive phase. (g) Relative error of σ-reconstruction

based on B+
1 phase only (a/b in Eq. 4.4).

phase. In principle, the B+
1 phase cannot be determined directly from the signal phase. The radiofrequency transmit field (B+

1 )
and radiofrequency receive field (B−1 ) both contribute to the signal phase and can not be disentangled. However, it was shown
analytically that the B+

1 phase is equal to half the transceive phase in some situations, e.g., circular symmetry. Using FDTD
simulations, it was shown that this relation is also almost valid for a head in a 7T high pass birdcage coil; the error has a mean
of zero and a standard deviation of 0.046 radians over the head. The error shows a left/right symmetry with minimal error on
the long axis of the head. This is expected based on the mirror symmetry of the head (see also Appendix 4.A).

To evaluate to which extent neglecting the B+
1 amplitude in the Helmholtz equation influences the reconstructed conductivity,

FDTD simulations were used. It was found that including only the B+
1 phase in the reconstruction generally overestimates the

conductivity values. Using the transceive phase instead of the B+
1 phase, leads to small changes in the average conductivity

values, but the standard deviation of these values increases. This can be explained by the symmetry found in the difference
between the Bplus phase and the transceive phase. This difference causes additional symmetric gradients in the transcieve
phase, which lead to either underestimation or overestimation of the conductivity values.

As demonstrated by the simulations, there is overshoot and undershoot in the reconstructed conductivity values close to
tissue interfaces. Similar effects were observed in the study of Katscher et al. [44]. This artifact is related to the combination
of the Helmholtz equation and numerical calculation of the Laplacian. The Helmholtz equation is not valid at a dielectric
boundary itself; this error is extended to voxels surrounding the boundary as a finite-difference approach was used to calculate
the Laplacian. When the distance of the point at interest to the interface is smaller than the width of the derivative kernel,
information from a neighboring compartment enters into the spatial derivative of the other compartment. This effect is a major
source of error in the conductivity reconstruction of heterogeneous anatomies. The impact of this effect can be mitigated by
using smaller kernel sizes, but this will make the derivative more susceptible to noise amplifications. Alternatively, one could
think of an algorithm which switches between a backward or forward scheme depending on its position with respect to the
interface.

Phantom measurements of the B+
1 phase illustrated the importance of eddy current correction. Only with eddy current

correction, the measured and simulated B+
1 phase were comparable. Using the B+

1 phase measured with eddy current
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(a) (b) (c)

(d) (e) (f)

(g) (h) (i)

Figure 4.4: Phantom simulations and measurements. (a) Simulated B+
1 phase. (b)Measured B+

1 phase with eddy current
correction. (c)Measured B+

1 phase without eddy current correction. (d) σ-map of simulated data (σ center = 0.04 S/m). (e)
σ-map of simulated data (σ center = 0.90 S/m). (f) σ-map of simulated data (σ center = 1.73 S/m). (g) σ-map of measured data
(σ center = 0.04 S/m). (h) σ-map of measured data (σ center = 0.90 S/m). (i) σ-map of measured data (σ center = 1.73 S/m).
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(a) (b)

(c) (d)

Figure 4.5: In vivo measurements. (a) Simulated B+
1 phase. (b) Measured B+

1 phase. (c) σ-map using simulated B+
1 phase. (d)

σ-map using measured B+
1 phase.

correction, similar conductivity values were reconstructed as were expected based on salinity of the phantom. In addition, the
reconstructed conductivity maps based on simulations and measurement were in very close agreement.

Conductivity values reconstructed based on measured or simulated transceive phase have similar results; an over estimation
with respect to literature values for GM and WM is observed, whereas an underestimation for the CSF is found. It should
be noted that the literature values are based on ex vivo measurements and currently there is little known about intersubject
variation and age dependence [39]. Also the effect of noise on the reconstructed conductivity was found to be moderate. This
indicates that the phase measurement is sufficiently precise for a noise sensitive operation such as the Laplacian.

In this study we showed the feasibility of conductivity mapping at 7T in the brain. The study of Katscher et al. [44] presented
results at 1.5T using a different theoretical derivation scheme and measurement sequence. The low field strength has two
advantages. Firstly, the B+

1 phase approximation will hold better and secondly a reconstruction based on B+
1 phase only will

be more accurate as gradients in B+
1 magnitude are much less pronounced than at 1.5T. Nevertheless, we expect significant

benefit from higher field strengths due to higher sensitivity. The concomitant higher rf frequencies will augment the effect of
conductivity on the local B+

1 phase, as follows directly from the Helmholtz equation. Note that this even scales quadratically
for the permittivity. An important pre-requisite is, however, that the B+

1 phase approximation holds. Although our analysis
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(a) (b)

Figure 4.6: Precision and relative error. (a) 95% Precision of B+
1 phase measurement, (b) Relative error of the measured σ map

caused by noise.

indicates that at 7T in the brain the errors due to this approximation are mild, for higher field strengths and other anatomical
sites, the effect could be more pronounced. This creates a tradeoff for increasing field strength between sensitivity of the
measurement and validity of the B+

1 phase approximation.

The conductivity mapping technique presented here might find different applications. It may be used in oncology where it has
been reported that the conductivity of gliomas are elevated by approximately a factor of two compared to the surrounding
tissue [41]. Based on our error analysis we believe it should be feasible to detect such a conductivity contrast between healthy
and neoplastic brain tissue. Another use of the technique might be rf safety assessment. However, for such an application the
error margins of the technique have to be improved. Most certainly, for such an application where the quantification is very
important, the B+

1 magnitude term needs to be included. If one is interested in conductivity contrast only, a B+
1 phase only

reconstruction can suffice. We believe that future work should be aimed at optimizing the reconstruction techniques (most
notably to minimize the interface effect) and time efficient sequences that cover 3D volumes. The use of parallel transmit array
might offer also exciting opportunities to e.g., minimize locally the gradient of the B+

1 magnitude or to optimize the validity of
the B+

1 phase approximation.

4.5 Conclusion

In this study it was demonstrated that electrical conductivity mapping using only the B+
1 phase is possible given some

constraints:

1. as the reconstruction method is directly based on the homogeneous Helmholtz equation it can only be used in piece-wise
constant dielectric regions,

2. ∇
∣∣B+

1

∣∣ should be sufficiently low, and

3. there is a fixed relationship between the B+
1 phase and the transceive phase.

In the human head it was found, that reconstruction of the electrical conductivity based only on the B+
1 phase leads to a

systematic error, but the contrast between various tissue types could still be observed. It was shown in simulations, that there
exists an almost constant relation between the B+

1 phase and the transceive phase in the head excited by a quadrature birdcage
coil at 7T, which enabled the derivation of B+

1 phase from the measurable transceive phase. Feasibility, validity and precision
of a measurement method of B+

1 phase and reconstruction of electrical conductivity were demonstrated in phantoms and in
vivo in the human head.

The resulting B+
1 phase and electrical conductivity maps are not only applicable clinically to measure the conductivity of

suspicious tissues but certainly also in engineering to further assess the behavior of rf fields in the human body.
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4.A Deriving B+
1 Phase from the Measured Phase

In this section, the relation between the transmit and transceive phase (Eq. 4.8) is derived. For the derivation, the formalism of
Overall et al. [58] for imperfect quadrature excitation is used. In that case the B+

1 in transmit mode and B−1 in receive mode are
described by:

B+
1 =

1
2

[
BI

x + BQ
y + i

(
δBQ

x − δBI
y

)]
(4.10)

B−1 =
1
2

[
BI

x + BQ
y − i

(
δBQ

x − δBI
y

)]
(4.11)

where BQ
x and BI

y are the main fields generated by ports Q and I. These ports are placed orthogonally with respect to each

other. Due to the electromagnetic interaction with the sample residual fields (δBQ
y and δBI

x) also emerge. Under this formalism,
the transceive field is given by:

B+
1 B−1 =

1
4

[(
BI

x + BQ
y

)2
+
(

δBQ
x − δBI

y

)2
]

(4.12)

In the case that the residual fields can be neglected, the B+
1 and transceive field simplify to:

B+
1 =

1
2

[
BI

x + BQ
y

]
(4.13)

B+
1 B−1 =

1
4

[(
BI

x + BQ
y

)2
]

(4.14)

Thus, the B+
1 phase (φ+) and transceive phase (φ±) are, respectively:

φ+ = arg
[

BI
x + BQ

y

]
(4.15)

φ± = arg
[(

BI
x + BQ

y

)2
]

(4.16)

= 2 arg
[

BI
x + BQ

y

]
(4.17)

⇒ 2φ+ = φ± (4.18)

There are several situations, for which the residual fields can be neglected. Firstly, the residual fields themselves can be
neglectable. Using that condition Katscher et al. [44] found also the above mentioned relation between the transmit and receive
field. Furthermore, the residual fields can be equal (δBQ

x = δBI
y), thus δBQ

x − δBI
y = 0, this is valid for a cylinder which is

irradiated by two orthogonal linear fields (see Glover et al. [92]). Also, based on symmetry, it can be argued that the residual
fields are equal in some other cases. For example, in case of a mirror symmetry of the setup (coil and sample) the residual
fields will be equal at the mirror axis, considering that the path length from the axis to the either of the ports is equal. An
example of this last case is a head in a birdcage coil, with the ports positioned symmetric with respect to the mirror axis (long
axis) of the head.

4.B Noise-robust Kernels for Calculation of the Laplacian

Two kernels are used to calculate the Laplacian; a small kernel (5 by 3 by 3, κsmall,i ) to calculate the second derivative along
the lateral direction, and a larger to calculate the second derivative in plane (7 by 3 by 3, κlarge,i ). Index i indicates the third
dimension of the kernel. In the lateral direction a smaller kernel was chosen, to reduce the number of slices needed for
reconstruction, which decreases measurement time.

κsmall,1 =

0.25 0 −0.5 0 0.25
0.5 0 −1 0 0.5

0.25 0 −0.5 0 0.25

 (4.19a)

κsmall,2 =

0.5 0 −1 0 0.5
1 0 −2 0 1

0.5 0 −1 0 0.5

 (4.19b)

κsmall,3 =

0.25 0 −0.5 0 0.25
0.5 0 −1 0 0.5

0.25 0 −0.5 0 0.25

 (4.19c)
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κlarge,1 =

0.25 0.5 −0.25 −1 −0.25 0.5 0.25
0.5 1 −0.5 −2 −0.5 1 0.5

0.25 0.50 −0.25 −1 −0.25 0.5 0.25

 (4.20a)

κlarge,2 =

0.5 1 −0.5 −2 −0.5 1 0.5
1 2 −1 −4 −1 2 1

0.5 1 −0.5 −2 −0.5 1 0.5

 (4.20b)

κlarge,3 =

0.25 0.5 −0.25 −1 −0.25 0.5 0.25
0.5 1 −0.5 −2 −0.5 1 0.5

0.25 0.50 −0.25 −1 −0.25 0.5 0.25

 (4.20c)

Rotation of the kernel κlarge is needed to obtain the second derivative in the other orthogonal direction; summing the results of
the three derivatives gives the Laplacian.
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Electrical Properties Tomography in the Human Brain at 1.5, 3

and 7T: a Comparison Study.

submitted as:
Electrical Properties Tomography in the Human Brain at 1.5, 3 and 7T: a Comparison Study.
Astrid L.H.M.W. van Lier, Alexander Raaijmakers, Tobias Voigt, Jan J.W. Lagendijk Peter R. Luijten, Ulrich Katscher and
Cornelis A.T. van den Berg

Abstract Electrical properties tomography (ept) is a recently introduced method to map the conductivity and permittivity of
tissue using mri. For an exact reconstruction, the B+

1 - amplitude and phase are required. As the B1+ phase cannot be measured,
it is deduced from the measurable transceive phase using the transceive phase assumption. Earlier studies showed that the
B+

1 amplitude is not always required for a reliable conductivity reconstruction, this is the so-called phase-only conductivity
reconstruction. In this work, the effect of magnetic field strength for ept on the validity of both assumptions at 1.5, 3 and 7T was
investigated, using simulations and measurements of phantoms and the human head. It was found that the transceive phase
assumption is most accurate for low field strength and permittivity, and in symmetric objects. The phase-only conductivity
reconstruction was only applicable at 1.5T and 3T for the investigated geometries. The measurement precision was found to
benefit from a higher field strength, which is related to increased snr and increased curvature of the B+

1 field at higher rf

frequencies.
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Electrical Properties Tomography (ept) is a recently introduced technique to reconstruct conductivity and
permittivity from measurable radio-frequency (rf) magnetic field maps [44]. This quantitative mri method was already
anticipated by Haacke et al. in 1991 [83]. ept reconstruction relies on the effect of the spatial dielectric arrangement on the
propagation of the B+

1 field (the left-handed rotating component of the transmit rf field). At high field strengths, the interaction
between the electromagnetic fields and the dielectric properties leads to well-known B+

1 inhomogeneities [3]. This effect may
lead to loss of image quality in conventional mri, but can be used to the benefit in ept.

Already several applications for ept were investigated. In oncological research, it was shown that the conductivity in gliomas
is higher than in normal tissue [93, 94], which was already observed earlier in an ex vivo study [41]. Also in breast tumours, an
elevated conductivity was reported [95], which was shown before in ex vivo measurements [42]. In gastrointestinal research, a
fast sequence was used to monitor conductivity of the stomach contents during the intake of a fluid [96].

Another potential application of the ept method is related to rf safety [44]. To assess rf safety, SAR (specific absorption rate) is
used as a measure to assess the risk of patient heating. To calculate SAR, a model of local dielectric properties is required. The
values of the dielectric properties are typically based on ex vivo measurements (e.g. [37, 38]), combined with a model based
on on mr images of healthy volunteers [27]. However, in patients, the anatomy can change considerably, for example due to
tumour growth. Furthermore, the dielectric properties can increase considerably in some tumour types (10-650%, [41,42]). Non
patient-specific dielectric properties and models might underestimate the SAR in those patients.

For ept, several reconstruction methods have been proposed, e.g. methods based directly on the Maxwell Equations [44], or on
the Helmholtz wave equation [59, 97]. For all methods, reconstruction of the dielectric properties is based on the B+

1 amplitude
and phase measurements. The B+

1 phase cannot directly be obtained from an mri measurement; instead it is assumed that the
transmit and receive phase contribute equally to the measurable transceive phase. This so-called transceive phase assumption
is based on the reciprocity principle, which states that antenna properties are interchangeable between transmit and receive
. However, this relation is complicated by the use of the rotating frame in mri. During rf transmission, the left-handed
frame corresponds to the excitation of the spins, but during rf reception it was shown that the right-handed rotating frame
is required for optimal receive sensitivity [58]. Therefore, the transceive phase assumption will only hold in case of circular
polarization [59].

Studies at 1.5T and 7T [59] showed the possibility of reconstructing conductivity based only on the transceive phase (phase-only
conductivity reconstruction). As this reconstruction does not require a B+

1 amplitude measurement, the total measurement
time can be shortened considerably. In previous studies, this simplification of the ept reconstruction seemingly caused a larger
errors at 7T than at 1.5T [59]. However, the effect of dielectric properties on the transmit field is more pronounced at higher
field strengths, which will lead to a higher precision of reconstructed ept maps.

The aim of this study is to evaluate the effect of static magnetic field strength on the accuracy and precision ept. For this
purpose a systematic evaluation of the transceive phase assumption, the phase-only conductivity reconstruction and snr at
1.5, 3 and 7T was conducted. This evaluation is based on simulations and measurements of the human brain and a small
phantom. Preliminary results already showed, that the transceive phase assumption leads to larger errors at higher field
strengths, but also that the snr increases considerably at higher field strengths [98]. For the investigated phantom it was
therefore investigated at which frequency the accuracy of the assumptions and the snr are balanced.

5.1 Theory

In this work, the homogeneous Helmholtz equation was used for reconstruction of the dielectric properties from the B+
1

amplitude and phase [59]:

∇2B+
1

B+
1

= −k2 where k2 = µε0εrω2 + iµσω (5.1)

where B+
1 is the complex transmit field, k is the wavenumber, µ the magnetic permeability, ε0 the permittivity in free space, εr

the relative permittivity, σ the electrical conductivity and ω the angular frequency. Here, the angular frequency is equal to the
Larmor frequency, and thus, is field strength dependent. The magnetic permeability µ in the body is assumed to be constant
and equal to the permeability in free space.

The relative permittivity and the conductivity can be deduced from Eq. 5.1, as they affect the real and imaginary part of k 2,
respectively:
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εr = Re

(
∇2B+

1
B+

1

)
1

µε0ω2 (5.2a)

σ = Im

(
∇2B+

1
B+

1

)
1

µω
(5.2b)

The homogeneous Helmholtz equation is derived from the Maxwell equations under the assumption of homogeneous and
isotropic dielectric properties, therefore the equation is only valid in regions where those properties are piece-wise constant.

5.1.1 Transceive phase assumption

In Eq. 5.2, the complex B+
1 is required for reconstruction of the dielectric properties. To map the B+

1 amplitude several methods
are available, e.g. [12, 14]. The B+

1 phase, however, cannot be measured directly. The rf phase contribution obtained in an mr

experiment is affected by both the transmit and receive process . The transmit and receive phase (φ+ and φ−, resp.) cannot
directly be disentangled, as it is an underdetermined problem. To circumvent this problem, the transceive phase assumption is
used, which derives a surrogate of the B+

1 phase from the measurable transceive phase (φ±):

φ± = φ+ + φ−
φ+ = φ−

}
⇒ φ±

2
= φ+ (5.3)

Based on the reciprocity principle one would argue that this relation is always valid. However, in mri, this principle is not
applicable, as the transmit and receive process are performed in a different rotating frame [58]. For an mri measurement, Eq.
5.3 is only valid in case the field is circularly polarized [59]. Such a polarization can be formed in a large volume at low field
strengths using a birdcage coil in quadrature excitation.

However, polarization also depends on the scanned object. For example, scatter fields which emerge in lossy objects can
destruct circular polarization. It was shown analytically [59, 99] and numerically [58], that the scatter field of two orthogonal
linear incident fields driven in quadrature mode are cancelled in a cylinder, but not in an elliptical geometry. Consequently, the
field in a cylinder is perfectly circularly polarized, whereas it is not in an ellipse. Therefore, the transceive phase assumption
will generally not be valid in ellipses. From Faradays law of induction it follows that these scatter fields (or induced currents)
increase with the Larmor frequency. Thus, the transceive phase assumption is hypothesized to be less valid at high field
strengths.

5.1.2 Phase-only conductivity reconstruction

Recently, it was shown that the full complex B+
1 field is not always needed to reconstruct the conductivity [94]. In the so-called

phase-only conductivity reconstruction, only φ+ is required for reconstruction:

σ = ∇2φ+ (5.4)

An advantage of the phase-only conductivity reconstruction is, that it only requires a transceive phase measurement. This
reconstruction is only valid under the condition that:

∇2φ+ >>
∇
∣∣B+

1

∣∣ · ∇φ+∣∣B+
1

∣∣ (5.5)

Thus, the curvature of the B+
1 amplitude should be minimal. This requirement applies more to the B+

1 field at 1.5T than at 7T.
If this requirement is true, an exact solution for the conductivity can be found, even if the transceive phase assumption is not
valid. This is a result of the linearity of Eq. 5.4. . In terms of dielectric properties it was found, that an increasing error is
introduced in the phase-only conductivity reconstruction if ε0 εr ω grows larger than σ.

39



ProefschiftAstrid June 3, 2012 16:40 Page 40 �
�	

�
�	 �
�	

�
�	

Chapter 5

Figure 5.1: Overview of simulation set-up. a) Birdcage head coil loaded with a dielectric model of the head. b) Elliptical
phantom with two compartments, here the inner compartment is placed off-axis.

5.2 Methods

Simulations of a human head placed in a head birdcage coil were performed to assess the effect of field strength on the
accuracy of ept. Also, the effect of the objects symmetry was investigated. For this purpose a phantom was used with the
approximate dimensions of the human head. In this phantom an extra compartment was placed which mimicked a lesion. This
compartment was placed at two different locations within the phantom. Furthermore, the effect of dielectric properties was
investigated, as these influence the induced currents. Finally, the simulations were validated by comparing simulations and
measurements of the human head and an elliptical phantom with an off-axis inner compartment. The phantom measurements
were also used to determine the precision of the ept reconstructions at the different field strengths.

5.2.1 Simulations

fdtd simulations were used to assess the transceive phase assumption and the phase-only conductivity reconstruction.
Simulations have three advantages over measurements. Firstly, simulations offer the possibility to disentangle the B+

1 phase
from the transceive phase, which is not possible in measurements. Secondly, they render a quantitative comparison between
the reconstructed and known input dielectric properties. Thirdly, simulations are unaffected by thermal noise, which is
field-strength dependent.

For the simulations a realistic model of a high-pass birdcage coil was used (based on the 7T T/R Nova Medical coil, ø
rf shield =

0.37 m, øendring = 0.3 m, # rods = 16, type: high-pass birdcage coil). The coil was tuned by adjusting the capacitor values, such
that the coil was resonant at either 64, 128 or 298 MHz. The coil was fed at four ports in top end-ring. Only the quadrature
mode was excited. In the coil either a model of a human head (Ella, Virtual Family,) or a phantom was placed (see Fig. 5.1).
The dimensions of the phantom were the same as the measured phantom (see Materials). The phantoms dimensions and
dielectric properties were the same as the measured phantom (see Materials). Additionally, simulations have been performed
testing different values of dielectric properties as listed in Table 5.1.

All simulations were performed in SEMCAD (SEMCAD X, SPEAG, www.speag.com), stability of all simulations was verified.
The anisotropic grid of the simulations was resampled to obtain an isotropic voxel size of 2.5x2.5x5 mm3, which was used for
further analysis.

5.2.2 Materials

For all measurements, quadrature birdcage coils were used for transmit and receive (1.5T and 3T: Quadrature Headcoil Philips
HealthCare, Best, The Netherlands, 7T: T/R birdcage coil, Nova Medical, Inc., Wilmington, MA). The following scanner types
were used for the phantom and in vivo scans: Achieva 1.5T (Philips HealthCare, Best, The Netherlands), Achieva 3.0T (Philips
HealthCare, Best, The Netherlands), and Achieva 7.0T (Philips HealthCare, Cleveland, usa).
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An elliptical phantom was constructed for the phantom measurements. An elliptical shape was chosen, as it resembles
the geometry of the head. Moreover, this shape is hypothesized to create errors in the transceive phase assumption (see
Theory). The phantom consisted of two compartments; the outer compartment was elliptically shaped ( dmajor= 19 cm, dminor
= 16 cm), the inner compartment was circular and placed off-centre to break symmetry (d = 5.4 cm). To obtain the desired
dielectric properties, the following solutions were used: outer compartment: H2O, 3.3 g/L NaCl, inner compartment: 66 vol-%
H2O, 33 vol-% 2-propanol, 6.6g/L NaCl. The dielectric properties were verified using an impedance probe (85070E, Agilent
Technologies, Santa Clara, CA, usa): σ,outer = 0.58 S/m, εr,outer = 80, σ,inner = 0.43 S/m, εr,inner = 58.

All volunteer experiments were performed with the same person (male, 34 years-old, written informed consent obtained). To
ensure minimal movement artefacts the volunteers head was fixated in the coil using cushions.

5.2.3 Measurements

Two measurement types are required for ept; one to map the B+
1 amplitude, and another to determine the transceive phase.

B+
1 mapping was performed using the AFI method [12] at 3T and 7T (TR1/TR2 = 50/340 ms, TE = 1.64 ms). At 1.5T the double

angle method was used (α1/α2 = 60o◦/120
◦, TR = 5000 ms, TE = 1.25 ms). For the transceive phase measurement, a spin

echo sequence was used to avoid phase contributions from off-resonant effects [44], which was corrected for eddy currents by
measuring twice with opposing gradients (TR = 1200 ms, TE = 5.3 ms (1.5T) or 5.9 ms (3T and 7T). To enable snr comparison,
the acquired scan resolution and scan time was identical at all field strengths (2.5x2.5x5 mm, 22 slices).

5.2.4 EPT reconstruction

The input data for the ept reconstruction is either a complex magnetic field, or a phase distribution, depending on the
reconstruction type, i.e. complex B+

1 , transceive phase assumption, or phase-only conductivity reconstruction. An overview on
the different reconstruction types and the required input data is given in Table 5.2. For example, a reconstruction with the
transceive phase assumption requires the amplitude of the B+

1 field and the transceive phase distribution. The transceive phase
is constructed using Eq. 5.3, which is based on the argument of the B+

1 and B−1 fields.

Once the desired data set is formed, reconstruction is based on the Laplacian (Eq. 5.2 and 5.4), followed by a point-wise matrix
division for Eq. 5.2. The Laplacian of a gridded dataset can be calculated by convolving the field with an appropriate kernel.
The kernel used in this work was described in [59]. The ept reconstruction algorithm is implemented in Matlab (MathWorks,
Natick, MA, usa).

5.2.5 Post-processing

The difference between the simulated φ+ and φ±/2 was mapped to inspect the error in the transceive phase assumption. The
effect of this error on the measured dielectric properties was visualized by reconstructing the dielectric properties based on the
complex B+

1 or
∣∣B+

1

∣∣ and φ±/2 according to Eq. 5.2a and 5.2b. To quantify the uncertainty in the obtained dielectric properties,
the mean and standard deviation of reconstructed values were determined in the outer compartment.

The conductivity was also reconstructed using only the transceive phase (phase-only reconstruction, Eq. 5.4). Also in this
reconstruction the mean and standard deviation of the reconstructed values in the inner and outer compartment were
determined.

The noise level of the conductivity and permittivity map was quantified using the autocorrelation function [100, 101]. Using
this method, the standard deviation of the noise was calculated which was scaled with the input conductivity or permittivity.

5.3 Results

In fdtd simulations of the head, it was observed that the B+
1 amplitude and the transceive phase distributions are strongly

affected by the field strength (Fig. 5.2). The inhomogeneity of the B+
1 amplitude, expressed by minimum and maximum

B+
1 amplitude as the percentage of the mean B+

1 amplitude, increased from 95%-112% at 1.5 T to 63-151% at 7T in a central
transverse slice in the head. For the transceive phase, however, the field shape was similar at all field strengths. Only the
curvature of this field was increased for elevated field strengths.

5.3.1 Simulation study

In Fig. 5.3 an overview is given of the effect of variations in the phantom setup on the transceive phase assumption and the
phase-only conductivity reconstruction. Here, it can be observed that the transceive phase error depends on the field strength,
dielectric properties and symmetry. For example in case 3, where the dielectric properties are constant for all field strengths,

42



ProefschiftAstrid June 3, 2012 16:40 Page 43 �
�	

�
�	 �
�	

�
�	

ept & B0 Field Strength

Input
data

R
econstruction

type
Equations

B
+1

∣∣B
+1 ∣∣

arg(B
+1

)
=

φ
+

arg(B
−1

)
=

φ
−

φ
±

Sim
ulations

C
om

plex
B
+1

2
+

Transceive
phase

assum
ption

2,
3

+
+

+
Phase-only

conductivity
reconstruction

3,
4

+
+

M
easurem

ents
Transceive

phase
assum

ption
2,

3
+

+
Phase-only

conductivity
reconstruction

3,
4

+

Table
5.2:

Input
data

for
different

e
p

t
reconstructions.For

the
transceive

phase
assum

ption
and

the
phase-only

conductivity
reconstruction

the
phase

is
based

on
the

transceive
phase

assum
ption

(Eq.
5.

3),w
hich

is
a

com
bination

of
the

transm
it

(φ
+

)
and

receive
phase

(φ
−

).The
transceive

phase
is

directly
obtained

in
m

easurem
ents.For

the
sim

ulations,the
argum

ent
of

the
B
+1

and
B
−1

field
are

used
to

generate
a

transceive
phase

m
ap.

43



ProefschiftAstrid June 3, 2012 16:40 Page 44 �
�	

�
�	 �
�	

�
�	

Chapter 5

Figure 5.2: Simulated B+
1 amplitude (

∣∣B+
1

∣∣) and transceive phase (φ±/2 ) in the head at 1.5, 3 and 7T. The B1+ amplitude was
normalized to the maximum B+

1 in the slice.

the standard deviation of the phase error (φ±/2-φ+) was 0.19
◦, 0.21

◦ and 1.59
◦ for 1.5, 3 and 7T, respectively. Choosing the

correct average dielectric properties of the head per field strength it can be observed that the error at 7T is tempered (case 4).
The standard deviation of the phase error (φ±/2-φ+) in this case was: 0.19

◦, 0.18
◦, 0.61

◦ for increasing field strength.

Both these cases (3 and 4) had symmetry axes along the long and short axis of the ellipse, along these axes an anti-symmetric
pattern in the phase error was observed. The head and case 2 had only a left-right symmetry. In these cases, the phase
error only exhibited an anti-symmetric pattern over that symmetry axis. For a completely broken symmetry (case 1), the
anti-symmetric pattern in the phase error was no longer present.

These phase errors are directly related to the transceive phase assumption (Eq. 5.2 and 5.3); i.e. at locations where a large
phase error was observed and therefore the transceive phase assumption was not valid, also a large error in the conductivity
reconstruction was observed. Moreover, the use of field strength dependent dielectric properties (compare case 3 and 4) also
decreased the reconstruction error. Furthermore, the anti-symmetric pattern could also be observed in the reconstruction of
case 2, 3 and 4.

Using the phase-only conductivity reconstruction (Eq. 5.4), did not affect the reconstruction at 1.5T. However, it slightly
degraded results at 3T. Especially at the periphery of the phantom an error emerged. At 7T, this approach led to a large error
in all simulated cases. Also at this field strength, the error was most prominent at the periphery of the phantom and the head.

For the permittivity reconstruction, the transceive phase assumption had a similar effect as it had on the conductivity
reconstruction (Fig. 5.4). Also here, higher field strength led to a larger error in the permittivity reconstruction (case 3).
Moreover, this error was tempered by using field-strength specific dielectric properties (case 4). Furthermore, the effects of
asymmetry were also observed in the permittivity reconstruction (compare cases 1, 2 and 3).

5.3.2 Phantom Measurements

Measurements were performed at three different field strengths with a head-shaped phantom to validate simulations (Fig. 5.5)
For this purpose, simulations were performed with the exact same dielectric properties as measured in the phantom with the
probe measurement.
Also in this case, the transceive phase assumption (Eq. 5.2b) led to the largest error at 7T. These errors occurred mainly at the
periphery of the phantom. A similar error pattern was observed in the measurements and simulations. At 1.5T and 3T, high
noise levels dominated the measurements.

The phase-only conductivity reconstruction (Eq. 5.5) yielded reliable conductivity values from simulation data at 1.5T. At 3T,
this reconstruction led to an overestimation of the conductivity, especially at the periphery. Although, the conductivity contrast
between the inner and outer compartment could still be observed. These observations were not visible in measurements at 1.5T
and 3T, due to noise. At 7T, the phase-only conductivity reconstruction resulted in an unreliable conductivity reconstruction.
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Figure 5.4: Comparison study permittivity reconstruction: field strength, dielectric properties and asymmetry. For detailed
description of the used dielectric properties see Table 5.1. Eq. 5.2a is used to test the effect of the phase error on the permittivity
reconstruction.

Also here, the largest error was observed at the periphery, which coincides with large gradients in B+
1 amplitude (see also [59]).

Not only was the quantitative conductivity value incorrect, but also the contrast between the inner and outer compartment
could hardly be observed. This effect was observed both in simulations and measurements.

Reconstruction of the permittivity based on simulation data already revealed that it is possible to reconstruct this property
accurately at 1.5 and 3T (see Fig. 5.4). However in measurements, the permittivity distribution was obscured by high noise
levels (Fig. 5.6). At 7T, where the noise levels were lower, good correspondence between the measurements and simulations
was observed. However, at this field strength, the transceive phase assumption showed to be less valid.

To better compare the measurements and simulations, and to quantify the effect of the transceive phase assumption and
the phase-only conductivity reconstruction, the average conductivity and permittivity as observed in the simulations and
measurements were summarized (see Table 5.3). For the simulations also the standard deviation of the reconstructed dielectric
properties is given. These simulation results show that the transceive phase approximation led to a minimal error at 1.5T and
3T, as the observed average conductivity value was equal to the input conductivity, and the range of observed conductivity
values in the simulations - given by the standard deviation - was limited. Interestingly, the observed average value at 7T
deviated only slightly from the input conductivity (0.01 S/m). However, at that field strength the standard deviation was much
larger, meaning that the spread of observed conductivity values was elevated.
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Figure 5.5: Phantom simulations and measurements. Top row: Conductivity reconstruction based on the simulated complex
B+

1 Middle row: The reconstructed conductivity based on the B+
1 amplitude and the transceive phase for simulations (sim.) and

measurements (meas.). Bottom row: The reconstructed conductivity based on the phase-only reconstruction for simulations and
measurements. For an overview of the used dielectric properties, see Table 5.1.
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Figure 5.6: Phantom measurement (meas.) and simulations (sim.). Top row: Reconstructed relative permittivity (εr) based on
complex B+

1 Bottom row: Reconstructed relative permittivity (εr) based on the transceive phase assumption.

For the phase-only conductivity reconstruction, the observed mean and standard deviation at 1.5T were only mildly affected.
The observed average and standard deviation at 3T was slightly higher. At 7T, the observed mean conductivity in the outer
compartment was 2.8 times higher than the input conductivity. Moreover, the standard deviation showed a very large spread
in conductivity values.

The observed mean conductivity values in measurements exhibited the same behaviour as the simulated values. At 1.5T, the
conductivity reconstructed using ept was almost equal to the probe measurement, whereas at 3T and 7T, the reconstructed
value only slightly overestimated the probe measurement. For the measurements, no standard deviation was shown, as this
feature is additionally affected by the field strength dependent noise levels as discussed below.

For the permittivity reconstruction using simulation data, reliable results were found at all field strengths. The standard
deviation in the simulations, however, was elevated at higher field strengths. The measured permittivity values at 1.5T and 3T
deviated considerably from the actual permittivity: 26% and 44%, respectively. At 7T, the mean permittivity was more accurate
(4% deviation).

In the measured conductivity and permittivity maps (Fig. 5.5 and Fig. 5.6, resp.), a clear decrease of noise level with increasing
field strength can be observed. The noise level was quantified by determining the standard deviation of the noise in the
outer compartment (Fig. 5.7). This noise level of the conductivity mapping was lower than of the permittivity mapping at
all investigated field strengths. Furthermore, the noise level dropped for increasing field strength. Compared to 1.5T, the
noise level for the conductivity map was 3.8 times lower at 7T. For the permittivity map, the noise level was 3.1 times lower.
Besides the error caused by noise, also the uncertainty in the ept reconstruction based on simulations is shown, along with the
systematic error. Besides the error caused by noise, also the systematic and reconstruction error as summarized in Table 5.3 is
shown in Fig. 5.7.
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Figure 5.7: Error in ept reconstruction outer compartment of the phantom caused by noise, transceive phase assumption and
the phase-only conductivity reconstruction. The noise level is determined as a function of field strength. The noise level is
given by the standard deviation of the noise, normalized with the input conductivity or permittivity. The standard deviation of
the noise was estimated using the autocorrelation function approach described in [100, 101]. The error caused by the transceive
phase assumption and the phase-only reconstruction was split in an systematic error and a random error (i.e. the standard
deviation of the reconstructed conductivity or permittivity).

5.3.3 In vivo measurements

In vivo conductivity maps were obtained and compared with simulations (Fig. 5.8). The transceive phase error in the head was
minimal at 3T and maximal at 7T (see Fig. 5.3). At all field strengths, there was a left/right anti-symmetry in the transceiver
phase error. This error only mildly influenced the reconstructed conductivity at all field strengths.

For the phase-only conductivity reconstruction, the observed conductivity at 1.5T and 3T was only slighty affected by omitting
the B+

1 amplitude (see Table 5.4). Only the conductivity distribution at 7T was altered. At this field strength, the reconstructed
conductivity was elevated; although, the contrast between white matter, grey matter and CSF was still preserved. The
simulation results were confirmed by measurements.

Finally, in vivo permittivity maps were compared to simulations (Fig. 5.9). Also for the in vivo permittivity maps, high noise
levels are observed at low field strengths. These noise levels prevented a reliable reconstruction of the permittivity at 1.5 and
3T. At 7T, however, a good correspondence between the simulated and measured permittivity distribution was shown.

In all resulting conductivity and permittivity maps, errors on the boundaries between the various tissue types were observed,
which is caused by the use of the homogeneous Helmholtz equation in combination with a numerical procedure to calculate
the Laplacian [44, 59].

5.4 Discussion

In this study, a systematic comparison between ept at 1.5, 3, and 7T was performed to investigate the effect of static magnetic
field strength on the accuracy and precision ept. As ept has primarily been used in the brain, this comparison was focussed on
the brain and phantoms with the approximate dimensions of the brain. The ept reconstruction is not only affected by the
snr of the measurement itself, but also by the validity of two assumptions, therefore, an increased accuracy is not necessarily
inherent to a higher static magnetic field strength.

In ept, the B+
1 amplitude and phase are required for an exact reconstruction of the local dielectric properties; however, the B+

1
phase cannot be measured directly. To estimate the B+

1 phase, the transceive phase is divided by two. This assumption is based
on the reciprocity principle. In mri measurements, the use of a clockwise and counter-clockwise rotating frame on which B+

1
and B−1 are respectively projected, causes that the transceive phase assumption is only valid for circularly polarized fields.

In simulations, it was observed that the validity of the transceive phase assumption (φ±/2=φ+) reduces for higher static
magnetic field strengths, and concomitantly higher rf frequencies. The validity is not only influenced by the used rf frequency,
but also the shape of the phantom, and its dielectric properties. If an elliptical shape is used, rather than a cylindrical shape,
elliptical polarization will emerge at some specific locations (e.g. at the periphery at 7T) due to induced currents (eddy and
displacement currents) [86]. The appearance of elliptical polarization will be more pronounced at higher field strengths as the
induced currents scale with the rf frequency.
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Figure 5.8: In vivo simulations and measurements. Top row: Conductivity reconstruction based on the complex B+
1 . Middle row:

The reconstructed conductivity based on the B1+ amplitude and the transceive phase for simulations (sim.) and measurements
(meas.). Bottom row: The constructed conductivity based on the phase-only reconstruction for simulations and measurements.
Due to boundary artefacts, some features of slices below or above the shown slices can appear in the reconstruction. Therefore,
for example, the ventricles appear slightly larger in the reconstruction.
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Figure 5.9: In vivo measurement and simulations. Reconstructed relative permittivity (εr) based on complex B+
1 or the

transceive phase assumption for simulations (sim.) and measurements (meas.).

Induced currents also explain the difference between the phase error observed in the symmetrical and asymmetrical phantoms.
In the symmetrical phantoms, a left/right symmetry was observed, whereas this was not the case in the asymmetrical phantom.
Using the approach by Hoult [86], one can show that the asymmetrically-placed inner compartment, with different dielectric
properties, affects the current path and its amplitude. In that case, the induced currents are no longer cancelled in quadrature
excitation.

Besides frequency and phantom symmetry, also the phantoms dielectric properties affect the phase error φ±/2-φ+, and thus,
the validity of the transceive phase assumption. This can be explained by the principle of electricdynamic scaling, which states
that the dielectric properties, the frequency and dimensions are interchangeable [102]. Therefore, lowering the permittivity (e.g.
case 4, Fig. 5.4), virtually lowers the Larmor frequency and thus reduces eddy currents in the phantom.

Phase-only conductivity reconstruction can be a valuable simplification of the ept algorithms, as it reduces scan time. The
requirement for this method is given in Eq. 5.5, and is related to the spatial fluctuation in B+

1 amplitude. As was already
observed before [59], this assumption poses problems at 7T. Here the B+

1 amplitude can spatially fluctuate quite severely. The
error introduced in the phantom at 7T is higher than the error in the head. This is related to the elevated permittivity in the
phantom. An elevated permittivity shortens the wavelength, and consequently the B+

1 amplitude will be more curved. At 3T,
the error is already reduced and it is only present at the outer border of the phantom. For 1.5T, the phase-only conductivity
reconstruction is a valid simplification of the ept algorithm, which affects the accuracy of the method only marginally.

Based on the discussion above, it may seem that a low static magnetic field strength would be an ideal candidate for ept, as
transceive phase assumption and the phase-only conductivity mapping can be performed best at low rf frequency. However,
the noise level is elevated at low field strengths (Fig. 5.7), which hampers precise determination of the dielectric properties.
This is especially the case for the permittivity, which has a 1.6-2 times higher noise level than the conductivity map.

So, analysing noise and transceive phase error of the phantom measurements, the best trade-off of the field strength is 3T for
the conductivity and 7T for the permittivity for the investigated field strengths (Fig. 5.7). These field strengths seems to be the
best trade-off also for the head.
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It would be beneficial to remove the transceive phase assumption, to fully leverage the snr gain at high field strengths. Recently,
strategies that employ transmit arrays were developed to remove this assumption [60, 61]. According to the presented study,
the use of these strategies is anticipated to be most effective at high field strengths.

A further improvement of ept can be found in the boundary error. It was shown in earlier work [44,59], that errors are expected
at tissue boundaries as the reconstruction is only valid for media with piece-wise constant dielectric properties. As calculation
of the Laplacian requires a kernel with a certain pixel width (for example 7x7x5 pixels in this work), a volume with incorrectly
reconstructed dielectric properties will emerge close to a tissue boundary.

The reported results are typical for the used geometry, rf frequency and dielectric properties. As was shown in this work,
simulations closely match measurements and are therefore a justified tool to investigate the accuracy of the method. A similar
approach as given in this paper would be required to evaluate ept for other body parts or geometries, and in case of changed
dielectric properties. Additionally, simulations give direct insight in the transceive phase error, which is not possible with
measurement data.
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Electrical conductivity mapping of brain tumours at 7 tesla

submitted as:
Electrical conductivity mapping of brain tumours at 7 tesla
Astrid L.H.M.W. van Lier, Jeroen Hendrikse, Johannes M. Hoogduin, Pierre Robe, Eduard H.J. Voormolen, Peter R. Luijten, Jan
J.W. Lagendijk, Cornelis A.T. van den Berg

Abstract In this 7T study, electrical properties tomography (ept), a new mri method, is used for the first time to map the
electrical conductivity of brain tumours. This methods maps the electrical conductivity at the Larmor frequency. In a small
patient group (n = 7), it was shown that the average conductivity in the tumour was higher than in the surrounding white
matter (1.0±0.1 S/m vs. 0.43±0.07 S/m). The conductivity of tumours was higher than grey matter (0.8±0.1 S/m), but lower
than the ventricles (1.8±0.2 S/m). There was no distinct difference observed between the conductivity of high (who grade
IV) and low grade (who grade I-II) tumours. However, in all high grade tumours, a clear conductivity difference between
the contrast-enhancing and non-enhancing part was observed. Finally, it was shown that the conductivity versus the tissue
sodium concentration (tsc) observed elsewhere with 23Na-mri have the same dependence as the conductivity and sodium
concentration of a NaCl solution. So it is suggested, that conductivity mapping might be a valuable surrogate for tsc mapping
using 23Na-mri.
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Conventional mr exams of brain tumours use contrast-enhanced T1w and flair scans to evaluate tissue
involvement. However as summarized by [103] - contrast-enhanced T1w images have several limitations with respect to
specificity to tumour grade [104] and treatment-related injury (e.g. radionecrosis) [105, 106], sensitivity [104–106] and risk
for patients with renal insufficiency [107]. Therefore, alternative mr methods were developed to characterize the tumour
micro environment more specifically [52]. Those methods for example measure the oxygenation, vasculature and pH, and are
based on endogenous contrast. It was concluded that such methods can only be used as biomarkers in clinical practice if the
methods are quantitative, reliable and accurate. Quantification is of importance, as this enables therapy response monitoring in
longitudinal follow up studies [52] and initiating multi-centre trials [51].

To that respect, the sodium concentration is another interesting parameter to probe. In healthy tissue the intracellular Na+

concentration is lower than the extracellular concentration as a result of several active transport processes (e.g. Na+/H+ porter
and the Na+/K+/ATPase pump) [49]. In neoplastic tissue, those active transport processes are disturbed, and the intracellular
sodium concentration was found to be elevated with respect to healthy tissue [108]. In the same study, difference between
slowly and rapidly proliferating cells was also observed.

Furthermore, it is argued that the sodium concentration is linked to cell membrane integrity [109]. In case the membrane
integrity is lost, the ion homeostasis can no longer be maintained. This effectively increases the extracellular space. As the
extracellular space has a high Na+ concentration, the overall tissue sodium level will increase.

The sodium concentration can be measured with 23Na mr imaging , which quantitatively maps the sodium concentration.
The method has successfully showed an increase in 23Na in tumours in in vivo measurements of humans (e.g. brain [110],
breast: [111]). Furthermore, 23Na-mri revealed that the sodium concentration responds to chemotherapy treatment in
rats [53, 112, 113]. However, 23Na-mri is challenging and not available at most clinical scanners, as it requires special rf coils
and amplifiers to measure at the Larmor frequency of sodium. Additionally, an optimized sequence is needed to gain sufficient
snr despite the low abundance and the short T2 of sodium [114]. Moreover, combining brain 23Na images with high resolution
anatomical scans may require repositioning of coils and concomitant misregistration between the 23Na and 1H images.

To assess the sodium concentration, also the conductivity might be used, as there is a strong linear relationship between
the sodium concentration and conductivity of a NaCl solution [91]. At high frequencies (>100 MHz), it was also shown for
biological tissues that the conductivity is related to the NaCl concentration (21,22). At lower frequencies (i.e. < 100 MHz),
however, the conductivity does not only depend on the ionic content but is also affected by the cell membranes and the
interaction with the intracellular and extracellular electrolytes. Due to these effects several dispersion bands [47, 48, 55] and
anisotropy [115] are observed at those lower frequencies.

The electrical conductivity, as does the sodium concentration, varies with the tissue types and fluids [38]. For example, the
cerebrospinal fluid (csf) has a more than 5 times higher conductivity than white matter (wm) at 298 MHz. At that frequency,
also an elevated electrical conductivity was shown in malignancies with respect to the healthy surrounding tissue (23,24),
which is in line with the findings using 23Na-mri.

The electrical conductivity can be measured with mr using several methods. In mr-eit (electrical impedance tomography) [116],
the effect of an externally applied current on the magnetic field is visualized using mri. This technique enables volumetric
measurements of the electrical conductivity. However, this technique relies on injection of low frequency currents (100Hz-
500kHz) with electrodes to measure the conductivity [117]. As low frequencies are used, the observed conductivity is not only
affected by the sodium concentration but also by the membrane properties. Furthermore, currents close to the pain threshold
are required to gain sufficient snr [118].

Recently, another mri method was developed which measures the electrical conductivity. This technique rf-ept (radiofrequency
Electrical Properties Tomography) [44,54,59] does not require an external current, but measures the dielectrical properties at the
Larmor frequency (e.g. 298 MHz at 7T). The method is based on the effect electrical properties (e.g. the electrical conductivity)
have on the propagation of the rf transmit magnetic field. This effect is better observable at high field strengths (e.g. 7T),
due to the shorter wavelength [3]. Inhomogeneous excitation generally hampers imaging at high fields with conventional
techniques, as it can create signal voids. However, this same effect is used to the benefit in rf-ept.

In this study, the potential of rf-ept electrical conductivity mapping is evaluated for the detection and possible characterization
of brain tumours [94]. For this purpose, the conductivity was mapped in healthy volunteers and patients with high-grade and
low-grade brain tumours. Those maps were compared to conventional diagnostic mr scans for brain tumours on 3T and 7T.
Furthermore, major anatomical structures were delineated, to enable quantitative comparison of the electrical conductivity
between the subjects. Based on the ex vivo studies [41] and 23Na-mri results [110] it is expected that the electrical conductivity
in brain tumours is elevated compared to the healthy tissue.
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6.1 Methods

6.1.1 MRI Measurements

Patients were scanned at a field strength of 3T and 7T. Conductivity mapping and additional anatomical scans were performed
at 7T (Philips Healthcare, Cleveland, OH, USA). In addition, standard diagnostic 3T (Philips Healthcare, Best, the Netherlands)
imaging was performed which included a conventional contrast-enhanced T1w scan.

For mapping of electrical conductivity, two scans are required. In the first scan, the amplitude of the rf excitation field (B+
1 ) is

measured. This scan is based on the Bloch-Siegert shift which is quadratically related to the B+
1 field [14] (TE: 18 ms, TR: 90

ms, off-res = 1.5kHz, tbloch-siegert pulse = 8 ms). In the second scan the transceive phase was determined. This phase results
from the pathway the rf signal travels from the coil to the spins, and back. As there exists a pathway difference between
different location in the scanned object, this phase will spatially vary. The transceive phase was measured using an interleaved
measurement with two TEs (TE 1 = 1.94 ms, TE 2 = 2.94 ms). The measurement was repeated with opposed gradients to correct
for eddy currents [59]. The amplitude and phase scan were performed with the same resolution (2.5x2.5x5 mm), using the
Nova Medical T/R head coil (Nova Medical, Wilmington, MA, USA) both for transmit and receive. The FOV (250x200x35 mm)
was centred on the ventricles (volunteers) or tumour (patients). The total scan duration of the phase and amplitude scans was
approximately 10 minutes.

In the same scan session a flair scan (TR:8000 ms, TE: 300 ms, TI: 2250 ms, res: 0.5 mm isotropic) was obtained for comparison
purposes [119]. The flair scan was performed with the T/R Nova Medical head coil and the 16-channel receive coil (both coils:
Nova Medical, Wilmington, MA, USA). Later scans were performed with the 32-ch receive coil (Nova Medical, Wilmington,
MA, USA). For both the flair scan and the conductivity scans were B0 shimmed with a 3rd order image-based shim set which
was based on a brain extracted scan [120]. The shimming algorithm was implemented in a in-house built software tool (IDL,
v6.3 RSI, Boulder, CO, USA) which is based on [121].

All patients underwent a 3T contrast-enhanced T1w scan (TR: 25.5 ms, TE: 7 ms, Gadovist) at the same day as the 7T scan,
except for patient 7.

6.1.2 Data processing

To obtain the conductivity maps, off-line processing of the B+
1 amplitude and transceive phase scan was performed. Firstly, the

eddy current corrected transceive phase was calculated using the procedure described in [59]. To obtain the B+
1 phase, it was

assumed that the transceive phase is twice the B+
1 phase (see also [59]). Then the B+

1 amplitude and B+
1 phase were combined

to obtain the complex B+
1 field. The conductivity (σ) was then calculated using the homogeneous Helmholtz equation:

σ = Im

(
∇2B+

1
B+

1

)
1

µω
(6.1)

which requires the calculation of the Laplacian (∇2) of the complex B+
1 field. The Laplacian of a gridded data set (i.e. the

3D mri data set) can be calculated using convolution with an appropriate kernel. Details for this kernel can be found in [59].
The 3D flair scan was resampled to obtain an image from the same FOV as used in the conductivity maps. The 3T contrast
enhanced scan, was visually matched to the flair scan.

6.1.3 Subjects

Seven patients eligible for surgery were included in this study. The histologically proven tumour grade ranged from I
to IV according the who standards (40). For comparison, also 4 healthy volunteers were scanned. Patient and volunteer
characteristics are given in Table 6.1. A written consent was obtained from all patients and healthy volunteers for the 7T scans.
For the retrospective use of the clinical 3T mri data and the histological data, a Medical Ethical Committee approval was
obtained.

6.1.4 Data quantification

As conductivity maps give quantitative measures of the local tissue conductivity, it is possible to compare this parameter for all
scanned subjects. For this purpose, several regions of interest (rois) were delineated in the flair image. For all subjects, rois of
white matter, grey matter and cerebrospinal fluid were defined. For the low grade tumour patients, the tumour was delineated.
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Subject Sex Age (y) Tumor who Necrosis Blood
type grade vessel

proliferation

Patient 1 M 46 Astrocytoma IV - Y
Patient 2 M 60 Astrocytoma IV Y Y
Patient 3 F 59 Astrocytoma IV Y Y

(local)
Patient 4 F 62 Astrocytoma IV Y Y
Patient 5 M 62 Astrocytoma II - -

(infiltrating)
Patient 6 M 24 Oligo-astrocytoma II N N
Patient 7 F 41 Meningioma I Micro -

(infiltrating) cystic

Volunteer 1 M 34 - - - -
Volunteer 2 F 25 - - - -
Volunteer 3 M 32 - - - -
Volunteer 4 F 32 - - - -

Table 6.1:
Subject characteristics. The tumor properties are taken from histology reports which are based on either biopsies or bulk tissue.

Data which was not specifically given in the histology report is marked with a ’-’.

For the high grade tumour patients, also information of the contrast-enhanced scan was used. In those scans enhancing and
non-enhancing tumours regions were observed. Those were delineated separately.

Conservative delineation volumes were defined, to ensure that no tissue boundaries were analysed. At tissue boundaries, the
electrical conductivity map is incorrect, as the reconstruction is based on the homogeneous Helmholtz wave equation (see for
details [59]).

6.2 Results

6.2.1 In vivo scans

Conductivity maps show an inherent contrast in healthy volunteers (Fig. 6.1). Most striking is the contrast between the
ventricles and the wm. Also, a conductivity difference between white matter (wm) and grey matter (gm) is seen. This contrast is
less obvious as the difference between wm and csf, however, comparison with flair images confirms that for example contrast
differences at the periphery of the brain match the pattern of the cortex. Contrast differences are also observed near the insular
cortex and in the basal ganglia grey matter regions. Furthermore, a distinctly lower conductivity is observed in the corpus
callosum.

For the patients, the conductivity is elevated at the location of the tumour (Fig. 6.2). This location was confirmed with the
flair and T1w contrast enhanced anatomical scans. In the flair scans, some peripheral shading can be observed, which is
caused by wave effects present in 7T mri.

Properties of high-grade and low-grade grade tumours

In this study, four patients with a high grade tumour (who grade IV) and three patients with a low grade tumour (who grade
I-II) were included.

In patients with high grade tumours, the tumour are distinguishable from the surrounding tissue with elevated conductivity
of the tumour relative to the surrounding brain tissue. The location of the tumour is confirmed in the flair and T1w scans.
Interestingly, also contrast differences within the tumours are observed (see zoom of the tumour region in Fig. 6.3). Regions
without contrast-enhancement match with high local conductivity, and vice versa. In some patients (patients 1, 3, 4) the regions
without contrast-enhancement match a distinct hyper intense region in the flair images.

In patient 5, who was diagnosed with an low grade infiltrating astrocytoma, the hyperintense area in the flair is not related
with a high conductivity. In patient 6, who suffered from a low grade oligo-astrocytoma, a slightly elevated conductivity
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Figure 6.1: Electrical conductivity maps and flair of healthy volunteers 1 and 4. The conductivity maps clearly show contrast
between white and grey matter and csf.

was observed. In that case, the transition between tumour and healthy tissue seems less well defined than in the high grade
tumours. Patient 7, who was diagnosed with a grade I meningioma with microcystic parts, two regions with different
dielectric properties are observed. Those regions are also observed in the flair image, where the lower intensity matches a low
conductivity and vice versa. In the T1w scan no difference in enhancement was observed.

Quantification

To compare the conductivity in healthy volunteers and patients, rois were defined within wm, gm, ventricles and the tumour
(if applicable). For high grade tumours, two tumour regions were defined, which matched the contrast-enhanced and non
contrast-enhanced regions that are described in the previous section. For patients 1, 3 and 7 no roi for gm could be defined,
as the cortex was too thin. The average conductivity within all rois was determined (Fig. 6.4). Additionally, the average
conductivity over all subjects is given per tissue type, together with the literature values.

6.2.2 Tissue sodium concentration versus conductivity

In Fig. 6.5 an overview of literature values for the tissue sodium concentration (tsc) of gm, wm and csf determined by 23Na
imaging [110, 122–124] is given. Those values are plotted against the literature conductivity values at 298 MHz given by [38].
Furthermore, the sodium concentration versus the conductivity of a NaCl solution is shown [91]. In this Figure, it is observed
the tsc increases as a function of the conductivity for all studies, except for the study by Ouwerkerk et al. [110]. Furthermore,
the observed conductivity vs. sodium concentration for gm and wm was close to the curve for NaCl solutions. For csf, however,
the conductivity observed by [38] was higher than higher than expected based on the tsc.
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Figure 6.2: Electrical conductivity maps, flair scan and contrast-enhances T1w scan (left to right) for patients 1-7. For patients
characteristics see Table 6.1. A zoom of the conductivity maps of patient 1-4 is shown in Fig. 6.3

Scaling the tsc with the conductivity as is observed in this study using ept, considerably lowers the difference with the
NaCl solution curve by Stogryn [91], as the observed ept conductivity of csf is lower than in the study by [38], and the ept

conductivity of gm is higher.

6.3 Discussion and Conclusion

In this explorative study, the potential of conductivity mapping in brain tumour patients was evaluated. It was shown that the
conductivity at 298MHz (7T) in tumours is elevated. For the high-grade tumours additional contrast within the lesion was
shown. This additional contrast correlated with enhancement patterns on the contrast-enhanced T1w scans. The study was
performed at 298 MHz, as it was shown before that there is a direct relation between the conductivity and ionic content (e.g.
sodium concentration) above 100 MHz [47, 48].

This additional contrast is possibly related to the increased heterogeneity in high-grade tumours, as those tumours show
necrosis, very high cell density and vascular endothelial proliferation [125]. This was also seen in the studied population,
where all high-grade tumours exhibited necrosis and/or blood vessel proliferation. In the low-grade patients only patient 7

was reported with heterogeneous tissue properties (i.e. micro-cysts). For this patient, the observed conductivity is much more
heterogeneous than for the other 2 low-grade patients.
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Figure 6.3: Zoom of the tumour region of patient 1-4. In the conductivity maps regions with different conductivity can be
observed. For high grade tumours two rois were defined, the enhancing tumour regions (white or red) and the non-enhancing
regions (black or blue). The delineation was based on the contrast enhancement pattern (T1w scan) and the anatomical features
(flair). Conservative delineation volumes were defined, to ensure that no tissue boundaries were analyzed.
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Figure 6.4: Overview of average conductivity values within different tissue types. The conductivity values were determined
within a roi not close to tissue boundaries. Furthermore the overall average measured conductivity and literature values are
given. a. See refs. [38, 41]

Figure 6.5: Overview of various tissue sodium concentration (tsc) measurements with 23Na-mri [110, 122–124] versus the
tissue conductivity as observed in this study and by [38]. The tsc and conductivity of grey matter (gm), white matter (wm)
and cerebrospinal fluid (csf) are given. Further, the relation between the conductivity and the sodium concentration of NaCl
solution (NaCl in H2O) is shown [91]. Those conductivity values are valid at 298 MHz and 37

◦C.
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Quantitative comparison of the tissue conductivity values with the literature values showed that the average conductivity of
wm was comparable to the conductivity expected from literature (0.43±0.07, average ± standard deviation, vs. 0.41 S/m). The
observed conductivity of the gm was higher than the literature values (0.8±0.1 vs. 0.69 S/m). Whereas for the ventricle the
conductivity was lower than described in literature (1.8±0.2 vs 2.22 S/m). Although the observed and expected conductivity
were different, the order of conductivity (σ) was the same: σ wm < σ gm < σ tumour < σ csf.

The difference between literature and measured conductivity values is probably not a limitation of the method. It was shown
before [59] that the conductivity in phantoms can be reliably measured with ept. However, the difference can be caused by a
partial volume effect. For example, the ventricles do not only consist of csf, but are also occupied by the choroid plexus, and
blood in the internal cerebral vein. The conductivity of blood is considerably lower than for csf (1.32 vs. 2.22 S/m). This effect
might also explain why the 23Na concentration versus ept conductivity are closer to the theoretical dependence of the sodium
concentration versus the conductivity, than the literature value of csf. Both ept and 23Na-mri merely map the properties of the
ventricle rather than the properties of pure csf.

Based on the sodium concentration, a difference in conductivity between rapidly and slowly proliferating cells is anticipated
[108]. Despite the observed conductivity contrast within high-grade brain tumours, the conductivity of the non-enhancing
parts of the tumours in patients 1-4 was not distinctly different than the low grade tumours (patients 5-7). Here it should be
mentioned that the patient group were small (4 high-grade tumours and 3 low-grade tumours), and the low-grade tumour
group was very heterogeneous with respect to the tumour type. Thus, to investigate conductivity difference between low and
high grade tumours more thoroughly, a larger patient population is required. Additionally, a comparison between conductivity
mapping and 23Na mri is of interest. In such a study the reliability and sensitivity of both methods can be investigated. Also,
it can be investigated if conductivity mapping and sodium mapping are fully interchangeable, i.e. by showing the relation
between tsc and conductivity for the same patient, similar to Fig. 6.5.

To better characterize the observed heterogeneous conductivity distribution within high-grade tumours, higher resolution
conductivity maps are of interest. Those high resolution images are also important to better characterize the conductivity of
gm, as the cortical layer of gm was too thin in some patients to evaluate the conductivity reliably with the current resolution in
combination with the Laplacian-kernel. The use of a kernel to calculate the Laplacian, reduces the actual resolution of the ept

maps as this operation implicitly assumes uniform dielectric properties over de kernel. Thus, both a coarse resolution and the
use of the kernel lead to partial volume effects which obscure small structure such as the cortex. This effect can in part be
resolved by using a higher resolution. Recently, it was shown that the measurement time of the transceive phase measurement
can be considerably shortened using a b-SSFP sequence [96], this deduced measurement time may in part be traded for a
higher resolution.

In conclusion, this study showed that the electrical conductivity is elevated in brain tumours. Furthermore, a linear relation
between the electrical conductivity and the tissue sodium concentration was shown. Especially the relation with the tissue
sodium concentration should be investigated further, as sodium is an important biomarker for metabolic changes.
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7

General Discussion and Summary

For mr imaging, a radiofrequency (rf) pulse is used to generate a signal. Propagation of this rf pulse is affected by the
dielectric properties. The dielectric properties in the body vary considerably between several tissue types [38], which makes
the interaction between the rf pulse and the body complex. In the process of rf propagation, part of the rf field is absorbed by
the body, which leads to tissue heating and this potentially causes tissue damage. Better understanding of rf field propagation
and its effects on patient safety are of importance in view of the current development of ultra-high field mri. In ultra-high field
mri, problems with rf wave effects emerge due to the increased Larmor frequency and the inherently shorter wavelength.
Approaches to mitigate those effects further change the rf field and can lead to high local temperatures due to interference.

The amount of power absorption is restricted by the International Electrotechnical Commission (iec) to ensure patient safety [8].
However, the absorbed power — quantified by the specific absorption rate sar — is not directly related to patient risk, it is the
tissue temperature that is linked with tissue damage. Therefore, the first topic that is investigated in this thesis is the relation is
between sar and temperature for ultra-high field mri of the head. For this study, electromagnetic (em) and thermal simulations
were performed.

Generally, only one or a limited number of dielectric models of the body are considered in sar and temperature simulations
[5, 6, 16, 28, 65]. It was shown that this can lead to underestimation of the sar [6, 28]. Therefore, in the second part of the thesis,
a method was introduced to measure the dielectric properties in vivo. This method, electrical properties tomography (ept),
generates patient-specific dielectric properties maps which might serve as an input for em simulations.

As the dielectric properties do not only vary between healthy tissues, but also between healthy and tumour tissue [41, 42], ept

may also be useful for tumour characterization. Therefore, ept may not only be useful for rf safety management, but also have
clinical potential. In this thesis, it is investigated if ept can be used to detect and characterize brain tumours.

7.1 SAR and Temperature

In Chapter 3, radiofrequency heating was investigated for 7 Tesla mr imaging of the human head using a birdcage head coil.
The aim was to investigate if the iec limits on the specific absorption rate (sar, the amount of absorbed power per kilogram)
sufficiently restricts the temperature elevation.

To investigate the relation between the sar and temperature, first the sar distribution of the 7T head coil was simulated using
em simulations with the finite-difference time-domain (fdtd) method. Those maps also served as an input for the temperature
simulations. The temperature was simulated using two different methods: 1) the classic Pennes bioheat equation (pbhe), and 2)
Discrete Vasculature (diva). The latter method was developed in the umc Utrecht for Hyperthermia Treatment Planning and
comprises a model of the vasculature. The vascular network which is needed for the diva model was based on a simultaneous
arteriogram and venogram mri measurement at 7T. Simulations were performed for normal, 20% increased or 20% decreased
perfusion rates.
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The iec prescribes limits based on the average sar in the head (the global sar) and the maximum sar within 10-grams of tissue.
It was found that the global sar limits allows for a higher rf power, than the local 10-gram sar limits. After normalizing
the sar distributions to the global and local sar limits, the temperature in the head was simulated. Maximum temperatures
between 37.9 and 38.4 ◦C were found, depending on the temperature simulation method, the used sar normalization (global
or local) and the perfusion rate.

7.1.1 Is there a need for patient-specific RF safety?

The simulated maximum temperature is in the range of the maximum temperature in the head that is allowed by the iec,
i.e. 38

◦C. This implies that the sar and temperature limits closely agree on the maximal rf power that is safe. In Chapter 3,
a birdcage coil in quadrature mode was used for rf excitation. However, at ultra-high static magnetic field strengths, often
multi-transmit phased arrays are used. For those phased transmit arrays, it was shown that locally much higher sar values
can be reached due to interference [5]. Elsewhere, it was observed that worst-case sar values do also strongly depend on the
anatomy [6]. However, exact knowledge of the em fields and the conductivity can also be used to reach a considerably lower
sar and simultaneously improve

∣∣B+
1

∣∣ homogeneity [5, 126]. Nevertheless, the close agreement on sar and temperature, in
combination with the large variation in the sar due to interference effects and anatomical variation may lead to thermal risk of
the patient. Therefore further development of methods for patient-specific rf safety assessment is of importance.

7.2 Electrical Properties Tomography

A first step towards patient-specific rf safety is to improve accuracy the sar simulations. This requires knowledge of the
dielectric properties distribution. Therefore, a method to map those properties would improve rf safety assessment. In the
remainder of this thesis a method is presented to map those properties: Electrical Properties Tomography (ept).

In Chapter 2 and 4, the theory behind ept is given. In its original form, the method is based on the Maxwell equations [44].
However, it is shown in this thesis that it can be derived from the Helmholtz equation as well. This Helmholtz equation based
reconstruction of the electrical properties requires a Laplacian (second spatial derivative) of the magnetic field. In Chapter 4, a
noise-robust kernel is given for calculation of the Laplacian for gridded data.

Using simulations, it was shown that this approach gives a reliable reconstruction of the conductivity for regions with
homogeneous dielectric properties. However, around tissue boundaries — with changing electric properties — a local
overestimation or underestimation of the conductivity was observed. This error is caused by the use of the homogeneous
Helmholtz equation, in which homogeneous electric properties are assumed. Therefore, the method is not suited to map the
electric properties at those boundaries. This error will spatially spread more by the use of the Laplacian kernel, as it is explicitly
assumed that the dielectric properties are constant over the full size of the kernel. Therefore, also voxels neighbouring the
tissue boundary itself are affected by the boundary error, in the presented work the error extended 3 voxels from the boundary.
The need for homogeneous dielectric properties is not only required for the Helmholtz-based ept reconstruction, it is also a
prerequisite for the original Maxwell-based ept reconstruction algorithm [44].

For ept reconstruction a magnitude map and phase map of the rf transmit magnetic field is required. A method for phase
mapping of the rf transmit magnetic field was developed and verified at 7 tesla in Chapter 4. By comparison with em

simulations, it was demonstrated that eddy current compensation is required for reliable transceive phase determination.

The phase measured in the mr experiment is the rf transceive phase, whereas the ept method requires the rf transmit phase.
In the current approach, the transmit and receive phase cannot be disentangled, therefore it is assumed that the transceive
phase is twice the transmit phase. The transceive phase assumption was validated using em simulations; this assumption led
to small errors in the brain at 7 tesla. Furthermore, it was shown that the electrical conductivity can be reconstructed using
only this B+

1 phase information (i.e. the magnitude measurement can be omitted) if the gradient of the
∣∣B+

1

∣∣ is low. At 7 tesla,
this phase-only conductivity reconstruction was valid in the centre of the head.

A similar study by Philips Research Europe in Hamburg showed that the transceive phase assumption and the phase-only
conductivity reconstruction are more valid at 1.5 tesla [54]. Therefore, a collaboration was initiated between our group and the
group from Philips. In a comparison study, which is presented in Chapter 5, both the transceive phase assumption and the
phase-only conductivity reconstruction were investigated at 1.5, 3 and 7 tesla for a phantom and the brain. For transmission
and reception a birdcage head coil was used. The validity of the assumptions was evaluated with em simulations. Furthermore,
the effect of field strength on the noise levels in the resulting dielectric property maps was investigated with measurements.

It was concluded that both the transceive phase assumption and the phase-only conductivity reconstruction result in increasing
errors for increasing field strengths. The errors depend on the symmetry of the phantoms: larger asymmetry gives a larger
transceive phase error. Furthermore, transceive phase error is affected by the dielectric properties of the phantom. Although
the systematic errors increase at high field strength, the increased snr at higher field strengths results in lower noise related
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errors. Therefore, an optimal field strength for ept will always be a balance between the validity of the assumptions and the
sensitivity of the measurement. For the investigated phantom, it was concluded that conductivity mapping with the current
implementation of ept can best be performed at 3T. For permittivity mapping, the noise related error was larger. Therefore,
permittivity mapping was shown to be best performed at 7T.

7.2.1 Can EPT be used for patient-specific SAR simulations?

In the Introduction of this thesis it is hypothesized, that electrical properties maps can be used as an input for em simulations.
For this method to work, the electrical properties maps should fulfil certain requirements: they should have a sufficiently high
resolution and accuracy, requiring only a short measurement time.

Based on [34], a resolution of 5x5x5 mm3 seems sufficient to identify all sar hotspot at 3T. Currently, this resolution seems to
be reached with ept; in Chapters 4-6 a resolution of 2.5x2.5x5 mm3 was used. However, due to the use of the Laplacian kernel,
the actual resolution is lower. The use of this kernel in connection with the underlying homogeneous Helmholtz equation
enforces that accurate reconstruction of the dielectric properties is only possible if those properties do not change in a volume
that is at least as large as the kernel. As the kernel size is 7x7x5 voxels, the actual voxel size (= 17.5x17.5x25 mm3) is much
larger than the required resolution. Furthermore, the ept scans would consume a large amount of the standard scan time.

So, based on the resolution and scan time, dielectric properties maps based on ept reconstructions are currently not suited
as a direct input for em simulations. However, the method can be used to verify the dielectric properties of specific tissues
(e.g. tumours), to increase the accuracy of em simulations. For this purpose only a small fov, thus reasonable scan times, are
required.

To increase the usability of the ept maps as direct input for em simulations already a first improvement was proposed. It was
shown that the phase of a balanced steady state free precession (b-ssfp) sequence is minimally affected by off-resonances and
is suited to map the B+

1 phase [96]. Using the b-ssfp sequence with its inherently high snr per unit of time, the measurement
time can be decreased from several minutes to seconds.

This improved measurement speed may in part be traded for an increased resolution. An increased scan resolution will
increase the actual ept resolution (i.e. resolution after applying the Laplacian kernel). Consequently, a higher resolution will
decrease the spatial spread of the error at the tissue boundaries which is related to the homogeneous Helmholtz equation.
Although an increased resolution reduces the boundary error, it does not solve it. Therefore, a reconstruction approach which
inherently corrects for the boundary error remains one of the important challenges in ept research.

The required accuracy of the dielectric properties for rf safety assessment is not yet clear. However, it is important to
consider this, as earlier studies indicated that uncertainties in the dielectric properties have a distinct effect on the sar and
temperature [35,36]. To evaluate the effect of uncertainty in the ept maps, first the relative error of the maps can be determined
using the method presented in Chapter 4. Afterwards, consequences of those uncertainties for sar and temperature can be
evaluated using multiple simulations, e.g. with the scheme used in [36].

7.2.2 What are the implications of EPT for Hyperthermia Treatment Planning?

The goal of hyperthermia is to heat a tumour, which is used as an additional therapy along with chemotherapy and/or
radiotherapy. In Hyperthermia Treatment Planning (htp), the thermal dose to the patient is predicted based on similar methods
as where used in Chapter 3. Uncertainty of the dielectric properties are troublesome for regional hyperthermia, as it will result
in errors of the predicted hot spot size and location [36]. This is especially true for tumour tissue, as the dielectric properties
can differ considerably from the healthy tissue [41, 42]. Therefore, ept might prove to be an important tool to reduce the
uncertainty of dielectric properties and simultaneously improve the accuracy of htp.

To investigate the added value of ept for htp, our group initiated a collaboration with the Hyperthermia groups of the
Academic Medical Centre (amc) in Amsterdam and the Erasmus Medical Centre in Rotterdam. In our collaboration with the
amc, it was shown in simulations that the transceive phase assumption can be used at 3T for the pelvis [127]. This is a first
step towards ept for improved htp of cervical tumours. A challenging next step will be to optimize mri measurements for ept

in the pelvis. To increase snr in measurements in the pelvis, local receive coils may be used [128]. Furthermore, it should be
investigated to what extent mr sequences should be adapted to reduce the effect of organ motion on image quality.

Although ept maps for htp will initially be used to reduce the uncertainty of the tumour’s dielectric properties, the maps
might also be used as direct input for htp. However, also in this case, the current ept maps are not reliable for this purpose, as
there are boundary errors in the permittivity and conductivity maps. In the investigated case of the pelvis , especially the
transition between muscle and bone seems troublesome [127]. Unfortunately, it are those transitions, which are notorious for
undesired hotspots [129].
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7.2.3 What about a direct SAR measurement using the EPT method?

In the previous sections, ept was seen as a method to generate a patient-specific dielectric properties model for rf safety and
hyperthermia treatment planning. As such, ept can be used as to increase the accuracy the input dielectric properties of em

simulations. However, it was also proposed that the sar can be mapped directly using an extended ept framework [44, 128].
This method was validated with em simulations and measurements, and showed to be promising for the head at 1.5T.
Unfortunately, there are some disadvantages of this method when it is used at higher field strengths or for other transmit coils.

The critical assumption for ept-based sar calculations, is that the Bz and B−1 of the transmit field are negligible compared to the
B+

1 field. This assumption is required as knowledge of all field components of the rf transmit magnetic field (i.e. B+
1 , B−1 and

Bz) is needed to calculate the total electric field. A birdcage coil can produce a magnetic field that fulfils those requirements at
a low field strength, which explains the promising results at 1.5T. However, based on results presented in this thesis it can be
shown, that this approach will not work at higher field strengths.

In Section 4.A, it is argued that the transceive phase assumption is only valid in case of perfect circular polarization, i.e. the
B−1 of the transmit field is zero. In Chapter 5, it was furthermore shown that the transceive phase assumption is less valid at
higher field strengths. This implies that the B−1 of the transmit field becomes larger, which in turn reduces the accuracy of
ept-based sar mapping. Based on the results in Chapter 5, it is also expected that asymmetries further reduce the circular
polarization. This last effect might reduce the accuracy of sar mapping of patients with tumours, as it was shown in Chapter 6

that the presence of tumours can lead to asymmetry of the dielectric properties distribution.

Therefore the method proposed in the Introduction (Chapter 1), to generate sar maps with fast fdtd simulations [29] based on
optimized ept maps, is still favourable. This method also gives the freedom to investigate interference effects for multi-transmit
arrays [6], which is useful for rf shimming (e.g. by phase/amplitude steering and rf pulse design). It is however of interest,
to investigate if the proposed ept-based sar mapping method is more reliable to validate the fdtd simulations, than B+

1
amplitude mapping.

7.2.4 What are the requirements for MR thermometry to monitor the RF heating in vivo?

Another method to verify rf safety in a patient-specific manner is through mr thermometry. Based on the thermal distributions
presented in Chapter 3, the thermometry method should be able to measure a temperature increase of 0.1 ◦C over a time
interval of 20 minutes. Besides the high thermal precision, also a high spatial precision is required to map rf heating. Based on
the size of the thermal hotspots found in Chapter 3, a resolution of approximately 5x5x5 mm3 suffices. Based on requirements
presented here, an mr thermometry method to detect rf heating is currently under investigation in the umc Utrecht. Ultimately,
mr thermometry might be used as a direct method to monitor or even predict the patients temperature. A method to predict
the temperature increase caused by a phased array — corrected for the chosen phase/amplitude settings — is described
in [130].

To get a better match between the thermal simulations and measurements, an mri-based perfusion map may be used, as
opposed to the tissue type specific perfusion rates that were used in Chapter 3. This is especially important if the perfusion
is disturbed. Earlier, it was shown that the increased perfusion in prostate tumours leads to undesirable local cold spots in
hyperthermia treatment [24]. In mri, a reverse process (i.e. a decreased perfusion) may lead to potentially dangerous hot spots.
The perfusion, for example in stroke, can locally drop with more than 50% [131].

7.3 Clinical applications of EPT

Although the development of ept was initially intended as a method for patient-specific rf safety assessment of mri, it was
also shown in this thesis that there are diagnostic applications for ept.

In Chapter 6, ept is used to quantify the electrical conductivity in the brain of healthy volunteers and patients with a brain
tumour using 7T mri. This research was motivated by ex vivo measurements in tumours, where it was shown that the electrical
conductivity is higher in the tumours than in the surrounding tissue. The increased conductivity in tumours was also observed
with in vivo ept measurements. In patients, it was furthermore observed, that the conductivity of high grade tumours (grade
IV) was heterogeneous, which correlated with the heterogeneity seen with contrast-enhanced mri (non-contrast-enhancing
regions matched regions with a high conductivity and vice versa). This heterogeneity was not observed in a conventional
flair (fluid attenuated inversion recovery) mri scan at 7T. Finally, the observed conductivity in white matter, gray matter
and csf was plotted against the sodium concentration found in other studies by 23Na-mri. The observed dependence of the
conductivity on the sodium concentration was in the same range as for a NaCl solution. This last finding, once more [48],
gives a strong indication that the electrical conductivity is mainly related to the sodium concentration.

68



ProefschiftAstrid June 3, 2012 16:40 Page 69 �
�	

�
�	 �
�	

�
�	

General Discussion & Summary

7.3.1 Which pathologies and treatments are candidates for EPT monitoring?

In healthy tissue, the intracellular sodium concentration is about 10 times lower than the extracellular concentration. This
sodium gradient over the cell membrane is maintained by means of active transport. Several membrane molecules are involved
in this process, for example the Na+/K+/ATPase pump and the Na+/H+ antiport. In pathologies, such as tumours and stroke,
those the active transport processes are disturbed, which leads to changed ion concentrations. For example, the intracellular
Na+ concentration will increase as a result of this, which will lead to an overall increase in the tissue sodium concentration
(tsc). Until now, the tsc was visualized with 23Na-mri.

An increased tsc is for example observed in brain tumours [110] and in breast tumours [111]. Also, it was shown that the tsc

can be used for chemotherapy treatment monitoring [53]. In stroke it was shown, that the tsc increases as a result of ischemia
and concomitant malfunctioning of the active transport processes, which leads to increased intracellular sodium concentrations
and ultimately cell death [49]. It was also found that the tsc can be used to estimate the on-set time of stroke [132], and to
monitor thrombolytic therapy [109].

Although tsc has long since been seen as an important biomarker for several pathologies, it has not been clinically implemented
to this day. This is caused by several factors [114]. Firstly, 23Na-mr imaging is very challenging due to a low snr. Secondly, the
lower gyromagnetic ratio of 23Na also requires the use special rf coils and rf amplifiers. Thirdly, the T2 of sodium is very
short and bi-exponential, so special sequences with very short echo times need to be used for quantification of the tsc. ept is
based on 1H-mri, therefore, conventional mr equipment and sequences can be used. This makes ept easier to implement in the
clinic than tsc mapping. However, first the relation between tsc and the electrical conductivity should be further established
by a comparison study in volunteers and patients. This comparison can for example be performed with a dual-tuned birdcage
coil [133]. Using such coil an electrical conductivity and tsc map can be measured subsequently without replacing the coil
between the 1H (i.e. ept) and 23Na measurement.

7.3.2 New frontiers: Conductivity mapping at lower frequencies.

In ept, the electrical properties can only be determined at the Larmor frequency. As discussed before, the electrical properties
at that frequency are related to the ionic content of the intracellular and extracellular space. Measurements at lower frequencies,
however, would gain more information about the cell structure and composition (e.g. cell membrane and organelles) [55].
Furthermore, anisotropy of the dielectric properties at low frequencies can be linked to cell orientation [115].

To measure the dielectric properties at a low frequency, we recently proposed a new mri method (not part of this thesis). This
method, that we called low frequency-ept or lf-ept, uses the eddy current field (Be, Eq. 4.9) which is normally removed from
the phase data for normal radiofrequency ept (rf-ept). Those eddy currents are induced in the body by switching of the
imaging gradients.

In a first implementation of this method [134], the conductivity contrast difference between three saline solutions could be
observed. Compared to the current low frequency methods for in vivo conductivity mapping methods with mri (Current
Density Imaging [79] and Electrical Impedance Tomography [116]), lf-ept is easier and safer to implement. lf-ept uses the
existing mr hardware, whereas the other methods require an additional electrode on the skin to physically inject current. The
use of this electrode can lead to considerable patient discomfort [118].

To further develop lf-ept, the following steps are of interest. Firstly, implementation of a reconstruction method which
does not require rotation of the object makes lf-ept applicable for in vivo measurements (for example based on the CoReHa
method [135]). Secondly, lf-ept (in contrast to rf-ept) can be extended to a spectroscopic method, in the sense that the electrical
conductivity is measured at different frequencies. This can be used to characterize the dispersion bands observed for the
dielectric properties [47]. For this purpose, the slew rate of the imaging gradients should be altered. The frequency components
of the eddy currents that are realized this way, can for example be quantified with a dynamic field camera [136, 137].

7.4 Conclusion

In this thesis the thermal safety of a conventional 7T birdcage coil setup was investigated. It was concluded that there is only
a small margin for uncertainties. Therefore there is a need for patient-specific rf safety assessment. As a first step in this
process, ept was developed and evaluated. The dielectric properties maps that result from ept should serve as an input for em

simulations. However, the method is not yet ready to be implemented as such, as there are problems with the reconstructed
map (boundary error) and the measurement time is too long. Nevertheless, ept has found its first application as a method to
map the elevated electrical conductivity in tumours. As such, ept in its current implementation already provides a tool for
tumour characterization and possibly treatment response monitoring.
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Samenvatting en Discussie

Bij het maken van een mr (magnetische resonantie) afbeelding wordt gebruik gemaakt van een rf puls om een signaal te
genereren. Propagatie van deze rf puls wordt beı̈nvloed door de diëlektrische eigenschappen. In het lichaam variëren deze
diëlektrische eigenschappen aanzienlijk per weefsel type [38]. Hierdoor ontstaat een complexe interactie tussen de rf puls
en het lichaam. Tijdens de rf propagatie wordt een deel van het rf veld geabsorbeerd door het lichaam, dit leidt tot de
opwarming van het weefsel wat op haar beurt mogelijk kan leiden tot weefselschade. Gelet op de huidige ontwikkeling van
ultrahoogveld mri, is het van belang om rf propagatie en het effect hiervan op de patiënt veiligheid beter te begrijpen. De
hogere rf frequentie die nodig is bij ultrahoogveld mri heeft namelijk hinderlijke golfeffecten tot gevolg. Methodes om deze
golfeffecten te verminderen veranderen het rf veld nog meer, wat lokaal kan leiden tot hoge temperaturen als gevolg van
interferentie.

Om de veiligheid van de patiënt te garanderen, is door de International Electrotechnical Commission (iec) een limiet gesteld
op de maximaal hoeveelheid vermogen die geabsorbeerd mag worden [8]. Helaas is het vermogen — gekwantificeerd door de
’specific absorption rate’ (sar) — niet direct gerelateerd aan het risico voor de patiënt. Het risico op schade hangt namelijk af
van de temperatuur van het weefsel. Het eerste onderwerp dat behandeld wordt in dit proefschift is daarom onderzoek naar
het verband tussen de sar enerzijds en de weefsel temperatuur anderzijds tijdens ultrahoogveld mri van het hoofd. Voor dit
onderzoek is gebruik gemaakt van elektromagnetische (em) en thermische simulaties.

In het algemeen wordt voor deze simulaties gebruikgemaakt van één of een beperkt aantal diëlektrische modellen van het
lichaam om de patiënt veiligheid te garanderen [5,6,16,28,65]. Het is aangetoond dat dit kan leiden tot een onderschatting van
de werkelijke sar [6, 28]. Daarom werd er in het tweede deel van dit proefschrift een methode geı̈ntroduceerd waarmee de
diëlektrische eigenschappen in vivo gemeten kunnen worden. Deze methode, elektrische eigenschappen tomografie (engels:
’electrical properties tomography’, of kortweg ept) genaamd, wordt gebruikt om patiënt-specifieke kaarten te maken van de
diëlektrische eigenschappen. Deze kaarten zouden gebruikt kunnen worden als invoer voor em simulaties.

De diëlektrische eigenschappen variëren niet alleen per weefseltype, er is ook een verschil tussen gezond en tumor weefsel
[41, 42]. Dit leidde tot de hypothese dat ept niet alleen nuttig kan zijn voor het onderzoeken van de rf veiligheid, maar dat
deze techniek ook klinisch gebruikt kan worden. Door ept kaarten te maken van patiënten met hersentumoren werd deze
hypothese getest.

8.1 SAR en Temperatuur

In Hoofdstuk 3 werd de rf geı̈nduceerde opwarming van het hoofd als gevolg van 7 tesla (7T) mri met een birdcage hoofdspoel
onderzocht. Het doel van deze studie was om aan te tonen of de door de iec gestelde limieten op de sar de weefsel opwarming
voldoende beperken.

De relatie tussen sar en temperatuur werd als volgt onderzocht. Eerst werd de sar kaart van de 7T hoofdspoel gesimuleerd
met behulp van de ’finite-difference time-domain’ (fdtd) methode. Deze sar kaarten werden ook als invoer gebruikt voor de
temperatuur simulaties. De temperatuur verdeling werd gesimuleerd met twee verschillende methodes: 1) de klassieke Pennes’
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Bioheat Equation (pbhe) en 2) Discrete Vasculature (diva). Deze laatste methode werd ontwikkeld in het umc Utrecht voor
het plannen van hyperthermie behandelingen, en herbergt ook een model van het vaatbed. Het vaatbed, welke dus gebruikt
werd voor de diva simulaties, werd gebaseerd op een simultane mri meting van de slagaders en venen. Dit resulteerde in een
arteriogram en een venogram. De uiteindelijke thermische simulaties werden uitgevoerd voor normale, 20% verhoogde en 20%
verlaagde perfusie snelheid.

De iec beschrijft limieten gebaseerd op de gemiddelde sar in het hoofd (de globale sar) en de maximale sar binnen 10 gram
weefsel. Er werd geconcludeerd dat gebaseerd op de globale sar een hoger rf vermogen toegestaan zou zijn dan gebaseerd op
de lokale 10 gram sar limiet. Na het normaliseren van de sar verdeling naar de globale of lokale limiet werd de temperatuur
in het hoofd gesimuleerd. De maximale temperatuur die gevonden werd was tussen de 37.9 en 38.4 ◦C, afhankelijk van de
gekozen simulatie techniek, de sar normalisatie (globaal of lokaal) en de perfusie snelheid.

8.1.1 Is patiënt-specifieke RF veiligheid noodzakelijk?

De gesimuleerde maximale temperatuur stijging ligt rond de maximale temperatuur die is toegestaan door de iec (38
◦C). Dit

impliceert dat de sar en temperatuur limieten vrijwel hetzelfde maximale rf vermogen aanmerken als veilig. Deze bevinding
werd in Hoofdstuk 3 gedaan voor een ’birdcage’ spoel die in kwadratuur modus werd aangeslagen. In plaats van deze
opstelling wordt bij ultrahoogveld mri echter ook regelmatig antenne-arrays gebruikt. Deze zendantenne-arrays kunnen lokaal
voor hogere sar waarden zorgen, als gevolg van interferentie [5]. Daarnaast is het ook aangetoond dat in het slechtste geval de
sar waarde daarnaast sterk beı̈nvloed wordt door anatomie van de patiënt [6]. Er moet wel opgemerkt worden dat indien
de em velden en de elektrische geleidbaarheid bekend zijn het ook goed mogelijk is om de sar aanzienlijk te verlagen en
gelijktijdig de

∣∣B+
1

∣∣ homogeniteit (de homogeniteit van de magnetische component van de rf pulse) te verbeteren [5, 126].
Desondanks laat de nauwe relatie tussen de sar en temperatuur limieten — samen met de grote variaties in de sar als gevolg
van interferentie en anatomische variaties — zien dat er een thermisch risico mogelijk is voor de patiënt. Verdere ontwikkeling
van methoden voor patiënt-specifieke analyse van de rf veiligheid zijn daarom van belang.

8.2 Elektrische eigenschappen tomografie

Het verbeteren van de sar simulaties is een eerste stap richting patiënt-specifieke rf veiligheid. Om deze stap te maken is het
noodzakelijk om een nauwkeurige kaart van de diëlektrische eigenschappen te hebben. Er zal daarom een methode gevonden
moeten worden om deze kaart te maken. In het vervolg van dit proefschrift wordt hiervoor een methode gepresenteerd,
namelijk: elektrische eigenschappen tomografie (ept).

In Hoofdstuk 2 en 4 wordt de ept theorie gegeven. In de originele beschrijving van de methode werd gebruik gemaakt van de
Maxwell vergelijkingen [44]. Het is echter ook mogelijk om de Helmholtz vergelijking te gebruiken, zoals is aangetoond in
dit proefschrift. Voor een reconstructie van de diëlektrische eigenschappen gebaseerd op de Helmholtz vergelijking is het
noodzakelijk om de Laplaciaan (ruimtelijke tweede afgeleide) van het magnetisch veld te berekenen. In Hoofdstuk 4 wordt een
kern gegeven voor het berekenen van deze Laplaciaan van geroosterde data. Deze kern is robuust met betrekking tot ruis.

Met behulp van simulaties werd aangetoond dat deze benadering een betrouwbare reconstructie van de elektrische geleid-
baarheid geeft als er sprake is van een gebied met gelijke diëlektrische eigenschappen. Rond weefsel overgangen — waar
de diëlektrische eigenschappen veranderen — worden echter onder- en overschattingen van de werkelijke geleidbaarheid
waargenomen. Deze fout wordt veroorzaakt door het gebruikt van de homogene Helmholtz vergelijking, welke homogene
diëlektrische eigenschappen verondersteld. Daarom moest geconcludeerd worden dat de beschreven methode niet geschikt
voor het in kaart brengen van de diëlektrische eigenschappen dicht bij weefsel overgangen. De fout blijft niet alleen beperkt tot
de overgang zelf, maar spreidt zich iets uit doordat er gebruik word gemaakt van een kern om de Laplaciaan te berekenen.
Hierdoor wordt het expliciet aangenomen dat de diëlektrische eigenschappen constant moeten zijn over de volledige reikwijdte
van deze kern. Dit leidt ertoe dat voxels die grenzen aan de weefsel overgang ook worden aangedaan door deze overgangsfout.
In het gepresenteerde werk was de reikwijdte van de fout 3 voxels van de overgang. De voorwaarde van homogene diëlektrische
eigenschappen is niet beperkt tot de op de Helmholtz vergelijking gebaseerde reconstructie, dit is ook een vereiste voor de
eerder genoemde reconstructie die uitgaat van de Maxwell vergelijking [44].

Voor de ept reconstructie zijn kaarten van de grootte en fase van het rf magnetisch zendveld noodzakelijk. Een methode om
de zendfase te meten is ontwikkeld en geverifiëerd op 7T in Hoofdstuk 4. Met behulp van een vergelijking met em simulaties
werd aangetoond dat compensatie van wervelstromen noodzakelijk is om de fase betrouwbaar te kunnen meten.

De gemeten fase in het mri experiment is helaas niet de benodigde zendfase, maar de transceivefase (zend- en ontvangstfase).
In de huidige benadering is niet niet mogelijk de zendfase direct af te leiden van de transceivefase, in plaats daarvan werd
aan genomen dat de transceivefase tweemaal de zendfase is. Deze transceivefase aanname werd geverifieerd met behulp van
simulaties; er werd gevonden dat dit tot slechts kleine fouten leidt in het brein op 7T. Verder werd aangetoond dat het mogelijk
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is om de elektrische geleidbaarheid te reconstrueren met kennis van alleen de zendfase, indien de gradiënt van de
∣∣B+

1

∣∣ klein
is. Op 7 tesla is deze alleen-fase reconstructie geldig in het centrum van hoofd.

In een vergelijkbare studie door Philips Research Europe in Hamburg werd aangetoond dat de alleen-fase geleidbaarheids-
reconstructie tot nog kleinere fouten leidt op 1.5T [54]. Daarom is er een samenwerking gestart met deze groep om een
vergelijkingsstudie te doen. In deze studie werd de transceivefase aanname en de alleen-fase reconstructie onderzocht op
magnetische veldsterktes van 1.5, 3 en 7T. In Hoofdstuk 5 werd beschreven wat de effecten zijn van deze aannames in zowel
het hoofd als een fantoom wanneer er gebruikt wordt gemaakt van een birdcage spoel voor zowel zenden als ontvangen. De
validiteit werd onderzocht met behulp van em simulaties. Verder werd het effect van veldsterkte op het ruisniveau geëvalueerd
door middel van metingen.

Conclusie van dit werk was dat zowel de transceivefase aanname als de alleen-fase reconstructie van de geleidbaarheid
leiden tot toenemende fouten op hogere veldsterktes. De gevonden fout was afhankelijke van de de symmetrie van het
gebruikte fantoom, dat wil zeggen: bij een grotere asymmetrie werd een grotere transceivefase fout gevonden. Daarnaast werd
waargenomen dat de transceivefase fout afhangt van de diëlektrische eigenschappen van het fantoom. Hoewel dus gevonden
werd dat de systematische fout toeneemt op een hogere veldsterkte, gaat een verhoging van de veldsterkte ook samen met een
verbeterde signaal-ruisverhouding (snr). Dit leidt tot kleinere fouten die gerelateerd zijn aan ruis. Een optimale veldsterkte
voor ept zal daarom gevonden worden op het punt waar de afname van de validiteit van de aannames enerzijds en de toename
van de snr anderzijds met elkaar in balans zijn. Voor het onderzochte fantoom werd dit punt gevonden op 3T voor het meten
van de geleidbaarheid (bij 3 onderzochte veld sterktes van 1.5, 3 en 7T). Voor de meting van de andere diëlektrische eigenschap,
de permittiviteit, werd gevonden dat 7T het best was van de onderzochte veld sterktes (1.5, 3 en 7T). Dit verschil is te verklaren
door de verschillende invloed die de ruis heeft op de reconstructie van beide grootheden.

8.2.1 Kan EPT gebruikt worden voor patiënt-specifieke SAR simulaties?

In de Introductie van dit proefschrift werd de hypothese geponeerd dat ept kaarten gebruikt kunnen worden als invoer voor
em simulaties. Het is hiervoor vereist dat de ept kaarten voldoende resolutie hebben en nauwkeurig zijn, daarnaast moeten de
kaarten ook binnen afzienbare tijd gemeten kunnen worden.

Gebaseerd op [34] lijkt een resolutie van 5x5x5 mm3 voldoende voor het identificeren van lokale sar hotspots op 3T. In de
huidige implementatie van ept lijkt het erop dat deze resolutie gehaald wordt, want in Hoofdstukken 4-6 worden een resolutie
van 2.5x2.5x5 mm3 gebruikt. Door het gebruik van de kern voor het berekenen van de Laplaciaan is de werkelijke resolutie
echter lager. Het gebruik van deze kern in combinatie met homogene Helmholtz vergelijking leidt er toe dat een exacte
reconstructie alleen mogelijk is indien de diëlektrische eigenschappen niet veranderen binnen het volume van de kern. Het
volume van deze kern (7x7x5 voxels, 17.5x17.5x25 mm3) is veel groter dan de eerder genoemde resolutie die nodig is voor
nauwkeurige sar simulaties. Daarnaast is de scantijd die in het huidige protocol gebruikt wordt lang, waardoor een groot deel
van de standaard scantijd besteed zou moeten worden aan de ept metingen.

Gebaseerd op de resolutie en de scantijd kan dus gesteld worden, dat ept kaarten in de huidige implementatie niet geschikt zijn
als directe invoer voor em simulaties. Desondanks kan de methode al wel gebruikt worden om de diëlektrische eigenschappen
te bepalen voor specifieke weefsels (bijvoorbeeld tumoren) waardoor de betrouwbaarheid van de em simulaties verbeterd
kan worden. Voor deze toepassing hoeft slechts een beperkt gebied in kaart gebracht te worden, waardoor kortere scantijden
volstaan.

Om de toepasbaarheid van ept kaarten in de toekomst te verbeteren is al een eerste verbetering voorgesteld. Er werd
aangetoond dat een zogenoemde ’balanced steady state free precession’ (b-ssfp) scan gebruikt kan worden voor het bepalen
van de transceivefase. Deze fase meting wordt minimaal beı̈nvloed door lokale afwijkingen in de resonantiefrequentie, en door
de inherente hoge snr van deze methode kan de scantijd verkort worden van enkele minuten tot enkele seconden [96].

Deze verhoogde meetsnelheid zou gedeeltelijk ingeruild kunnen worden voor een verhoogde resolutie. Dit verhoogd gelijktijdig
de werkelijke resolutie van de ept kaarten, dat wil zeggen de resolutie na het toepassen van de Laplaciaan kern. Dit heeft ook
als voordeel dat de ruimtelijke spreiding van de fout op de weefselovergangen verminderd wordt. Hoewel het verhogen van
de resolutie, de fout op de weefselgangen duidelijk zal verminderen, is het niet mogelijk om de fout helemaal te elimineren.
Het blijft daarom nog steeds een van de belangrijkste uitdagingen binnen het ept onderzoek om een reconstructie methode te
vinden die ook op weefselovergangen betrouwbare waarden voor de diëlektrische eigenschappen geeft.

Op dit moment is nog niet duidelijk hoe nauwkeurig de diëlektrische eigenschappen bepaald moeten worden voor het gebruik
bij de rf veiligheidsanalyse. Het is echter van belang hier goed naar te kijken, aangezien eerder onderzoek duidelijk heeft
gemaakt dat onzekerheid over de exacte diëlektrische eigenschappen een duidelijk effect heeft op zowel de gesimuleerde sar

als temperatuur [35, 36]. Om het effect van deze onzekerheid te evalueren, kan eerst de relatieve fout bepaald worden aan de
hand van de methode die gepresenteerd werd in Hoofdstuk 4. Daarna kan het gevolg van deze onzekerheid op de sar en
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temperatuur geanalyseerd worden met behulp van een serie simulaties, hiervoor kan bijvoorbeeld het schema gebruikt worden
dat voorgesteld werd in [36].

8.2.2 Hoe kan EPT gebruikt worden voor hyperthermie behandelplanning?

Het doel van de hyperthermie behandeling is het opwarmen van een tumor en wordt gebruikt als een aanvullende therapie
naast chemotherapie en/of radiotherapie. Bij hyperthermie behandelplanning wordt de thermische dosis voorspeld aan
de hand van vergelijkbare methodes zoals gebruikt in Hoofdstuk 3. Onzekerheid in de diëlektrische eigenschappen is ook
problematisch voor regionale hyperthermie, aangezien dit resulteert in fouten in de voorspelde hotspotgrootte en locatie [36].
Dit is zeker waar voor het tumor weefsel, omdat de diëlektrische eigenschappen van dit weefsel behoorlijk verschillen van
het gezonde weefsel [41, 42]. Daarom is ept mogelijk een belangrijk instrument om de onzekerheid van deze diëlektrische
eigenschappen te verlagen en gelijktijdig de nauwkeurigheid van de hyperthermie planning te verbeteren.

Om de toegevoegde waarde van ept voor de hyperthermie planning te onderzoeken, heeft onze groep een samenwerking
opgestart met de hyperthermie groep van het Academisch Medisch Centrum (amc) in Amsterdam en het Erasmus Medisch
Centrum in Rotterdam. Binnen de samenwerking met het amc werd met simulaties aangetoond dat de transceivefase aanname
gebruikt kan worden in het kleine bekken op 3T [127]. Dit is een eerste stap in de richting van ept voor het verbeteren van
hyperthermie behandelplanning van baarmoederhalskanker. Een uitdagende volgende stap zal het optimaliseren van mri

metingen voor ept in het bekken zijn. Om de snr van de metingen te verbeteren zouden lokale ontvangstantennes gebruikt
kunnen worden [128]. Daarnaast zal onderzocht moeten worden in hoeverre de mr sequenties aangepast moeten worden om
het effect van orgaanbeweging op de beeldkwaliteit te verminderen.

Alhoewel ept kaarten binnen de hyperthermie behandelplanning in eerste instantie gebruikt zullen worden om de onzekerheid
over de diëlektrische eigenschappen van de tumor te reduceren, is het later waarschijnlijk ook mogelijk om de kaarten als
directe invoer voor de behandelplanning te gebruiken. Echter, ook in dit geval zijn de ept kaarten daar nog niet betrouwbaar
genoeg voor, aangezien er door de reconstructie fouten ontstaan op de weefselovergangen. In het kleine bekken lijkt vooral
de overgang tussen spier- en botweefsel problematisch [127]. Het zijn helaas ook deze overgangen die bekend staan om de
niet-wenselijke hotspots [129].

8.2.3 Kan de SAR direct gemeten worden met de EPT methode?

In de voorgaande paragrafen werd ept genoemd als een methode waarmee patiënt-specifieke kaarten van de diëlektrische
eigenschappen gegenereerd kunnen worden, wat weer als invoer kan dienen voor het bepalen van de rf veiligheid of voor
een hyperthermie behandelplan. Op deze manier kan ept gebruikt worden om de nauwkeurigheid van de invoer voor em

simulaties te verbeteren. Het is echter ook voorgesteld om de sar direct — dus zonder em simulaties — te bepalen aan de
hand van een uitgebreide versie van de ept methode [44, 128]. Met behulp van em simulaties en metingen is deze methode
gevalideerd, en er werd aangetoond dat dit een veelbelovende methode is in het hoofd op 1.5T. Helaas heeft de methode
een paar nadelen, indien deze gebruikt wordt op een hogere veld sterkte of wanneer er gebruik gemaakt wordt van andere
zendantennes.

De centrale aanname voor ept-gebaseerde sar berekeningen wordt gevonden in het feit dat het Bz en B−1 van het zend rf veld
te verwaarlozen moeten zijn ten opzichte van het B+

1 veld. Deze aanname is nodig, aangezien het hele magnetische veld van
de rf puls (d.w.z. B+

1 , B−1 en Bz) bekend moet zijn om het bijbehorende elektrische veld te berekenen. Een ’birdcage’ spoel
genereert op lage rf frequenties een magnetisch veld dat aan deze eigenschappen voldoet, wat de goede resultaten op 1.5T
verklaard. Echter, aan de hand van de resultaten die in dit proefschrift gepresenteerd worden, kan aangetoond worden dat
deze benadering niet zal werken op hogere veldsterktes.

In paragraaf 4.A wordt geredeneerd dat de transceivefase aanname alleen geldig kan zijn indien er sprake is van perfecte
circulaire polarisatie, met andere woorden dat de B−1 van het zendveld verwaarloosbaar is. In Hoofdstuk 5 werd aangetoond
dat deze aanname daarom minder bruikbaar is op hoge veldsterktes. Dit toont aan dat de B−1 van het zendveld groter
wordt, wat dus resulteert in een verminderde nauwkeurigheid van de op ept gebaseerde sar berekeningen. De resultaten in
Hoofdstuk 5 laten daarnaast zien dat dit effect versterkt is in asymmetrische objecten. Dit laatste effect kan ervoor zorgen dat
de nauwkeurigheid van de sar kaarten verminderd is voor patiënten met een tumor, aangezien er in Hoofdstuk 6 aangetoond
wordt dat de aanwezigheid van tumoren kan lijden tot een asymmetrie in de verdeling van de diëlektrische eigenschappen.

De methode die in de Introductie (Hoofdstuk 1) geı̈ntroduceerd werd (het genereren van sar kaarten met behulp van snelle
em simulaties [29]) is daarom nog steeds het meest veelbelovend. Deze methode geeft ook de vrijheid om het effect van
interferentie in geval van zendantenne-arrays [6] te onderzoeken, wat nuttig is voor rf compensatie (english: rf shimming)
waar gebruik gemaakt wordt van bijvoorbeeld aanpassingen in de fase en amplitude of van speciaal ontworpen rf pulsvormen.
Het is echter interessant om te kijken of de voorgestelde ept-gebaseerde sar mapping methode beter geschikt is om em

simulaties te valideren, dan het meten van enkel de B+
1 amplitude.

74



ProefschiftAstrid 3 juni 2012 16:40 Page 75 �
�	

�
�	 �
�	

�
�	

Samenvatting & Discussie

8.2.4 Wat zijn de voorwaarden voor MR thermometrie om RF opwarming in vivo te controleren?

Een andere methode om de rf veiligheid patiënt specifiek te controleren is mr thermometrie. Gebaseerd op de bevindingen
die gepresenteerd zijn in Hoofdstuk 3 moet een dergelijke thermometrie methode in staat zijn om temperatuurverhogingen
van 0.1 ◦C over een tijdsduur van 20 minuten waar te kunnen nemen. Naast deze hoge thermische precisie is ook een hoge
ruimtelijke resolutie noodzakelijk om rf opwarming in kaart te brengen. Kijkende naar de grootte van de hotspots in de
resultaten in Hoofdstuk 3 lijkt een resolutie van 5x5x5 mm3 voldoende. Met de genoemde voorwaarden voor de ruimtelijke en
thermische resolutie wordt nu een thermometrie methode ontwikkeld in het umc Utrecht. Uiteindelijk kan een dergelijke mr

thermometrie methode mogelijk gebruikt worden om de temperatuur van de patiënt te controleren of zelfs te voorspellen. Een
methode om de temperatuurstijging te voorspellen die veroorzaakt wordt door een bepaalde amplitude en fase instelling van
een zendantenne-array werd reeds beschreven in [130].

Om een betere overeenkomst te krijgen tussen de temperatuur simulaties en metingen kan een met mri gemeten kaart van de
perfusie (= bloeddoorstroming) gebruikt worden. Dit in tegenstelling tot het gebruik van perfusiewaarden die alleen van het
weefseltype afhangen, zoals beschreven in Hoofdstuk 3. Dit is zeker belangrijk voor het geval van een verstoorde perfusie.
Eerder werd aangetoond dat een toegenomen perfusie in de prostaattumoren leidt tot ongewenste koude gebieden tijdens de
hyperthermie behandeling [24]. Tijdens een mri experiment kan een omgekeerd proces (d.w.z. een verminderde perfusie) juist
leiden tot potentieel gevaarlijke hot spots. Een verminderde perfusie wordt bijvoorbeeld gezien bij een beroerte, in dat geval
kan de perfusie met meer dan 50 % afnemen [131].

8.3 Klinische toepassingen van EPT

Hoewel de ontwikkeling van ept in eerste instantie gestuurd werd door de behoefte aan een patiënt specifieke rf veilig-
heidsanalyse van mri, wordt in dit proefschrift ook aandacht geschonken aan de mogelijke diagnostische toepassingen van
ept.

In Hoofdstuk 6 werd ept gebruikt voor het kwantificeren van de elektrische geleidbaarheid in de hersenen van zowel gezonde
proefpersonen als patiënten met een hersentumor met behulp van 7T mri. Een motivatie om dit onderzoek uit te voeren werd
gevonden in eerder ex vivo metingen van tumoren. Hier werd aangetoond dat de geleidbaarheid in de tumoren hoger is dan in
het omliggende gezonde weefsel. Deze bevinding werd ook gedaan met in vivo metingen met ept. Daarnaast lieten de kaarten
van de geleidbaarheid een heterogeen patroon zien in patiënten met een hooggradige tumor (graad IV), wat correleerde met
de heterogeniteit die gezien werd in een contrast-mri scan. Deze heterogeniteit werd niet gezien in een conventiële flair (fluid
attentuated inversion recovery) mri scan op 7T. Daarnaast werd geleidbaarheid van witte stof, grijze stof en csf uitgezet tegen
de natrium concentratie die in eerdere studies werd waargenomen met behulp van 23Na-mri. Het verband tussen de natrium
concentratie en de geleidbaarheid dat op deze manier werd waargenomen lag in hetzelfde bereik als de afhankelijkheid van de
geleidbaarheid van een NaCl oplossing. Deze laatste bevinding liet wederom [48] zien dat er een sterke indicatie is dat de
elektrische geleidbaarheid sterk gerelateerd is aan de natrium concentratie.

8.4 Welke ziektes en behandelingen kunnen gevolgd worden met EPT?

In gezond weefsel is de intracellulaire natrium concentratie ongeveer 10 keer zo laag als de extracellulaire concentratie. Dit
verschil in de natrium concentratie wordt in stand gehouden door een actief transport proces. Verschillende membraan
moleculen zijn betrokken bij dit proces, bijvoorbeeld de natrium-kalium pomp. In geval van een ziekte (o.a. kanker en een
beroerte) wordt het actieve transport proces verstoord. Dit resulteert in een verandering van de ion concentraties, waardoor
bijvoorbeeld de intracellulaire Na+ concentratie zal toenemen. Hierdoor wordt ook de algemene natrium concentratie van het
weefsel verhoogd, zoals bijvoorbeeld werd gemeten met 23Na-mri.

Een verhoogde natrium concentratie in het weefsel werd bijvoorbeeld waargenomen in hersen- [110] en borsttumoren [111].
Daarnaast werd aangetoond dat deze concentratie gebruikt kan worden om de chemotherapie behandeling mee te monitoren
[53]. In het geval van een beroerte liet men zien dat de natrium concentratie toenam door ischemie (= verminderde bloedtoevoer)
en de bijbehorende afname van de actieve transport processen [49]. Naast dit effect, werd ook aangetoond dat de natrium
concentratie informatie geeft over de aanvangstijd van de beroerte [132] en dat het verder ook gebruikt kan worden om het
effect van trombolyse te bepalen [109].

Alhoewel de natrium concentratie al een lange tijd wordt gezien als een belangrijke biomarker voor verschillende ziektes,
wordt het nog niet klinisch toegepast; dit heeft verschillende oorzaken [114]. Ten eerste is 23Na-mri een uitdagende methode
doordat deze meting een lage signaal-ruisverhouding heeft. Ten tweede is het noodzakelijk om speciale rf spoelen en
versterkers te gebruiken, omdat 23Na een lagere gyromagnetische ratio heeft dan 1H. Ten derde is de T2 van natrium erg kort
en bi-exponentieel, waardoor speciale scan sequenties ontwikkelt moeten worden voor een kwantitatieve natrium concentratie
bepaling. Deze problemen zijn niet aan de orde voor ept, aangezien hier het 1H signaal gemeten wordt. Daardoor kunnen
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normale rf apparatuur en sequenties gebruikt worden, wat implementatie in de kliniek vergemakkelijkt. Desondanks zal
er eerst verder onderzoek gedaan moeten worden naar de de relatie tussen de natrium concentratie en de geleidbaarheid.
Hiervoor kan een vergelijkingsstudie bij zowel gezonde vrijwilligers als patiënten gedaan worden met behulp van een dubbel
getunede birdcage spoel [133]. Met een dergelijke spoel kunnen de geleidbaarheid en de natrium concentratie na elkaar
gemeten worden met dezelfde spoel.

8.4.1 Nieuwe uitdagingen: Geleidbaarheid op lagere frequenties

De diëlektrische eigenschappen kunnen met ept alleen op de Larmor frequentie bepaald worden. Zoals eerder al werd gemeld,
zijn de diëlektrische eigenschappen op deze frequentie gerelateerd aan de concentratie ionen in de intra- en extracellulaire
ruimte. Als de diëlektrische eigenschappen op een lagere frequentie bepaald zouden worden, geeft dat juist meer informatie
over de cel structuur en samenstellen (d.w.z. het cel membraan en de organellen) [55]. Daarnaast kan de anisotropie van de
diëlektrische eigenschappen gelinkt worden aan de cel oriëntatie [115].

Om de diëlektrische eigenschappen op een lage frequentie te kunnen meten hebben we recentelijk een nieuwe mri methode
voorgesteld (geen onderdeel van dit proefschrift). Deze lage frequentie ept methode maakt gebruikt van het wervelstromen
veld (Be, Eq. 4.9) dat gewoonlijk verwijderd wordt van de fase data voor normale ept. Deze wervelstromen ontstaan door het
schakelen van de zogenoemde ’imaging gradients’.

Bij een eerste test van deze methode [134] kon een contrast verschil tussen drie zoutoplossingen afgebeeld worden. In
vergelijking met bestaande methodes om de stroom op lage frequenties te meten (Current Density Imaging [79] and Electrical
Impedance Tomography [116]), is ept makkelijker en veiliger toe te passen. Bij lage frequentie ept wordt namelijk gebruik
gemaakt van de bestaande mri apparatuur, terwijl bij de andere methodes extra elektrodes noodzakelijk zijn om een stroom te
injecteren op de huid. Het gebruik van deze elektrodes kan aanzienlijk ongemak bij de patiënt tot gevolg hebben [118].

Voor het verder ontwikkelen van lage frequentie ept, kunnen de volgende stappen interessant zijn. Ten eerste moet gewerkt
worden aan een reconstructie methode die het mogelijk maakt om de geleidbaarheid te bepalen zonder dat het object geroteerd
hoeft te worden (bijvoorbeeld gebaseerd op de CoReHa methode [135]). Dit maakt het mogelijk om de methode ook in vivo
toe te passen. Ten tweede is het mogelijk om deze nieuwe ept methode uit te bereiden tot een spectroscopische methode, dit
in tegenstelling tot de originele ept methode. Dit zou bijvoorbeeld gebruikt kunnen worden om verder onderzoek te doen
naar de waargenomen dispersie banden (= verandering van de geleidbaarheid als functie van de frequentie) in biologische
weefsels [47]. Om verschillende frequenties in de wervelstromen te genereren kan bijvoorbeeld de schakelsnelheid van de
gradiënten aangepast worden. Om vervolgens de frequentie inhoud van de wervelstroom te bepalen, kan gebruik gemaakt
worden van een dynamische veld camera [136, 137].

8.5 Conclusie

In dit proefschrift werd de thermische veiligheid van een 7T birdcage coil onderzocht. Er werd geconcludeerd dat er slechts
een kleine marge is voor onzekerheden. Er is daarom een vraag naar patiënt specifieke rf veiligheids analyses. Als een eerste
stap in dit proces werd ept ontwikkeld en geëvalueerd. De kaarten van de diëlektrische constanten die gemeten worden
met ept zouden kunnen dienen als invoer voor em simulaties. Op dit moment is de methode hier echter nog niet geschikt
voor, doordat er sprake is van fouten op de weefsel overgangen en de meettijd nog te lang is. Desalniettemin is er al een
eerste bruikbare toepassing van ept getoond in dit proefschrift, namelijk het meten van de elektrische geleidbaarheid van
hersenentumoren. ept kan nu dus al gebruikt worden voor tumor karakterisering en mogelijk ook voor behandelcontrole.
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Dankwoord

Als je terug kijkt gaat de tijd altijd snel, vooral omdat ik nog iedere dag met veel plezier naar het umc ga en dat is niet zonder
reden. Zowel in het het umc als daar buiten zijn er veel mensen die me de afgelopen jaren hebben geholpen met mijn promotie,
en die wil ik op deze plaats graag bedanken.

Jan, ik wil je erg bedanken dat je me niet hebt aangenomen voor de baan waarop ik had gesolliciteerd. In plaats daarvan moest
ik een week later nog maar eens terugkomen. Volgens mij had je goed door waar mijn interesses lagen, terwijl ik dat voor
mezelf nog niet helemaal duidelijk had. Het heeft ervoor gezorgd dat ik met veel voldoening terugkijk op het onderzoekstraject
van de afgelopen vier jaar. Bij het mri onderzoek was je niet direct betrokken, maar je wist altijd op het juiste momenten vinger
aan de pols te houden. Tijdens het werken aan de thermische simulaties zorgde je ervaring ervoor dat ik steeds kritisch naar
mijn data bleef kijken.

Nico, als co-promotor en dagelijks begeleider heb je me wegwijs gemaakt in de wondere wereld van de mri. Het was daarbij erg
fijn dat we allebei ooit begonnen zijn in de optica, want uiteindelijk zijn zichtbaar licht en rf velden allebei elektromagnetische
verschijnselen. En ook al hebben we een erg verschillende stijl van werken, dat heeft een goede samenwerking nooit in de
weg gestaan. In tegendeel, het heeft me altijd een spiegel voorgehouden dat het ook anders kan (en soms moet). Naast onze
samenwerking, heb je er ook altijd voor gezorgd dat er andere mensen bij het project betrokken werden. Van je fenomenale
netwerk-skills heb ik meer dan eens de vruchten kunnen plukken. Bedankt!

Peter, het was een voorrecht om een plaats te krijgen op de 7T gang. Je weet een mooie en vooral bruisende groep te leiden. Ik
ben blij met de strategische input die je op mijn werk hebt gegeven.

Ulrich and Tobias, herzlichen Dank für die gute Zusammenarbeit! Working on ept was a bit of a lonely journey, but knowing
that more people get what you’re doing was certainly making up for that.

Klaas and David, thank you for giving me the opportunity to work at the eth and for supervising me. Discussions with you
have sharpened my theoretical understanding on various mri concepts which is still helpful.

Alexander, erg bedankt voor je hulp met de simulaties van Hoofdstuk 5. Het was erg fijn dat het ept groepje in het umc

tijdelijk wat groter was.

Hans, Fredy en Dennis, het is fijn om te weten dat ik voor het antwoord op veel van mijn technische vragen maar een deurtje
verder hoef.

Alexis en Bas, ik heb jullie heel wat hoofdbrekers bezorgd, door meer dan 10 jaar nadat jullie aan thermische simulaties hebben
gewerkt, met jullie tools aan de slag te gaan. Een discussie over een factor -1 (of was het nu 1 ?) staat me nog bij, we zijn er toen
uitgekomen, maar hoe het nu eigenlijk zat... ik weet het ook niet meer. Ik heb met erg veel plezier met jullie samengewerkt.

Alle co-auteurs, bedankt voor jullie bijdrage aan de manuscripten in de vorm van discussies en commentaar.
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Dear Zurich-colleagues, I look back on a wonderful time in Switserland. I think that it was quite a unique situation; the bunch
of us starting fresh in a new town within the matter of a few weeks. Verena, thanks for asking me to be your flatmate! Max,
Lars and Johanna, I’ve enjoyed it to be your officemate and everything that comes with that. Christian, you always know how
to make some fun, whether it is in Zurich, Honolulu or Boston. I’ve enjoyed myself a lot! And to all the others, thank you for
the great time.

Alle radiotherapie AiOs/OiOs en arts-onderzoekers, dank jullie wel voor alle gezellige uitjes en koffiemomenten! Ondertussen
zijn jullie met te veel om allemaal op te noemen, maar mijn kantoorgenootjes die ik de afgelopen vier jaar heb gehad wil ik
nog wel in het bijzonder noemen: Greetje, Bob, Catalina, Anna, Michiel, Özlem en Hanneke. Bedankt voor jullie interesse en
gezelligheid!

Greetje, speciale dank voor de gesprekken in het eerste jaren van mijn promotie toen we nog kamergenoten waren. Jij was net
een paar maandjes verder dan ik, dus als ik weer een nieuwe fase van het AiO-zijn in ging, had jij die net gehad, en kon je me
vertellen dat het allemaal wel weer goed zou komen. Hanneke, ook jou wil ik extra bedanken. Het laatste jaar ben je steeds
meer mijn klankbord geworden en dat waardeer ik erg. Het gaat er namelijk niet altijd om wat je doet, maar vaak ook hoe. Het
is erg fijn om daar met je over te kunnen praten.

7T team op Q4, jullie zijn een super groep. Ik heb ervan genoten bij jullie op de gang te mogen zitten. Ook erg bedankt voor
alle taarten, filmavondjes, vrijdagmiddagborrels en de gezelligheid tijdens de ismrm!

Edmond, het is erg leuk om er nu een ept collega bij te hebben. Ik denk dat we de komende tijd nog flink wat stappen kunnen
gaan maken!

Verder dank aan alle andere collega’s bij de radiotherapie en in het umc die op welke manier dan ook hebben bijgedragen aan
dit proefschrift.

Naast mensen binnen het onderzoek wil ik ook graag de mensen bedanken die me juist daarvan hebben afgeleid.

Laila, er is geen beter excuus voor een weekendje België dan naar jou en Karel gaan. Bedankt voor alle gastvrijheid en de
sportieve uitdagingen, het was een prima afleiding van het promoveren. Judith, ik vind het super dat we na vele omzwervingen
nu allebei in Utrecht werken, waardoor we weer regelmatig kunnen afspreken.

Tanja, het is jammer dat we niet meer samen op de tatami staan, maar over mijn rugdekking hoef ik me geen zorgen te maken
met jou als mijn paranimf.

Hans, Edith en Frank, al zo’n zeven jaar (ja echt al zo lang!) kom ik bij jullie over de vloer. Ik heb het maar getroffen met jullie.
Bedankt voor al het advies, de vele gezellige etentjes en de lekkere wijntjes.

Monique, ik ben blij dat je niet alleen mijn zusje bent maar ook een goede vriendin, en nu zelfs mijn paranimf. Dank aan jou
en ook aan Robert dat jullie er voor mij en Mark zijn.

Papa en mama, ik bewonder jullie vertrouwen in me. Dat vertrouwen heeft me zelfverzekerd genoeg gemaakt om de wijde
wereld in te trekken, waardoor ik ben gekomen waar ik nu ben. Heel erg bedankt.

Mark, je bent de grappigste persoon die ik ken, die me zelfs aan het lachen kan maken, als mijn hoofd er helemaal niet naar
staat. Het is fijn om te weten dat je er voor me bent, als ik je nodig heb. Samen met je hoop ik nog veel avonturen te beleven,
want het leven met jou vind ik prachtig!
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of optical methods for transcutaneous oxygen measurements. In November 2007 she graduated with a Master thesis on the
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During her Master she got enthusiastic about other biomedical imaging modalities, especially mri. Therefore, she was very
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