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1.1. General introduction
Magnetic resonance imaging (MRI) is a medical imaging modality based on the 
phenomenon of nuclear magnetic resonance (NMR) [1]-[4]. Nowadays, MRI is 
used in every modern hospital because of its ability to resolve water-rich tissues 
with good contrast without the use of ionizing radiation. In a 2001 survey, the 
development of imaging methods such as CT and MRI was marked as the most 
important  development in medicine in the last 25 years [5]. Since the 80’s, more 
than 40.000 MRI systems have been installed worldwide and in 2015, 39 million 
MRI scans were done in the USA [6]. 

In an MRI system, three magnetic fields are used to generate and acquire the 
image. A static background (B0) field is used to enable precession of nuclear spins 
at the Larmor frequency: 

f B0 0
2

1=
γ
π

[ ]

The Larmor frequency for clinical MRI systems is 64 or 128 MHz for 1.5 Tesla (T) 
and 3T respectively. To generate and receive a signal from the precessing spins, 
an additional magnetic field called the radio-frequency (B1) field is used. The B1 
field is generated by one or multiple “RF-coils” which are tuned to resonate at 
the Larmor frequency. Finally, gradient magnetic fields are used to make the 
B0 field spatially dependent, which enables spatial encoding which is necessary 
to generate an image from the NMR signal.   Since the invention of MRI there 
has been a strong drive to increase the field strength of the main magnetic field 
strength (B0) [6]-[11]. By increasing the B0-field strength, intrinsically available 
signal-to-noise ratio (SNR) increases [12]-[20]. When the image resolution of an 
MRI image increases or when MRI images are acquired at a faster rate using under-
sampling methods, the SNR of the image also decreases resulting in an image 
that is distorted by noise. When going to a higher B0-field strength, MR images 
can be acquired at an increased resolution or with an accelerated acquisition but 
still with acceptable SNR. Additionally, at higher field strengths tissue relaxation 
based contrast mechanisms are enhanced and spectral line separation increases 
which is beneficial for MR spectroscopy.  In functional MRI experiments, MRI 
images are acquired in which the contrast depends on changing regional blood 
concentrations of oxy- and deoxy-hemoglobin (Blood Oxygen Level Dependent 
contrast/BOLD contrast). The sensitivity of the BOLD signal increases with field 
strength which enables more precise functional MRI brain research, which is 
another important driver for increasing the B0 field strength. 
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Current clinical MRI systems have a field strength of 1.5T or 3T, while 
exploratory research is done at ultra-high field (UHF, 7.0T and beyond) MRI 
systems. For research purposes, the first full-body 10.5T and brain-only 11.7T 
human MRI scanners have become operational in the last two years. In 2017, 
one vendor obtained FDA approval  for brain and extremity MRI at 7T which 
is a prerequisite for clinical scanning. 7T has been successfully applied to study 
the function and anatomy of the human brain with unprecedented detail [6], 
[21], [22].  For example, the higher BOLD-sensitivity at 7T was used to visualize 
orientation columns in the human brain with fMRI [21], while the available SNR 
could be used to image the brain with a 250 mm3 resolution [6].  

However, when imaging objects larger than the brain, image quality does not 
necessarily improve compared to 1.5T or 3T because of non-uniformity in the  
images at UHF that can be related to radiofrequency effects. The wavelength of 
the RF excitation field in tissue is determined by the Larmor frequency, the speed 
of light in vacuum  c and the relative permittivity εr in the material of interest.  
Table 1 shows the wavelength in muscle tissue as a function of B0 field strength.

λ
ε

=
c

f r0
2[ ]

 

With increasing field strength, the Larmor frequency f0 increases which 
results consequently in a shorter wavelength of the B1 field in tissue. At 7T, the 
wavelength of B1 field becomes comparable to the dimensions of the head and 
significantly smaller than the body. The decreased wavelength leads to standing 
wave effects which causes severe signal inhomogeneity in the image (even 
complete signal voids) which obviously compromises diagnostic application. 

B0 [T] f0 [MHz] Relative permittivity muscle tissue 
[a.u.]

Wavelength in muscle tissue [cm]

1.5 64 72.2 55

3.0 128 63.5 29

7.0 298 58.2 13

10.5 447 56.8 8.9

14 596 56.0 6.7

Table 1: field strength dependency of relative permittivity and wavelength in muscle tissue from Gabriel 

et al [23]

Next to signal inhomogeneity, UHF also needs to address larger levels of local 
energy dissipation. The electromagnetic interaction of the B1 field with tissue leads 
to power dissipation  in the tissue, which is quantified as specific absorption rate 
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(SAR). Both the increased frequency and the higher conductivity of tissue at UHF 
lead to more rapid power dissipation in the sample compared to 1.5T or 3T. This 
leads to low field intensity in tissue situated far away from the surface of the 
sample. 

Additionally, power dissipation results in tissue heating, which is an unwanted 
side effect of all MRI scans. When the field strength is increased from 3T to 7T, 
more power is dissipated locally which can cause strong local tissue heating 
effects because of increased local SAR [15], [24]. The increase in local SAR needs 
to be addressed by extensive simulation efforts to predict SAR exposure and, 
subsequently, by appropriate scanning limitations such as sufficiently long 
repetition times.  

Figure 1: MR image of the pelvis at 3T and 7T, showing non-uniform contrast at 7T. The green line indicates 
the wavelength of the RF excitation field in the body for both field strengths.

The first body imaging experiments at 7T [24] were done with a birdcage-coil 
[25], [26], which is commonly used for RF transmission in 1.5T and 3T MRI 
systems.  These initial results showed non-uniform images and an overall low 
SNR.  Because of the short wavelength of the RF excitation field at 7T, interference 
artifacts were present throughout the image and a low efficiency was achieved 
because of increased conductive losses in the sample compared to 1.5T or 3T 
MRI. As presented in this same study, researchers realized that for 7T body 
imaging, a different approach was necessary.  Instead of a volume-resonator such 
as the birdcage coil, arrays of multiple (8 or 16) local transmit/receive coils were 
introduced [24]. By using multiple transmit elements, the interference patterns in 
the RF excitation field could be manipulated to achieve good image quality in the 
imaging region. By using local instead of volume coils, the efficiency of the coil 
could be increased.  Initial local transmit/receive coils were designed using either 
micro-strip or loop elements [24], [27].
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a. Birdcage coil

b. Stripline resonator array

c. Loop/butter�y coil

d. Single side adapted dipole array

e. Fractionated dipole array

 
Figure 2: different coil array designs for body imaging at 7T. The birdcage coil (a) and stripline resonator 
array (b)  were developed in Minneapolis by Vaughan et al [24]. An example of a loop-coil, combined with a 
butterfly coil (c) was developed in Leiden by Versluis et al [27] for cardiac imaging. The single side adapted 
dipole array [28] (d) and the fractionated dipole array [29] (e) were both developed in Utrecht by Raaijmakers 
et al. 

The type of coil element that is used for signal transmission and reception has 
a strong influence on the image quality for UHF MRI. Adopting lower field RF 
design resonant loop coils or strip-line elements were initially  often used as 
Tx/Rx elements for local coil arrays [18], [30]-[32]. However, at UHF those types 
of elements are not necessarily optimal [33]-[35]. At increased field strength, 
the transmit profile of a loop coil becomes non-symmetric which leads to dark 
banding artifacts on the surface of an imaging volume [33]. Furthermore, loop and 
strip-lines are example of resonant near field probes, storing RF magnetic energy 
in the strong reactive magnetic field in its near field. Relatively early in 7T body 
imaging research, it was observed that these probes do not provide the best signal 
penetration. When considering RF transmit field at UHF, it is important to notice the 
different characteristic regions that exist close to a transmitting element (figure 3). 
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Figure 3: different radiation regions as a function of distance from the source. At 7T, the wavelength in 
muscle tissue is 13 cm, implying that tissue in the center of the body is located in the transition zone. 

In the case of 7T body imaging, the imaging target is no longer  located in the 
reactive near-field regime, but in the transition zone where the fields have already 
decayed significantly. For imaging at 1.5T or 3T, it is sufficient to have a coil as 
this reactive near field is large enough to contain all imaging sites in the body.  
At UHF however, it is more beneficial to have a coil that has a high efficiency in 
the transition zone, while a strong but rapidly decaying near-field will lead to 
image non-uniformity at the surface of the sample. A more suitable  coil element 
is a radiative dipole antenna, which radiates energy towards the imaging target 
instead of storing energy in the reactive near-field . 

In 2011, the single-side adapted dipole antenna  (SSAD) was introduced for 
7T prostate imaging [28], [36]. The dipole design was based on antenna arrays 
originating from RF hyperthermia treatment [37], [38]. The single-side adapted 
dipole antenna consists of a ceramic substrate with a short dipole antenna  (11 
cm) mounted on top.  The ceramic substrate has a permittivity which is relatively 
close to the permittivity of the human body (er=37) in order to minimize 
reflections at the substrate-tissue interface [39]. Later research indicated that the 
use of this ceramic substrate was not necessary, and that long dipole antennas 
(30 cm) with an added inductance would give better results.  A redesign of  
dipole antenna based on an optimization of length and inductance led to the 
design of the fractionated dipole antenna [29]. This antenna design showed 
marked improvements in image quality and lower SAR compared to the SSAD. 
Furthermore, the heavy ceramic substrate was removed which was more subject 
friendly and improved the overall usability of the array. The fractionate dipole is 
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now used for body imaging at multiple 7T sites around the world and a modified 
design has been used for the first body imaging experiments at 10.5T [20], [34]. 

1.2. Thesis aim and outline
This thesis project aims to improve RF coil arrays by investigating the use of 
alternative dipole antenna geometries and by the use of an increased number 
of transmit and receive channels to obtain more control over the RF field in 
the human body. The RF safety and performance of dipole antenna arrays is 
investigated for different human models, antenna arrays and B0 field strengths. 
Finally, the dipole antenna arrays are used in cardiac and prostate imaging 
applications.  

Chapter 2 provides a technical background to enable understanding of 
terminology used throughout this thesis. A general introduction is given on RF 
coils and antennas, multi-transmit RF excitation and RF safety.

Throughout the development of the single side adapted dipole array and the 
fractionated dipole array, prostate imaging has been the primary focus. Prostate 
cancer is the most frequently diagnosed type of cancer among men in Europe 
and the United States [40], as a result of the increasing age of the population 
and the use of prostate-specific antigen blood tests. In the Netherlands, 10.000 
men are diagnosed on a yearly basis, while per year 2.500 men die of prostate 
cancer (Integraal Kanker Centrum Nederland).  Prostate cancer often has an 
unaggressive nature, which leads to  overdiagnosis and overtreatment in many 
men [41], [42]. A more specific diagnostic tool is needed to distinguish the 
potentially dangerous tumors from the harmless slowly growing lesions. One of 
the potential candidates for such a tool is 7T imaging, where the high signal-to-
noise ratio and the improved possibilities for MR spectroscopy can be utilized 
to aid in more specific diagnosis. For this reason, the prostate is one of the first 
organs of interest outside the brain. It has therefore been the imaging target of 
interest for the development of the SSAD and the fractionated dipole antenna 
and it is also the primary focus for most studies in this project. 

Prostate imaging at 7T is typically done using an array of transmit/receive 
antennas, which are aligned in a belt-like fashion around the pelvis. However, 
because of the deeply situated position of the prostate, much of the available signal 
intensity at the antenna is attenuated considerably at the depth of the prostate. 
A shorter distance from antenna to the prostate would be highly desirable. One 
way to reduce the distance between the antenna and the imaging target is by 
inserting the antenna in the rectum using an “endo-rectal coil”. Previous work 
demonstrated the benefits of using an endo-rectal coil as an addition to a local 
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array [30], [43]. As a less invasive alternative, we investigated the use of a local 
waveguide antenna, “the forward view antenna”, which is placed against the 
perineum of the subject. By targeting the perineum, the coil is positioned closer 
to the prostate than the dipole antennas which are arranged around the pelvis in 
a belt-like fashion. In chapter  3, the performance of the forward view antenna is 
investigated for prostate imaging at 7T.

Another way to improve imaging performance of a dipole array is by adding loop 
coils for improved signal reception. Wiggins et al. demonstrated in 2013 that a 
loop-coil can be positioned on the same axis as a dipole antenna, without adding 
any inter-element coupling [44]. By combining loops and dipoles in receive mode, 
the SNR of an array could be improved compared to a situation with only loops 
or only dipoles. Therefore, the fractionated dipole antenna array was modified by 
adding 16 receive only loops. By adding the receive loops, SNR can be improved 
strongly [45] without having to place a coil  in the rectum or perineum region, 
thereby simplifying the experimental setup. With this improved antenna array 
design, signal-to-noise ratio and parallel imaging performance is compared for 
prostate imaging at 3T and 7T. To make the comparison as fair as possible, all 
sequence related parameters that affect SNR but are not a result of  the coils’ EM-
field distribution in the body, were carefully corrected for. T2 weighted prostate 
images are acquired in a prostate cancer patient at 3T and 7T to demonstrate 7T 
imaging performance in a clinically relevant setting. Results of this study are 
shown in chapter 4.

Next to prostate imaging, cardiac imaging is an application that can benefit from 
the increased SNR and different contrast mechanisms at 7T compared to lower 
field strengths. The improved SNR could be used to decrease examination times, 
which are typically quite long for cardiac MRI exams. To enable the use of the 
previously designed dipole/loop-array for cardiac imaging, a modification is 
made to the geometry of the antenna array. The two central anterior elements 
were constructed with an angle at the center of the element to allow the elements 
fit closely to the curvature of the torso. SNR contributions of the receive-
only loops and the dipole antennas were evaluated for cardiac imaging. Two 
experienced readers were asked to rate the image quality of cardiac CINE images 
in 8 volunteers. Using the available SNR, cardiac CINE images were acquired 
at increased resolution compared to standard clinical exams. The results of this 
study are demonstrated in chapter 5.

For all local coil arrays used in MRI, limits are specified for both global and 
local SAR levels by the IEC. For 7T body imaging, local SAR is often the limiting 
factor that restricts shortening of the repetition time. Since local SAR levels 
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are strongly dependent on the subject and the RF shim setting, conservative 
methods are applied to estimate SAR levels during an MRI exam on a multi-
transmit system. The downside of this approach is that using conservative SAR 
estimations leads to limitations on the allowed average power or repetition time, 
leading to either decreased image quality of longer examination times. To enable 
calculation of realistic, but less conservative SAR levels, a simulation study can to 
be done on multiple dielectric models, to evaluate local SAR for many different 
shim settings. In previous work by Meliado et al [46], a simulation study was 
done on 25 custom built human dielectric models which were generated based 
on automatic segmentation of Dixon scans of the pelvis. These models were 
used to study inter-subject variability of local SAR for 7T prostate imaging and 
to calculate realistic SAR limits. In chapter 6, the same methodology is used to 
generate 14 dielectric models of the torso to study inter-subject variation of local 
SAR for 7T cardiac imaging. In addition, temperature simulations were done 
to estimate potential temperature rise during short cardiac MRI examinations 
which are acquired during a breath-hold and to study inter-subject variation of 
temperature rise. 

It is expected from basic electromagnetics that with increasing  B0-field strength, 
SNR increases approximately linearly while local SAR increases quadratically. 
However, some studies indicate that for ultra-high field strengths, the increase in 
SNR is more than linear, while SAR does not necessarily increase quadratically. 
However, most of these studies were done on phantoms or on human head models, 
but not for the body.  In chapter 7, SNR and local SAR levels were evaluated for 
antenna arrays at different field strengths. After providing a general introduction 
on RF safety assessment for local multi-transmit arrays, a simulation study is 
done to investigate peak local SAR, transmit efficiency and SNR for a human 
model of the pelvis at 3T, 7T, 10.5T and 14T.

When increasing the B0 field strength beyond 7T, local peak SAR values further 
increase as demonstrated in chapter 7. The geometry of a dipole antenna can 
have a strong effect on peak local SAR [33], [47]. Within an ongoing collaboration 
with the Center of Magnetic Resonance Research in Minnesota, where the first 
full body human 10.5T MRI system was installed, the effect of dipole antenna 
geometry on local peak SAR was evaluated for body imaging at 10.5T in chapter 
8. A new coil array design named “the snake antenna array” was introduced. 
After validating simulation results by measurements and obtaining approval by 
the FDA to scan human subjects with the snake antenna array,  in vivo images 
were acquired at 10.5T.

While in chapter 8, the geometry of the coil element was used to lower effective 
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SAR levels, it is also possible to decrease effective SAR levels by increasing the 
number of transmit channels. The effect of using this method was investigated 
for prostate imaging at 7T. First, a simulation study was done to investigate 
the ultimate possible coil performance for prostate imaging at 7T. Realistic coil 
arrays including up to 32 channels were simulated and their performance was 
benchmarked against the ultimate performance. Finally, the integration of a 32 
channel transmit amplifier as an addition to the Philips Achieva system, and 
the  construction of a 32 channel local coil array is demonstrated.  Results of this 
study are demonstrated in chapter 9.

Finally, chapter 10 provides a summary of the results obtained within this thesis 
and a general discussion on the results and future perspectives . 
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  22.1. RF coils for MRI
To be able to acquire a signal with MRI, nuclear magnetic spins precessing 
at the Larmor frequency have to be excited using an external magnetic field 
(referred to as the B1-field) that oscillates at the Larmor frequency f0: 

f B0 0
2

1=
γ
π

[ ]

The magnitude of the B1-field and the pulse length τ determine the flip angle FA 
that can be achieved:

  FA B dt= ∫
γ
π

τ

2
2

0

1 [ ]
 
Only the component of the B1-field that is static with respect to the precessing 
spins is able to tip the magnetic moment of the  spins. The result is that only the 
right rotating part of the B1-field, which is referred to as the B1

+-field, is able to 
excite spins.

B
B jBx y

1
1 1

2
3+ =
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After the spins are excited by the RF coil, a very small RF-signal will be emitted 
back to and received by the RF-coil. According to the principle of reciprocity [1], 
[2], the signal propagating back from the spins towards the RF coil (the receive 
field) is right-rotating.  The sensitivity of the RF coil to the receive signal can be 
found by considering the receive field and swapping the source and the detector 
(antenna becomes source and spin becomes detector). When swapping the source 
and the detector, it can be seen that the sensitivity of the RF coil to the receive 
signal is the left-rotating part of the B1 field that would be transmitted by the RF 
coil. This field is referred to as the B1

--field:

B
B jBx y

1
1 1

2
4− =

−, , [ ]
 
Figure 1 shows the B1 field of a 15cm diameter loop coil on a rectangular 
phantom with tissue mimicking properties S=0.4 S/m, εr=34. The transmit and 
receive fields are mirror images on this phantom. 
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Figure 1: the B1-field of a loop coil at 298 MHz, the right-hand rotating transmit field (B1+)  and the left-
hand rotating receive (B1-)  field are mirror images in a symmetric phantom. Electrical properties of the 
phantom: S=0.4 S/m, εr=34.

In practice, an RF coil is implemented as a structure of conducting wire that is 
able to transmit and receive RF signals at the Larmor frequency. The historical 
term ‘coil’ refers to solenoid or loop structures that are often used, but an ‘RF-
coil’ can have many different geometries.  The coil geometry depends especially 
on the Larmor frequency at which the MRI system operates. Shortly after the 
introduction of superconducting MRI magnets, researchers at General Electric 
developed the ‘birdcage-coil’ [3], [4], which is a resonant RF coil that is able to 
generate a uniform B1-field over a large volume. In all commonly available 1.5T 
and 3T MRI systems, this birdcage coil is used as a transmit-only (Tx) coil. For 
signal detection, modern MRI system, utilize multiple local receive (Rx) coils 
[5]. These receive coils have a complete different appearance and location than 
the transmit birdcage coil. High numbers of receive coils (up to 128) are placed 
closely to the body for optimal sensitivity, where the combined information of all 
coils can be used to accelerate the acquisition (parallel MRI) [5]–[10]. 

2.2. Multi-transmit
In multi-transmit, multiple transmit channels are powered by separate RF 
amplifiers. The input voltage and phase of these transmit channels can be 
modified to manipulate the interferences of the individual B1

+ field of the 
various channels, resulting in an overall more optimal B1

+ transmit field. This 
is typically achieve by modifying the phase of the individual B1

+transmit fields 
such that constructive interference is achieved leading to high efficiency and 
local homogeneity [11]–[14]. Standard available birdcage coils have 2 transmit 
channels, which provide a moderate control over the RF transmit field. More 
advanced systems include numbers of transmit channels ranging from 8 to 64 
[15]. These systems are mainly used in 7T MRI, especially for body imaging. 
The first successful experimental demonstration of 7T body imaging using a 
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  2multi-transmit system was published in 2008 by Metzger et al [11]. The method 
of ‘RF shimming’ was introduced, where constructive phase interference of the 
individual channel B1

+ field was obtained by changing the individual phase of 
the transmitters.

B a Bcombined i i
i

Ntx

1 1
1

5, , [ ]+ +

=

=∑

Figure 2 shows a schematic representation of RF phase shimming with multiple 
amplifiers, leading to improved image quality in the prostate.

 

Figure 2: schematic example of a multi-transmit setup and the effect of phase-only RF shimming on the 
image quality of a 7T prostate MRI scan. By modifying the transmit phase of the individual amplifiers, 
constructive phase interference of the RF fields is obtained in the prostate region, which leads to a strong 
signal in the prostate. Phase settings were obtained from Meliado et al [16].

More advanced RF-shimming method do not only change the phase and 
amplitude of the RF-pulse, but also modify the shape of the RF pulse and the 
interplay with the gradient trajectory (these methods are often referred to as pTx 
or transmit SENSE) [13], [14]. 

Multi-transmit RF coils are normally connected to the MRI system using coaxial 
cables with a characteristic impedance of 50 Ω. The impedance of single port 
of a loaded and matched RF coil is normally close to 50 Ω but not necessarily 
equal. When the coil is used in transmit mode, some power is reflected at the 
coil connection. Additionally, power can be coupled to other ports of the multi-
transmit system through inter-element coupling. As a result, when forward 
power is applied at the ports of a multi-transmit system, power will scatter 
towards other ports. Given a vector of  forward power waves , the vector with 
reflected power waves  can be calculated using the scattering matrix S [17]:
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The scattering matrix has dimensions [nports*nports] and depends on the coil 
geometry, coil position and on sample in the coil. Scattering can be measured 
on the bench using a vector network analyzer or in the MRI system by using 
directional couplers. When designing an RF coil array, it is desirable to have a low 
reflection at the coil connection, and as less inter-element coupling as possible. 
To achieve low reflection, lumped elements are used to build tune and matching 
circuits. Multiple techniques can be used to achieve low inter-element coupling, 
such as loop overlapping [5], using coil with orthogonal field patterns [18] or self-
decoupling methods [19].  High reflection and high inter-element coupling will 
reduce the efficiency of the coil array. Scattering parameters are used throughout 
this document as a quick quantitative assessment of coil efficiency. 

2.3. RF safety
During RF transmission in an MRI exam, power is dissipated in the body through 
conduction currents, which can result in local and global tissue heating. To ensure 
safety of the subject during an MRI exam, the international electro technical 
committee (IEC) has set limits to temperature and temperature elevation during 
an MRI examination.

Maximal body core  
temperature in °C

Maximal local 
tissue temperature 
in °C

Maximal body core  
temperature elevation in °C

Normal Operating Mode 39 39 0.5

1st Level Controlled Mode 40 40 1

2nd Level Controlled Mode > 40 > 40 > 1

 
Table 1: Limits for maximum body core temperature, maximum local tissue temperature, and maximum 

body core temperature elevation (IEC 60601-2-33:2015).

Since MR thermometry  measurements in the MRI scanner are not sensitive enough 
to measure temperature change within the safety guidelines, EM simulations are 
used to assess the safety of  RF coils in an MRI system. Commercial software 
packages are available to simulate RF coils for MRI to a high degree of detail, even 
including a range of human models with realistic electric and thermal properties 
[20], [21]. Because of the inability to fully simulate individual thermoregulatory 
responses in the human body which is necessary for accurate temperature 
simulations, EM simulations are used to calculate specific absorption rate (SAR) 
instead to estimate the risk of local tissue heating. SAR is defined as the power 
absorption per unit mass:
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SAR can be calculated on a global level (input power divided by total mass) 
and locally, in which local power deposition is averaged over a mass of 10g.  In 
addition to the temperature limits, the IEC has set the following limits for global 
and local SAR [22]: 

Operating mode Normal 1st Level Controlled 2nd Level Controlled

Global SAR (W/kg) Volume Transmit Coils

Whole Body 2 4 > 4

Partial Body 2 - 10 4 - 10 > 4 - 10

Head 3.2 3.2 > 3.2

Local SAR (W/kg) Local Transmit Coils

Head 10 20 > 20

Trunk 10 20 > 20

Limbs 20 40 > 40

 
Table 2: Limits for global and local SAR. SAR is averaged over a time of 6 min (IEC 60601-2-33:2015). The 
partial body SAR limit is calculated by linearly interpolating between the maximum and minimum as a 
function of the ratio of the exposed patient mass (mass receiving 95% of the RF power) to the total mass 
(Figure AA.8 of IEC60601-2-33). Local SAR is averaged over cubes with a mass of 10 g. 

Calculations of local SAR distributions are specifically computationally 
challenging for multi-transmit coils, where the SAR depends strongly on how 
the different transmit channels are combined. To rapidly calculate local SAR for 
any given a complex transmit vector v which contains the transmit phase and 
amplitude of every channel, the Q-matrix formalism [23] is defined as: 

SAR E v E E v v E E v v E E v

v E E E

H
x
H

x
H
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H

y
H
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H
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The Q-matrix  enables quick calculation of SAR for any transmit vector v. The 
Q-matrix has dimensions [Nports*Nports]. For local SAR calculations, a Q-matrix 
needs to be constructed  for every voxel while for global SAR calculations a 
Q-matrix is averaged over the whole sample volume. Since simulation models 
often contain millions of voxels, calculations with the Q-matrix are highly 
memory intensive. For local SAR calculations, there are often several voxels 
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        2 in the models that have a risk of achieving a high SAR, but also voxels that 
will never achieve a high SAR. For calculation of peak local SAR values, it is 
sufficient to monitor only the voxels which are at risk of achieving a high SAR. 
To find these voxels, a compression technique called ‘virtual observation points 
[24], [25]’ is used throughout this work to compress the number of voxels in a 
local Q-matrix, while still being able to calculate peak local SAR values without 
underestimation. 
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Abstract
Purpose

To design a forward view antenna for prostate imaging at 7T, which is placed 
between the legs of the subject in addition to a dipole array.

Materials and Methods

The forward view antenna is realized by placing a cross-dipole antenna at the 
end of a small rectangular waveguide. Quadrature drive of the cross-dipole can 
excite a circularly polarized wave propagating along the axial direction to and 
from the prostate region. Functioning of the forward view antenna is validated 
by comparing measurements and simulations. Antenna performance is evaluated 
by numerical simulations and measurements at 7T. 

Results

Simulations of B1
+ on a phantom are in good correspondence with measurements. 

Simulations on a human model indicate that signal-to-noise ratio, SAR efficiency 
and SAR (specific absorption rate) increase when adding the forward view 
antenna to a previously published dipole array. Signal-to-noise ratio increases 
up to 18%  when adding the forward view antenna as a receive antenna to an 
8-channel dipole array in vivo. 

Conclusions

A design for a forward view antenna is presented and evaluated. SNR 
improvements up to 18% are demonstrated when adding the forward view 
antenna to a dipole array.  
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Introduction
Diagnostic methods for prostate cancer can be improved by development of 
techniques such as  high-resolution MRI, MRS (MR spectroscopy) and diffusion 
weighted MRI  [1]–[10] . These techniques can benefit from the gain in signal-to-
noise-ratio (SNR) that is provided by ultra-high field MRI (UHF-MRI, B0≥7T). 
Multiple studies at 7T have until now showed promising results for T2w imaging 
[11], [12] and 1H and 31P MRS [6], [13], [14]  on patients. However, UHF-MRI 
is hindered by Radio-Frequency- (RF-) related limitations such as interferences, 
rapid signal attenuation and high energy deposition [15]–[18]. These problems 
can be overcome by using local transmit arrays with multiple transceive elements 
and RF phase shimming [15], [19], [28], [20]–[27].  

In receive, optimal imaging performance is obtained by using an endorectal 
coil [1], [5], [25], [28]. The position inside the rectum provides a close vicinity 
to the prostate resulting in very high SNR values. However, an endorectal coil 
suffers from an obvious and severe drawback in terms of patient comfort. As an 
alternative, reception can be performed with an external receive array which, 
for UHF MRI, may (partially) be a transceive array. Commonly used transceive 
surface array elements for MR prostate imaging are positioned around the pelvis 
in a belt-like fashion. These elements are emitting and detecting radiofrequency 
signals that propagate predominantly in the transverse plane to and from the 
prostate. As a result, the distance from the elements to the prostate is relatively 
large and the resulting SNR is much lower than with an endorectal coil. However, 
the prostate is located relatively close to the perineum (the region between the 
anus and the scrotum). Targeting the prostate from this region could provide 
a potential gain in SNR without invasive procedures.  However, this approach 
is fundamentally different from the traditional approach in terms of signal 
polarization. The signal that is emitted or detected by this single antenna needs 
to have a circular polarization along the direction of propagation. 

This work outlines the design of an external transmit receive element which is 
placed between the legs of a subject against the perineum. This element is able 
to transmit and receive a circularly polarized field in the longitudinal direction. 
It is therefore called the ‘Forward View Antenna’.  The forward view antenna 
combines a cross dipole antenna with a small rectangular waveguide [29]. 
Waveguides have been used in MRI before in travelling wave imaging, where the 
bore of the MRI scanner is used as a waveguide  [30]–[32]. Dielectric waveguides 
have also been used as transmit elements for imaging the ankle and carotid 
arteries in the neck [33], [34]. Closely resembling the use of a dielectric waveguide 
is the use of a cavity resonator enclosed by a layer of conductive material for use 
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in NMR systems, which was described in a patent [35]. 

In this study, a metallic water-filled waveguide is used that guides a circularly 
polarized propagating wave along the longitudinal direction into the tissue, 
towards the prostate. 

The purpose of this study is to demonstrate the design and optimization of 
this antenna. Electromagnetic simulations are used to assess RF safety and the 
potential gain of using the forward view antenna. The forward view antenna 
is evaluated as a receive-only element in addition to an 8-channel fractionated 
dipole array in an in vivo setup on 3 volunteers [21]. 

Materials and methods
Forward View Antenna construction  

The forward view antenna consists of a small rectangular copper-shielded 
waveguide which is filled with deionized water and open at both ends. The 
orthogonal TE01- and TE10-modes (transverse-electromagnetic modes)  are excited 
in this waveguide [36] .  Since these modes are orthogonal, their field patterns 
are equal but the field lines are pointing along orthogonal directions (in the YZ- 
and the XZ-plane). The magnetic and electric field patterns for the TE01-mode is 
shown in Figure 1. 

 
Figure 1: TE01-modes in a rectangular shielded waveguide. Both magnetic (top) and electrical (bottom) field 
components are shown. The TE10-mode has an identical field pattern but is orthogonal to the TE01-mode. 
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The modes are excited by a small cross dipole antenna at the distal end of the 
waveguide.  By feeding both separate dipole antennas with a 90⁰ phase shift, 
a circularly polarized field is created by the antenna that propagates in the 
waveguide.  This field can only propagate when the operating frequency (298.2 
MHz at 7T) is above the cutoff frequency for the TE01- and TE10-modes in this 
specific waveguide structure. The cutoff frequency of the lowest order TE-modes 
of a rectangular conductive waveguide is given by the following equation [37].

In equation 1, c is the speed of light, is the relative permittivity of the material 
inside the waveguide and a gives the inner width of the rectangular waveguide. 
Equation 1 shows that by increasing the permittivity of the medium in the 
waveguide, the minimum dimensions of the waveguide can be decreased. The 
waveguide was filled with deionized water, which leads to a minimum waveguide 
width of 57 mm for a cutoff frequency of 298.2 MHz and a relative permittivity 
of 78. The waveguide dimensions were therefore chosen to be 60*60*100 mm 
(slightly above cutoff). A schematic image of the forward view antenna is shown 
in Figure 2 

Figure 2: schematic image of the forward view antenna. Different waveguide models have been used for 
the phantom experiments and the experiments on volunteers. Measurement units are in cm.  
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The waveguide was constructed from a small plexiglass box while four Printed 
Circuit Board (PCB) patches were used as the conductive walls.  The PCB 
patches were soldered together and were covered in a layer of varnish to prevent 
oxidation of the copper. The plexiglass cover is in between the body and the 
waveguide shield (plexiglass of 5 mm thickness, 10 mm thickness at the position 
of the dipole antennas). The cross-dipole antenna was constructed from copper 
wire, the total length of a single antenna was 5 cm. Both dipoles were placed 
inside the waveguide and were connected to small copper patches outside of the 
waveguide, where the matching circuitry was placed. The tuning and matching 
network consisted of a parallel capacitor (8.2 pF) and a series capacitor (8.2 pF) for 
both channels. The maximum reflection coefficient for the forward view antenna 
was -12 dB. Coupling between the two orthogonal channels of the forward view 
antenna as well as maximum coupling between the forward view antenna and 
fractionated dipole antennae was low (-26 and -23 dB).  The geometrical design 
of the forward view antenna that was used for in vivo measurements deviated 
slightly from the initial rectangular design. The rectangular waveguide was 
extended with a half-round end in order to maintain full contact with the tissue 
at the perineum. Both waveguide designs are presented in Figure 2. Figure 3 
shows a schematic overview of the forward view antenna and its function as an 
addition to the fractionated dipole array.

Figure 3: schematic overview of the forward view antenna and the fractionated dipole antennas on the 
Duke model. Figure 3a. represents the basic working principle of the forward view antenna. Red lines 
indicate the propagation direction and polarization of the transmit field. Figure 3b. represents an imaging 
setup where the forward view antenna is used in addition to the fractionated dipole array.  

Phantom simulations and scans

Initial simulations were carried out to optimize the length of the waveguide in 
terms of signal strength in a phantom, 6 cm away from the waveguide end. This 
distance was chosen because it equals the distance from the perineum to the 
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prostate in the human model Duke (34 years old, Body-mass index 22.4, height 
1.77m, weight 70.2 kg) [38].The forward view antenna and a phantom with pelvic-
like electrical properties (250*250*200 mm3, σ= 0.4 S/m,  ε = 34) were modelled 
in an electromagnetic  simulation environment (Sim4Life, Zurich MedTech, 
Zurich, Switzerland) [39]. The length of the waveguide was varied, while the 
signal efficiency (B1

+/√W) in the phantom was evaluated. MR experiments (MR 
system: Achieva 7T, Philips Healthcare, Best, The Netherlands) were carried out 
on a phantom for a consistency check. A phantom was constructed from a small 
container filled with saline solution (380*240*150 mm3, 4 g/L, ε=78, σ=0.4 S/m). 
The forward view antenna was used as a transceive element, where both ports of 
the forward view antenna were driven through a quadrature hybrid box (Philips 
Healthcare, Best). B1

+ -maps were acquired using the actual flip angle method 
[40] for a quantitative assessment of the efficiency and confirmation that the 
simulation model matches the experimental results. Two B1

+-maps were made at 
different input powers, because the B1

+-values inside and outside the waveguide 
could not be mapped within the dynamic range of a single measurement. This 
experimental setup was modelled in an electromagnetic simulation environment 
(Sim4Life, Zurich MedTech, Zurich, Switzerland), using the same electrical 
properties, and including the plexiglass structural parts, to verify the antenna 
concept.  

Human Model Simulations

Electromagnetic  simulations were carried out on human model Duke of the 
virtual family [38] to evaluate the performance of the forward view antenna in 
addition to the fractionated dipole array setup  [21]. The following setups were 
evaluated: 

- Eight fractionated dipole antenna.

- The two channel forward view antenna

- Eight fractionated dipole antennas in combination with the forward 
view antenna

The same simulation setup was used for the three setups, in which the unused 
elements where still present but not active. Tissue in the area of the legs that 
overlapped with the forward view antenna was cut away, in order to fit the 
forward view antenna between the legs of Duke. 

Resulting field distributions were exported to Matlab. the electric fields were 
used to calculate 10g-averaged quality-matrices (Q-matrices) and virtual 
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observation points [41]. Based on the  B1
+ distributions per channel and the 

virtual observation points, the  average B1
+ in the prostate normalized by the 

square root of maximum SAR10g (SAR efficiency) was optimized using the 
Matlab routine fmincon (Mathworks, Natick, Massachusetts, USA). The sum of 
absolute values of the Q-matrix was calculated to obtain the maximum possible 
peak SAR10g value given unity input power for all channels, and any phase 
setting [42]. This value represents the maximum possible SAR value that can be 
obtained with phase-only B1

+-shimming. Receive performance was evaluated by 
combining the resulting B1

--fields, normalized by input current, with Roemer’s 
sensitivity weighted corrected sum-of-squares method [43] into relative SNR 
maps. A separate simulation was done to compare the field distributions of the 
fractionated dipole array with and without the passive forward view antenna 
present, results are shown as supplementary material. 

Volunteer scans

The forward view antenna was tested on three volunteers in receive only mode. 
These scans were conducted with the approval of our Institutional Review Board. 
Three healthy male volunteers (22, 26 and 36 years old, BMI 24.4, 20.9 and 26) were 
scanned using the forward view antenna and eight fractionated dipole antennas 
[21]. Three different combinations of receive elements were reconstructed in 
post-processing:  receiving with the fractionated dipole antennas only, receiving 
with the forward view antenna only and receiving with all elements combined. 
In all cases, only the fractionated dipole array was used for transmission. Low 
flip angle gradient echo scans (Surveys)  were acquired to obtain general insight 
into the performance of the different receive setups. To evaluate SNR in the 
prostate, the method of Kellman et al. [44], [45]  was used for reconstruction of 
SNR scaled images. Raw data was exported for every separate receive channel, 
the different combinations of receive elements were all derived from the same 
dataset. Receive combination was done using the sensitivity weighted sum-of-
squares method [43]. The following imaging parameters were used: 3D FFE 
sequence, FOV 100x369x8 mm, voxel size 1.56x2.65x2 mm3, 3 slices, flip angle 
1⁰, TE 10 ms, TR 50 ms.  SNR was evaluated as the average signal the prostate, 
considering only the middle slice of the SNR scaled images.  In one example 
volunteer, a high resolution T2w image was acquired, and reconstructed with 
different combinations of receive setups (forward view antenna, fractionated 
dipole array, both) and SNR scaling. The following imaging parameters were 
used for the T2w acquisition: 2D SE sequence, FOV 250x421x3 mm, voxel size 
0.7x0.7x3mm3, flip angle 90⁰, flip angle refocusing pulse 1800, TE 90 ms, TR 5000 
ms, multishot turbo-spin-echo (TSE), with TSE factor 17.   
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Results
Phantom scans and simulations

Results of the optimization of length versus transmit efficiency have been added 
as supplementary material. It is shown that the length of the waveguide has no 
influence on the transmit efficiency in the phantom, which is to be expected from 
a lossless waveguide. The results of simulations and measurements on a phantom 
are shown in Figure 4. 4a and 4b show the measured and simulated B1

+-maps for 
an input power of 56 W. Figure 4c. shows a line plot through the measured and 
simulated data, as indicated by the black lines in the figures. Figure 4d-f. shows 
the same data, but for an input power of 2000 W. The measured field pattern in 
the waveguide corresponds very well  to the simulated pattern, which indicates 
that the waveguide works as expected. However, close to the interface between 
the element and the phantom, measured B1

+ appears lower than expected from 
simulations. A slight mismatch in modeling the interface between the phantom, 
which consists of plexiglass and a thin layer air, may have caused a deviation 
between simulations and measurements in this region of rapidly changing B1

+.  

Figure 4: 4a-b. Measured (a.) and simulated (b.) transmit field of the forward view antenna, using an input 
power of 56 W. 4c. Simulated and measured transmit field along the black lines indicated in figures 4a-b. 4d-
f. shows the same results, but for an input power of 2000 W and for a different positioning of the black lines. 
The outlines of the waveguide and the phantom are indicated by the white and green lines in all figures. The 
transmit field was mapped using the AFI sequence, using the following scan parameters: FOV 320x320x30 
mm3, voxel size 2x2x10 mm3, TE 2 ms, TR 50/250 ms, flip angle 65⁰.



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 37PDF page: 37PDF page: 37PDF page: 37

37

Forward View Antenna

   3

Human model simulations

Figure 5 shows maximum intensity projections of the worst case SAR10g 
distributions, considering phase only shimming and equal input power for all 
transmit channels. The forward view antenna has an increased worst case local 
peak SAR (7.1 W/kg) as compared to the fractionated dipole array (5.1 W/kg). 
The worst case local peak SAR for the fractionated dipole array in this simulation, 
where the forward view antenna is also present, is exactly the same as the worst 
case local peak SAR reported for the fractionated dipole array without passive 
forward view antenna present[21]. Worst case peak SAR is highest when both 
the forward view antenna and the fractionated dipole array are used (10.4 W/kg). 
When the forward view antenna is used, the highest peak SAR values occur close 
to the proximal end of the waveguide, two SAR peaks can be seen at both sides 
of the waveguide. Constructive interference between the transmit fields of the 
fractionated dipole array and the forward view antenna causes a further increase 
in these SAR values when the combined setup is used.  

Figure 6 shows B1
+-distributions normalized to peak SAR10g (SAR efficiency) for 

an optimized drive phase and amplitude of each transmit channel. When using 
the forward view antenna alone, a SAR efficiency of 0.23  was reached. With 
the fractionated dipole array, the  SAR efficiency is 0.52 . With the combined 
setup, SAR efficiency increases to 0.68 . This implies that using the forward view 
antenna and the fractionated dipole array can improve the SAR efficiency by 
30.8%, compared to using only the fractionated dipole array. 

Figure 5: worst cage peak SAR10g distributions for different combinations of the dipole antenna array and 
the forward view antenna on the human model Duke for 1 W input power. 
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Figure 6: B1

+ field distributions in the model Duke normalized to maximum local peak SAR10g (SAR efficiency).
Phase and amplitude-shimming was done for every setup to generate SAR efficiency in the prostate region.

Figure 7 shows the simulated SNR-maps for different receive setups. With the 
forward view antenna alone, an SNR of 29 is reached in the prostate, while 
the fractionated dipole antenna alone achieves an SNR of 33. Combining the 
fractionated dipole array and the forward view antenna leads to an SNR of 44, 
which is 33% higher than for the fractionated dipole array alone. 

Figure 7:  SNR  field distributions in the model Duke using the indicated antenna setups. SNR was obtained 
by combining sensitivity (B1

-) maps with the sum of squares method.  Results show the forward view antenna 
potentially provides a 33% increase in SNR in comparison to the array of fractionated dipoles alone. 
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Volunteer scans

Low flip angle images for three different setups are shown in Figure 8. When 
only the fractionated dipole antennas are used,  the signal intensity close to the 
perineum is low close to the perineum. The two channels of the forward view 
antenna receive a signal that is highly intense close to the waveguide, but decays 
strongly when moving away from the waveguide. The signal intensity in the 
prostate region shows a strong gradient. Both observations also apply to the 
simulated receive fields in the prostate (Figure 7). The image of the combined 
setup looks comparable to the image that was obtained with the fractionated 
dipole antennas only, although the signal void close to the perineum is no longer 
present.

Figure 8: Survey scans acquired with different antenna combinations for receiving. The fractionated dipole 
array is used for transmission in all cases. The prostate is delineated by the green box. Imaging parameters: 
M2D FFE sequence, FOV 250x355x30 mm3,  voxel size 2x2x10 mm3, 3 slices, flip angle 15⁰ , TFE factor 64, TE 
4.93 ms, TR 11 ms. 

Figure 9 shows the average SNR in the prostate for three volunteers. It is 
demonstrated in all volunteers that adding the forward view antenna as a receive 
element improves SNR compared to a situation where only the fractionated dipole 
array is used. In volunteer 1, SNR increases from 9 to 10.7 (+19%), in volunteer 2 
SNR increases from 8.1 to 9.5 (+17%) and in volunteer 3 SNR increases from 8.7 
to 9.1 (+5%).  The average increase in SNR over all volunteers and slices is 13.6%. 
The distance from the tip of the forward view antenna to the tissue was measured 
in survey images for all volunteers. This distance was 7.4, 7.9 and 12.55 cm for 
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volunteer 1 to 3. Despite the round end of the forward view antenna, a small air 
gap is still present between the perineum and the forward view antenna for all 
volunteers. 

Figure 9: SNR values obtained in a rectangular ROI inside the prostate for 3 volunteers. SNR increases up to 
18% when a forward view antenna is used in combination with the fractionated dipole array, as compared 
to the fractionated dipole array only. 

Figure 10 shows a T2w image, reconstructed with different receive setups, and the 
average SNR values in an indicated ROI in the prostate. As expected, the highest 
SNR is obtained when both the forward view antenna and the fractionated dipole 
array are used in receive mode. 

Figure 10: T2w images for an example volunteer (V1), with SNR scaled reconstruction. The same transmit 
setup (8 fractionated dipole antennas) was used in all cases, but different receive setups. The green ROI 
indicates a region in the prostate where SNR was evaluated. The following scan parameters were used: FOV 
240x421x3 mm3, voxel size 0.7x0.7x3 mm3, TE 90 ms, TR 5000 ms, flip angle 90⁰.
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Discussion 
Simulations on a phantom show that the B1-field inside the forward view antenna 
has a circular polarization when using the right phase offset for both channels, 
the B1

+-field in the waveguide is highly intense while the B1
--field is very low. 

Comparison of simulation and experimental results on a phantom shows that the 
simulated field patterns correspond to the experimental data. The correspondence 
in field patterns shows that the forward view antenna behaves as it is supposed 
to, i.e. generates a circularly polarized wave in the longitudinal direction. 

Simulations on a human model show that adding the forward view antenna to 
the fractionated dipole array can lead to an increase of SAR efficiency of 30.8%. 
However, the worst-case SAR level for this combined setup (10.4 W/kg), and for 
the forward view antenna (7.1 W/kg) is much higher than for the fractionated 
dipole array (5.1 W/kg). Simulated SNR maps show that using the combination 
of a fractionated dipole array and the two channel forward view antenna will 
yield the highest SNR in the prostate in receive mode. 

Although it is possible to increase SAR efficiency when adding the forward view 
antenna, the worst-case SAR also increases strongly. Since worst case SAR is the 
current metric that is used at our site to set safe upper limits on average power, 
the forward view antenna was not used as a transmit element on volunteers 
in this work. The use of the forward view antenna antenna in transmit mode 
on volunteers would require an update of the safety evaluation methods that 
are used at our site, including the use of multiple human models and MR 
thermometry for validation. This is ongoing work, and is considered to be 
out of the scope of this paper[46]. For the volunteer experiments, the forward 
view antenna was evaluated for receive purposes only. SNR measurements 
in a volunteer demonstrate that combining the forward view antenna and the 
fractionated dipole array in receive mode leads to the best SNR. Adding the 
forward view antenna to the fractionated dipole array in receive can lead to an 
SNR increase of 19% in the prostate, but this is not the case for all volunteers. In 
the case of volunteer 3, SNR increases only 5% when adding the forward view 
to the fractionated dipole array. In this volunteer, the distance from the antenna 
to the tissue is relatively large (12.6 cm). This observation leads to the conclusion 
that anatomic differences and rigorous placement of the forward view antenna 
is essential for its performance. In spite of the adapted shape of the waveguide 
end, the tissue and the waveguide are not fully connected which results in more 
reflection at the waveguide-subject interface. 

The high signal intensity in the forward view antenna increases the dynamic 
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range in the image. This can cause problems in the ADC scaling of the image, 
and it can also harm the visibility of neighboring anatomic structures.  This issue 
could be resolved by replacing the deionized water in the forward view antenna 
by deuterium to remove the signal from the waveguide [33]. 

Although this paper describes the use for prostate imaging, several other targets 
could be imaged as well. For example, anatomical targets in the same area such 
as the rectum can  benefit from the additional SNR provided by the forward view 
antenna. The brain could be a potential target for the forward view antenna, as  
the antenna could be used to realize improved coverage of the cranial side of the 
brain. 

Endorectal coils provide another possibility to improve SNR and SAR efficiency 
for prostate imaging when adding them to an external transceiver array [1], 
[5], [25], [28]. Reported SNR improvements when adding an endorectal coil 
to an external transceiver array range from 40% to 367%, which is an order of 
magnitude larger than SNR improvement caused by adding the forward view 
antenna. However, the use of an endorectal coil can cause inhomogeneity in 
the signal, which is clearly visible in Figure 7d in the work of Ertürk et al [25]. 
Additionally, an endorectal coil causes patient discomfor t [47]. 

The limitations of the work described in this paper mainly relate to the ergonomic 
design and the placement of the forward view antenna. Using a non-shielded 
waveguide, which has no cut-off frequency, or a waveguide comprised of a high-
permittivity material would make it possible to design a smaller waveguide which 
is beneficial for ergonomics. These options are not explored in this work, and 
could make it easier and more subject-friendly to use the forward view antenna. 
The results presented in this work show that SNR performance of the forward 
view antenna differs per subject. Although a mechanical placeholder was made 
to fixate the forward view antenna, more attention can go into integrating the 
forward view antenna in the scanner bed. This would ensure full contact between 
the forward view antenna and the body, thus leading to maximum efficiency. 
The clinical T2w image shown in figure 10 is acquired using a vendor available 
T2w sequence. Using the same scan parameters as in the work of Maas et al could 
further improve the image quality[11], but would require the use of modified 
RF pulses and a modified sequence, which is considered out of the scope of this 
work.

In conclusion, a forward view antenna was designed for prostate imaging at 7T. 
The waveguide length of the antenna design was optimized in simulations. The 
forward view antenna functions as predicted in simulations on a phantom. By 
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adding the forward view antenna to an array of fractionated dipole antennas, 
signal-to-noise ratio was improved as compared to the fractionated dipole array 
only.  
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Abstract 
Background

In MR imaging, the signal-to-noise ratio (SNR) theoretically increases with B0-
field strength. However, because of attenuation of the radiofrequency (RF) fields 
at 7T, it is not certain if this SNR gain can be realized for prostate imaging.

Purpose

To investigate the signal-to-noise ratio gain in prostate imaging at 7T as compared 
to 3T.

Field strength/sequence

All subjects were scanned at 3T and at 7T using optimal coil setups for both field 
strengths. For all volunteers, proton density weighted images were acquired for 
SNR analysis and actual flip angle imaging (AFI) B1

+-maps were acquired for 
correction of measured SNR values. In the patient, a T2w image was acquired at 
3T and at 7T.  

Assessment

SNR was calculated in the prostate region for all volunteers. SNR was normalized 
for flip angle, receiver bandwidth and voxel volume. SNR was also calculated for 
different sensitivity encoding (SENSE) acceleration factors.

Results

On average, a 2.2-fold increase in SNR was measured in the prostate at 7T in 
comparison to 3T for four volunteers. At 7T, it is possible to achieve a 4-fold 
SENSE acceleration in the LR direction with similar SNR to a non-accelerated 
3T image. The enhanced SNR at 7T facilitated T2w MRI as demonstrated in one 
patient within the prostate up to 0.35x0.35x2mm3. 

Conclusion

An overall gain in SNR of 2.2-fold was observed between 7T and 3T for prostate 
imaging. At 7T, it is possible to achieve 4-fold acceleration compared to 3T without 
compromising SNR. The additional available SNR enables higher resolution T2w 
imaging of the prostate at 7T.
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Introduction 
Prostate cancer is one of the most common forms of cancer in men, affecting 1 
out of 6 men during their lifetime[1]. Prostate cancer is often indolent and could 
be followed up by a watchful-waiting program when non-invasive imaging/
characterization methods are available. Therefore, it is necessary to improve non-
invasive tumor characterization methods for selective treatment of only those 
tumors which are potentially harmful and which have extracapsular extension  
[2].

Multiple studies have shown that multi-parametric prostate MRI at 1.5 and 
3T is helpful in detecting, localizing and staging prostate cancer, however so 
far, good correlation with disease aggressiveness is insufficient to prevent 
potentially unnecessary treatment [3]–[7]. More insight into tumor metabolism 
and aggressiveness could be obtained by using MR spectroscopy (MRS) [8]–[10] 
and higher resolution imaging for capsular extension [11], but for better results a 
higher signal-to-noise ratio (SNR) is needed. The SNR for prostate MR imaging 
increases by going from 1.5 to 3T [12], and further increase is expected to when 
going to 7T systems. A recent study [13] compared 7T abdominal imaging to 
1.5T and 3T, but focused mainly on image quality and did not show results for 
prostate imaging. 

Patient studies at 7T involving prostate cancer showed until now satisfactory 
results for  T2w (T2weighted) imaging compared to 3T [14] and the first results 
of 1H and 31P MRS [15]–[18] at 7T were published. Imaging at 7T is technically 
challenging owing to radiofrequency (RF) inhomogeneity, increased tissue 
heating and reduced RF field penetration. These challenges could potentially 
diminish the advantages of 7T. Though numerous studies have documented the 
use of custom-built external arrays dedicated to prostate imaging at 7T to obtain 
good T2w imaging [19]–[23], until now the superior imaging performance of 7T 
over 3T has not been demonstrated in terms of SNR. This, combined with the 
increased RF field attenuation at 7T casts doubts on whether or not imaging of 
deeply located structures within the body such as the prostate will actually be 
beneficial at 7T. 

SNR comparisons over field strengths are challenging as they depend on a wide 
range of parameters. Relaxation time constants are different, causing sequence 
parameters like echo time and repetition time optimized for one field strength 
to be different for the other field strength. Moreover, the RF coil arrays that 
can be used will be different, and even if the identical coil geometry is used, 
the electromagnetic interaction with the body is completely different, causing an 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 50PDF page: 50PDF page: 50PDF page: 50

50

Chapter 4

          4

optimized array for one field to be suboptimal for the other. Next, the uniformity 
of excitation will be different between field strengths, causing inhomogeneous 
flip angles, tissue contrast and SNR. Finally, specific absorption rate (SAR) may 
prohibit the use of optimized sequence parameters that can result in suboptimal 
scan efficiencies and thus SNR penalties. 

One of the ways to minimize the number of parameters in comparing SNR over 
field strengths is to assess the  SNR for a proton density weighted acquisition 
at a high flip angle [24]–[26]. An image acquisition with a 90o flip angle, very 
short echo time and large repetition time can negate the effect of relaxation 
parameters and RF transmit uniformity differences between field strengths. The 
long TR acquisition will not be limited by SAR constraints, so can be applied 
uncompromised at all field strengths. Based on the individual multichannel 
images, coil sensitivity data and noise pre-scan data, SNR scaled images can 
be reconstructed [27], [28].  These SNR scaled images can be corrected with a 
flip angle map, the receiver bandwidth and the voxel size to provide a measure 
for the SNR that actually can be obtained at each system, independent of scan 
parameters and tissue relaxation times. This is referred to as system SNR. Further 
corrections with quality factor ratio and pre-amplifier noise figure are needed to 
assess what is called intrinsic SNR [24] which is the SNR at a system corrected 
for potential system imperfections. Because of difficulties in determining the 
Q-factor ratios for commercial arrays, the intrinsic SNR can only be determined 
by estimates of this ratio with accompanying uncertainties. This is discussed in 
more detail in the discussion section. Also, because the choice of going from one 
field strength to the other is determined by the system SNR, this study will focus 
predominantly on a system SNR comparison.

A higher SNR is not the only gain at 7T, also parallel imaging performance 
is expected to improve when moving from 3T to 7T because of the more 
distinct sensitivity profiles of individual coil elements at 7T [29]. Based on the 
multichannel images and sensitivity data, g-factor maps and SNR scaled images 
can be compared at different sensitivity encoding (SENSE) acceleration factors, 
to compare parallel imaging performance at 3T and 7T.

The purpose of this work was to  to investigate the signal-to-noise ratio 
gain in prostate imaging at 7T as compared to 3T. It is demonstrated in 4 
volunteers and a phantom that SNR improves more than twofold in the 
prostate. SNR performance is also compared for different acceleration factors 
in the left-right (LR) direction. To demonstrate utilization of the enhanced 
SNR at  7T, T2w images were acquired in one patient with prostate cancer.  
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Materials and methods 

This study was approved by the Institutional Review Board and informed 
consent from all subjects was obtained. 
 
Coil configuration and setup

For this study an 8-element transceiver array consisting of fractionated dipole 
antennas [22] was combined with a detunable 16-element receive only loop coil 
array [30], [31], Figure 1. 8 building blocks consisting of 1 transceive dipole and 
2 receive loops where distributed over the pelvis as indicated in figure 1, with 4 
columns of receive elements distributed in the LR-direction.  Under each antenna 
two oval shaped receive loops (long axis: 16cm, short axis 10cm) were positioned 
with mutual overlap. The antenna length is 30 cm with two meanders distributed 
evenly in each leg. The receive coil dimensions are based on the dipole size as well 
as the circumference of an average European adult, for which a certain optimal 
loop size exists [32]. The antenna was placed at a distance of 2cm from the body. 
To reduce coupling of the receive loops to the antenna, while ensuring sufficient 
coupling to the human body a body-loop distance of 6mm was found for the 
optimal Qunloaded/Qloaded ratio (140/11). Detuning networks block the current inside 
the loops at three locations during transmit.  A lattice balun was used to suppress 
common mode currents. Preamp decoupling was implemented to reduce inter-
element coupling. Simultaneously, the preamp decoupling network in each 
receive loop (where the cable is connected) acts as a high impedance for induced 
currents in the loop, which in addition to detuning contributes to suppressing 
induced currents in the loop during transmit. More details on the tuning and 
matching circuitry and the RF safety profile of this coil array are provided in [31]. 
Each antenna/two loop structure is one of eight separate elements that are placed 
around the pelvis.

Figure 1: Experimental setup: (A) Under each antenna two oval shaped receive loops were positioned. To 
ensure spacing from the antenna towards the patient a 20 mm polycarbonate placeholder was designed in 
which the loops were at 6 mm distance from the patient. (B,C) The 8-element array with receive loops was 
positioned in a belt-like fashion around the pelvis.

To ensure RF safety a conservative worst-case SAR scenario was assumed [33] 
resulting in average power limits of 4 W per channel to abide the 20 W/kg 
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SAR limit of the IEC guidelines for any phase setting. The described array was 
interfaced using an 8-channel Transmit/Receive switch and receive interface box 
(MR Coils BV, Zaltbommel, the Netherlands) to an Achieva 7T MR system (Philips 
Healthcare, Best, The Netherlands). 3T results were acquired on a Philips Ingenia 
3T system (Philips Healthcare, Best, The Netherlands), using the commercially 
available Anterior and Posterior Body Array with up to 32 elements (Philips 
Healthcare, Best, the Netherlands), with 4 columns of receive loops in distributed 
the LR-direction.

MRI Acquisition volunteers and phantom

Four healthy volunteers (Age 29, 44, 38 and 33, BMI 25.5, 25.5, 23.6 and  27.1kg/m2) 
were included in this study.  The MRI protocol for healthy volunteers included 
the following exams at 3T and 7T: A survey for localization purposes, a dynamic 
series of spoiled gradient echoes with alternating active transmit channels (shim 
series) to calibrate B1 levels in the prostate [34], AFI B1 map [35], T2w imaging 
for anatomical images and a proton density weighted gradient echo acquisition 
for SNR comparison. Noise levels were determined using a noise pre-scan, which 
was acquired without RF or gradients. The proton density weighted gradient 
echo sequence (SNR scan) was obtained using TR/TE = 10000/5 ms, flip angle = 
900, FOV = 320x440x44 mm3, voxel size = 5x10x10 mm3, receive bandwidth = 1011 
Hz, nominal B1

+ 12 µT, pulse width = 3.866 ms, acquisition time = 1305 s.  The 
echo time (TE) was kept short to exclude T2 effects, while for T1 exclusion the 
repetition time (TR) was kept long.  A flip angle of 900 was used to be relatively 
insensitive to transmit non-uniformities. The actual flip angle method [35] was 
used for B1

+-mapping, using the following scan parameters: 3D FFE sequence, 
TR/TE = 50/2.6 ms. TR extension = 200 ms, flip angle = 650, FOV = 250x422x50 
mm3, resolution = 3.9x3.8x10 mm3. Receive bandwidth = 257 Hz (7T) and 110 Hz 
(3T), nominal B1

+ = 11.8 µT (7T) and 13.46 µT (3T), pulse width = 2.99 ms (7T), 2.48 
ms (3T), acquisition time 105 s. All experiments were repeated on a phantom with 
electric properties and dimensions comparable to the human pelvis (ethylene 
glycol, 50 g NaCl/L, εr=34, σ=0.4 S/m, width = 390 mm, height = 190 mm, length 
= 370 mm) [36].  

MRI acquisition patient

One patient (62 years, Prostate Specific Antigen: 9.7 ng/ml) with biopsy-proven 
prostate cancer (Gleason score: 3+4 in 9/10 biopsies) was included in this study. 
A clinical prostate MRI exam was performed at 3T using a 32 element torso/
cardiac coil (Philips Ingenia, Best, the Netherlands). The T2w acquisition was 
acquired using the following parameters: TR/TE= 5900/100 ms, TSE factor=29, 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 53PDF page: 53PDF page: 53PDF page: 53

53

Prostate SNR

   4

SENSE factor RL=1.5, FOV =200x200x90mm3, voxel size= 0.78x0.78x3 mm3 and 
reconstruction voxel size = 0.5x0.5x3mm3

.

At 7T the protocol consisted of a survey for localization purposes, B1 shim 
series to optimize B1 levels in the prostate [34], AFI B1 map [35] and one single 
slice T2w sequence (TR/TE=2500/90ms) with the same voxel dimensions as 
the clinical sequence at 3T. In addition, this sequence has been repeated with 
higher resolutions (voxel size: 0.5x0.5x4mm3, 0.5x0.5x2mm3, 0.35x0.35x4mm3 and 
0.35x0.35x2mm3) to explore the possibilities that the extra SNR provides.

SNR analysis

Complex image data, coil sensitivity data and noise data was acquired for every 
channel and exported using ReconFrame (Gyrotools LLC, Switserland). The 
method of Kellman et al. [25], [27], [28] was used to obtain SNR scaled images, 
using the following steps. A noise-covariance matrix R with dimension (Nch x Nch) 
was calculated from the pre-scan noise data. R was corrected for the bandwidth 
of the digital receiver using a bandwidth correction factor of Bc = 0.73, which was 
calculated based on measuring the noise equivalent bandwidth in the noise data 
for both setups as described in Kellman et al. [27]. The noise covariance data R 
was then scaled as Rcorrected = R/Bc. The lower triangular cholensky product L of 
the noise covariance matrix (L-1L= R) was calculated for noise pre-whitening. A 
noise-pre-whitening step was applied to the sensitivity data b and the image data 
p (both vectors of length Nch) for every voxel

The noise pre-whitening step ensures that standard deviation of the noise is 
uniform for every channel in the reconstructed image.  Sensitivity weighted 
reconstruction with SNR scaling was done following the approach of Roemer et 
al [25]:

The reconstructed image provides a quantitative map in which the value in every 
voxel represents the local SNR. This SNR is indicated as pixel SNR. For each SNR 
image a rectangular region of interest (ROI, 10x10 voxels) was delineated within 
the prostate, after which the measured SNR could be determined as the mean 
signal level in the ROI. The SNR images consisted of 3 slices, of which only the 
middle slice was considered, to avoid intra-voxel dephasing due to slice profile 
imperfections. The pixel SNR still is potentially biased by differences in scan 
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SNR b p b bpixel

T T
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parameters and transmit efficiency. Therefore the pixel SNR is corrected based 
on receive bandwidth (BWR), voxel volume (V), average flip angle in the prostate 
(θp) according to the following formula  [24] to result in the system SNR: 

Further corrections are possible to remove system imperfections from the 
equation. The result is the co-called intrinsic SNR:

The pre-amplifier noise figures were measured using a Hewlett-Packard 8970A 
Noise Figure Meter (Hewlet-Packard, Palo Alto, California, USA). The Q-factors 
of the loops at 7T were measured using a sniffer coil [37]. The Q-factor of the 
dipole antennas was measured using the recently published method of Chen et 
al [38].  The Q-factors of the commercial loop array at 3T could not be measured. 

Parallel Imaging Performance

The coil sensitivity data and image data was also used for assessment of parallel 
imaging performance. Image data was undersampled in k-space, after which a 
geometry-factor (g-factor) map was calculated using SENSE reconstruction [39]. 
SNR for the accelerated images was calculated as

For this work, undersampling was applied only in the left-right direction. This 
corresponds to the phase-encoding direction that is normally used in 2D T2w-
acquitisions at this site, to avoid folding-artifacts of the iliac arteries in the 
prostate region.

Results 
Coil array characterization

The pre-amplifier noise figure was 0.56 dB at 3T and 0.78 dB at 7T. The unloaded 
to loaded Q-ratio at 7T was 13 for the loops and 11 for the dipole antennas.  Noise 
correlation between coil array elements can potentially decrease the SNR in MR 
imaging. The noise correlation matrix of an array is therefore one of the indicators 
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of an array’s imaging performance. The noise correlation matrix was obtained 
for each volunteer at both 3T and 7T. A typical example of a matrix is shown in 
Figure 2. Noticeable is that the coupling between elements, particularly within 
the posterior part of the coil array at 3T is higher compared to any coupling 
between elements at 7T. 

Figure 2: Noise correlation between coil elements at 7T and 3T. At 3T, the first 11 rows and colums represent 
the posterior array, which is integrated in the bed while the second 11 rows and columns correspond to the 
anterior array that is placed on the subject’s pelvis. At 7T, colums and rows 1-16 represent the receive only 
loops while columns and rows 17-24 correspond to the fractionated dipole antennas.

Flip angle maps

Figure 3 shows the relative flip angle distributions in the phantom and in four 
volunteers. 

Figure 3: Flip angle maps in the phantom and four volunteers at 3T and 7T. B1 inhomogeneities are clearly 
present throughout the image at 7T.  Signal voids are also present at 3T, but less severe. The flip angle seems 
lower at the edges of the phantom at 3T due to the limited dynamic range of the AFI-method. 

It is clearly visible that at 7T, the penetration depth of the RF  transmit fields 
is decreased and B1 inhomogeneities are present throughout the pelvis. At 3T, 
three distinct regions of lower B1 are present in all volunteers, showing that B1 
inhomogeneities are also present at 3T, however clearly less severe than at 7T. At 
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7T, the flip angle distribution is less uniform than at 3T (coefficient of variation 
44.4% at 7T and 16.6% at 3T), this difference is caused by the shorter wavelength 
and interference effects at 7T.Above each figure, the average and standard 
deviation of the flip angle in the ROI is shown. The average relative flip angle in 
the prostate is 93.2% at 7T and 116% at 3T. The large flip angle at 3T is because the 
RF power calibration tries to optimize the flip angle over the whole field of view 
which also contains many regions where the flip angle is lower than 100% (figure 
3). Standard deviation of the flip angle in the prostate is 5.2% at 7T and 1.4% at 
3T. At 7T, an average peak input power of 8*622.7 W and a 2.989 ms Gaussian 
pulse were used. At 3T, an average peak input power of 5008 W (channel 1) and 
9891 W (channel 2) and a Gaussian pulse of 2.483 ms were used.

Signal to noise ratio

Pixel SNR maps are shown in figure 4. For all scans, SNR in the prostate increases 
when going from 3T to 7T. The signal-to-noise ratio at 7T is especially very high 
close to the coil, which is less visible at 3T. 

Figure 4: SNR scaled images on a phantom and four volunteers for 3T and 7T.The SNR values in this figure 
are pixel SNR values, and are not yet corrected for scan parameters.

The average flip angles in the prostate, the readout bandwidth (1011 Hz) and the 
voxel volume were used to normalize SNR values in the prostate to system SNR 
values.  These values are shown in figure 5. Average signal-to-noise ratio in the 
prostate increases from (3.4±0.6, max 4.1, min 2.7)*104 √Hz/ml at 3T to (7.5±2.2, 
max 9.5, min 4.5)*104 √Hz/ml at 7T, which corresponds to a 2.2-fold increase. The 
SNR in the phantom is 4.3*104 √Hz/ml  at 3T and 8.1*104 √Hz/ml  at 7T. 
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Figure 5: system SNR values were obtained by normalizing the average pixel SNR values in the prostate 
to readout bandwidth, voxel size and flip angle. At 3T, an average SNR value of 3.4e4±0.6e4 √Hz/ml is 
measured. At 7T, this value increases to 7.5e4±2.2e4 √Hz/ml, which corresponds to a 2.2-fold increase.  

Parallel imaging performance

Figure 6 shows g-factor maps (two top rows) and SNR scaled images (two bottom 
rows) for 3T and 7T. At 3T, g-factors above 2 start appearing in the image at 
acceleration factor R=3, while at 7T acceleration factors up to R=5 can be applied 
before g-factors above 2 appear. As a result of this, SNR values degrade more 
strongly for high acceleration factors (starting from R=3) at 3T as compared to 7T. 

Figure 6: g-factor maps (two top rows) and pixel SNR values (two bottom rows) for 3T and 7T using different 
LR-acceleration factors in an exemplary volunteer (V1). The pixel SNR maps are not yet corrected to system 
SNR values. 
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Figure 7 shows the normalized SNR values in the prostate, for different 
acceleration factors and averaged over all volunteers. Because of the improved 
parallel imaging performance and the improved SNR at 7T, an acceleration factor 
of R=4 can be applied at 7T with SNR comparable to an unaccelerated 3T prostate 
image. 

Figure 7: system SNR values in the prostate for 3T and 7T for different LR-acceleration factors, averaged over 
all 4 volunteers. 
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T2w imaging

In one prostate cancer patient (62 years, PSA: 9.7 ng/ml, Gleason score: 3+4) T2w 
images are acquired at 7T after the clinical 3T MR examination. When comparing 
the clinical 3T examination to the 7T scan with the same resolution (Figure 8) it 
can be noticed that the 7T image is less noisy. 

Figure 8: In this patient (62 years, PSA: 9.7 ng/ml) with biopsy-proven prostate cancer (Gleason score: 3+4 
in 9/10 biopsies) two tumor areas are visible mid-prostate. Noticeable is the good T2w contrast between 
healthy and tumor areas at 7T.

Even when going to higher resolution T2w images, the noise levels stay low at 7T 
and the clear anatomical details remain, Figure 9.

Figure 9: T2w images acquired at 7T with increased resolution. Anatomical details and contrast between 
healthy and tumor areas remain visible even at the resolution of 0.35x0.35x2mm3 while the SNR clearly 
decreases.
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Discussion
In this work, we have demonstrated a 2.2-fold increase in SNR for prostate MRI 
at 7T in comparison to 3T. The gain in SNR ranges from 1.7-fold to 2.8-fold. No 
direct relationship between BMI and SNR can be observed except that the subject 
with the highest BMI shows the lowest SNR at both field strengths and also the 
lowest SNR gain at 7T. This is potentially related to the decreased penetration 
depth of the RF fields at 7T. The SNR-values reported in this work are comparable 
to the SNR values reported by Erturk et al. with a 16-channel loop-dipole array 
[40] (7.2e4±1.0e4 √Hz/ml in Erturk et al vs. 7.5e4±2.4e4 √Hz/ml in this work).  
Parallel imaging performance was also evaluated for 7T and 3T. At 7T, higher 
acceleration factors can be applied (R=5) as compared to 3T (R=3) before g-factors 
in the imaging region exceed the value of 2. The enhanced  parallel imaging 
performance with increasing field strength corresponds to predictions based 
on an analytical model [29]. The high SNR and low g-factor at 7T enable 4-fold 
acceleration with comparable SNR to a 3T unaccelerated image. (SNR at 7T 
3.1e4 √Hz/ml at R=4, SNR at 3T: 3.4e4 √Hz/ml at R=1).  This effectively means 
that the g-factor with R=4 is almost entirely equal to 1 so the loss in SNR from 
acceleration is determined by the square root of the acceleration factor. This 
loss for R=4 is equal to 2 which is then compensated by the SNR gain at 7T. 
The improved parallel imaging performance at 7T can be used to accelerate 
clinical protocols as compared to 3T, making it possible to acquire 4-fold 
more slices in the same amount of time and with similar SNR. However, this 
is only possible if SAR limitations are not exceeded, which can be a problem 
for clinical protocols at 7T. The T2w images in this study were acquired with 
only one slice to avoid any SAR violations. Currently, tools are being created 
to reduce the uncertainties in SAR levels between subjects and provide more 
accurate SAR assessments without the severe overestimations as used in this 
study [41], [42]. Also additional measures have been published to further 
reduce SAR levels [20], [43]. The work of Maas et al. [20] specifically  showed 
that clinical T2w protocols are feasible within the SAR limitations of 7T.  

Comparing the clinical T2w images at 3T and 7T shows that the same anatomical 
information is present at both field strengths, arguably with an improved contrast 
at 7T. Using the SNR gain at 7T we have acquired T2w images of a prostate 
cancer patient with improved spatial resolution up to 0.35x0.35x2 mm3.A higher 
resolution can be beneficial for detecting or ruling out extracapsular tumor 
extension. Furthermore, the gain in SNR may open up the possibility to detect the 
multifocal nature of prostate cancer better without the use of endorectal coils [3], 
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[44]–[46]. Not only T2w imaging benefits from the higher SNR: MR spectroscopy, 
dynamic contrast enhanced sequences and diffusion weighted imaging are only 
a few of the prostate cancer characterization methods that can also profit from 
a higher SNR, while some of these simultaneously profit from an enhanced 
contrast mechanism at higher field strengths which comes on top of the SNR gain.  
This study has focused on the comparison of system SNR values. To account 
for differences in system losses, the loaded to unloaded Q-factor ratio of 
the coils and the pre-amplifier noise figure can be used as a correction factor 
to obtain intrinsic SNR values [24]. However, for the commercial array it 
was not possible to measure the loaded-to-unloaded Q-factor ratio. A worst 
case assumption based on literature values for very small loop coils in an 
array setup [37] would result in a correction factor of 0.79 for the 3T array. 
The high loaded-to-unloaded Q-factor ratio of the 7T array would result in a 
correction factor of 0.96 [31]. According to this worst case assumption, and 
including a correction factor for the pre-amplifier noise figure (0.93 at 3T and 
0.91 at 7T), intrinsic SNR gain at 7T would be 1.9-fold instead of 2.2-fold.  

Intrinsic SNR values are determined by the B0
 field strength but also by the receive 

sensitivities of the coil arrays. Different coil setups were used at 3T and 7T, which 
may be considered a source of bias even after correcting for loaded to unloaded 
Q-factor ratio. However, a 3T vs 7T comparison with identical coils would favor 
one of the field strengths as optimal coil design depends on the field strength. In 
this study, the 7T coil array is an in-house developed array that has resulted from 
a gradual evolution of body imaging arrays at 7T (21,22,30). The 3T coil array is 
a widely used, state of the art commercial coil and it is also the coil array that is 
used for prostate cancer patients at our department. It is therefore considered 
an appropriate reference. Nevertheless, it is not impossible that for both field 
strengths the SNR may be improved by adapted coil array designs. Although 
still too computationally expensive, future work on investigating the ultimate 
signal-to-noise-ratio in realistic human body models (48–50) could indicate how 
much SNR could potentially be gained at both field strengths by the introduction 
of new coil array designs for prostate imaging (51,52). 

A main limitation of this work is the limited number of subjects included in the 
study. Including more subjects can potentially provide more information about 
the relation between SNR, and SNR gain as a function of BMI and torso size. 
Another limitation lies in the clinical data that is included in this work. Data is 
presented for only one patient, which makes it impossible to do a systematic 
comparison of image quality in a clinical setting. However, the main aim of this 
work is to show the SNR gain that is obtained from an electromagnetics point of 
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view, and to show that even though penetration depth of the RF fields decreases 
when going to 7T, substantial SNR gains can still be obtained. Therefore, a 
systematic clinical comparison is considered out of the scope of this work.  
In conclusion, this study shows a comparison of SNR for prostate imaging at 7T 
and 3T. Compared to a clinically used prostate imaging setup at 3T, 7T imaging 
resulted in an overall gain in SNR of 2.2-fold. LR-acceleration factor R=4 can be 
applied at 7T to acquire an image with comparable SNR to an unaccelerated 3T 
image. Furthermore high resolution imaging was obtained at 7T in one prostate 
cancer patient, to show the potential of going up to ultrahigh field prostate 
imaging with ultrahigh resolutions. 
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Abstract
Object

To demonstrate imaging performance for cardiac MR imaging at 7 T using a coil 
array of 8 transmit/receive-dipole antennas and 16 receive-loops.

Materials and Methods

An 8 channel dipole array was extended by adding 16 receive only loops. 
Average power constraints were determined by electromagnetic simulations. 
Cine imaging was performed on 8 healthy subjects. Geometical factor (g-factor) 
maps were calculated to assess acceleration performance. Signal-to-Noise Ratio 
(SNR) scaled images were reconstructed for different combinations of receive 
channels, to demonstrate the SNR benefits of combining loops and dipoles. 

Results

The overall image quality of the cardiac functional images was rated a 2.6 on 
a 4-point scale by two experienced radiologists. Imaging results at different 
acceleration factors demonstrate that acceleration factors up to 6 could be 
obtained while keeping the average g-factor below 1.27. SNR-maps demonstrate 
that combining loops and dipoles provides a more than 50% enhancement of 
SNR in the heart, compared to a situation where only loops or dipoles are used.

Conclusion

This work demonstrates the performance of a combined loop/dipole array for 
cardiac imaging at 7 T. With this array, acceleration factors of 6 are possible 
without increasing the average g-factor in the heart beyond 1.27. Combining 
loops and dipoles in receive mode enhances SNR compared to receiving with 
loops or dipoles only. 
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Introduction
Cardiac magnetic resonance imaging (CMRI)  at ultrahigh field strengths (UHF, 
B0≥7.0 T) holds promise for several clinical applications. Coronary artery imaging 
has been applied at UHF, and is reported to have higher Signal-to-Noise Ratio 
(SNR) and Contrast-to-Noise Ratio (CNR) compared to 3 T [1], [2]. Applications 
such as functional imaging and quantitative parameter mapping have also been 
demonstrated at 7T [3]–[7]. However, UHF-CMRI is challenging due to UHF-
inherent phenomena such as transmit field (B1

+) and background field (B0) 
inhomogeneities and increased energy deposition [4], [8]. Recent advances in 
RF-transmit coil array design have been utilized to enhance transmit efficiency 
and homogeneity while keeping the specific absorption rate (SAR) within the 
required limits [9]–[13]. Improved RF shimming and pulse design can be used for 
further improvements [14]–[16], and advances in RF modelling have led to the 
adoption of less conservative SAR limits [17], [18].

Developments in transmit array design have demonstrated the beneficial use 
of dipole antenna arrays for body imaging at 7T [9], [10], [13], [19]. The use of 
fractionated dipole antennas can lead to lower SAR levels while maintaining 
transmit efficiency [9]. Conversely, for signal reception, current patterns 
corresponding to a combination of electric dipoles and magnetic dipoles yield 
the theoretical ultimate-intrinsic signal-to-noise ratio  [20]–[22]. These current 
patterns correspond to a receive array composed of dipole antennas and loop 
coils. 

Loop coils are commonly used as receive elements in cardiac imaging, often in 
combination with a body coil at 1.5 and 3T, or in transmit/receive-mode at 7T [12], 
[23]. More recently, dipole antennas have been used as transmit/receive-elements 
for cardiac imaging at 7T [2], [10], [13].  We present a body array that consists 
of 8 fractionated dipole antennas in transmit/receive (Tx-/Rx-) and 16 loop coils 
in receive (Rx-) mode [10, 11, 24] resulting in an 8 channel Tx-/24 channel Rx-
array. This should provide SNR enhancement, while not having to extend the 
8 channel transmit chain in our current multi-transmit system. The array is 
specifically adapted for cardiac imaging by modifying the shape of the elements 
to the torso to maintain full contact between the antenna elements and the tissue. 
Electromagnetic simulations have been used to assess safety limitations of this 
setup for cardiac imaging. Imaging performance is demonstrated for functional 
cine imaging, and compared to the imaging performance reported for cardiac 7 T 
imaging in the literature [12], [13]. 
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Materials and Methods
Transmit/Receive-Setup

 A custom-built 8 channel Tx-, 24 channel Rx-setup was fabricated (Figure 1). 
The setup consists of 8 building blocks, composed of 8 fractionated dipole 
antennas (300 mm length) that were used for both transmit and receive. In each 
building block, two loop coils (160/100 mm, long/short axis) were positioned 
between the dipole and the subject along the longitudinal direction with overlap 
for decoupling. These 16 loop coils were used for receive-only [9], [11]. The 
dimensions of the loops and the dipoles are based on simulations on ideal loop 
and dipole size, which were done in references [9], [25].

The loop coils were kept at 6 mm spacing from the body and the dipole was 
kept at 20 mm distance from the body by a polycarbonate housing of each 
building block. The two medial anterior elements were bent in the middle and 
positioned at a fixed angle to maintain full contact with the chest. Each loop coil 
was detuned at three positions by PIN-diodes. Preamplifier decoupling ensured 
a high impedance at the cable connection point during reception. A lattice balun 
was used for impedance matching of both the dipole antennas and the loop coils. 
More details on geometry and circuitry are presented in figure 1. Reflection and 
coupling levels (S11 and S12) were determined to ensure good array performance 
as well as Qunloaded/Qloaded ratios for the loop coil elements.

Electromagnetic Modeling

The 8 channel Tx-/24 channel Rx-setup was modeled using the Sim4Life 
environment (Zurich Medtech, Zurich, Switzerland). Simulations were carried 
out on human models Duke and Ella (body-mass-index (BMI) 23.1 and 22 kg/
m2), using a resolution of 1.5x1.5x1.5mm3 to render the coil geometry and the 
nearby tissue, resulting in 13.862*106 cells for Duke and 13.746*106 cells for Ella 
[26]. Simulations were done on a graphic processor unit (GPU, NVIDIA GeForce 
GTX TITAN Black, NVIDIA, Santa Clara, USA).  [26]. The worst case SAR was 
calculated as the maximum sum of the modulus of all Quality-matrix (Q-matrix) 
entries [18]. This value was used to derive average power limits for imaging 
applications, based on a 10g-averaged SAR limit of 20 W/kg in the trunk for first 
level controlled mode [27]. To validate the simulations, single-channel B1

+-maps 
have been acquired for all transmit channels on a phantom filled with ethylene 
glycol and saline (ε=34, σ=0.4 S/m, 0.4g/L saline) [9]. The dual refocusing angle 
acquisition mode (DREAM) B1

+-mapping method was used to acquire the B1
+-
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Figure 1: Schematic overview of a single loop-dipole element. 1a. shows a model of the loops and the 
dipoles, and indicates the position of the tuning, detuning and matching circuitry. A lattice balun was used 
for matching both the loops and the dipoles. 1b. shows a photograph of a single loop-dipole element. 
1c. shows the detuning and matching circuitry. 1d. shows one of the two elements that is adapted to the 
curvature of the chest, by bending both ends of a single element. 1e. shows the sizes of the loop and dipole 
elements.

maps [28]. The imaging parameters of this sequence were as following:  2D 
Acquisition, Echo Time (TE) = 1.57 ms, Repetition Time (TR) = 10 ms, field of 
view (FOV) = 320*400*30 mm3, in plane resolution = (5*5) mm2 slice thickness = 30 
mm, flip angle = 10⁰, pulse width = 0.17 ms, STE angle =  60⁰, pulse width = 1.01 
ms, nominal B1

+ = 16 µT,  receive bandwidth = 4882.8 Hz, acquisition time = 11 
seconds. A model of the phantom was imported from SolidWorks (SolidWorks, 
Dassault Systèmes SolidWorks Corp., Massachusetts, USA) into Sim4Life and 
used for simulations of the B1

+-fields. An isotropic resolution of 1.5x1.5x1.5 mm3 

was used for the full model, resulting in a total of 22.687*106 cells. 

Cine Imaging Experiments

A 7 T Philips Achieva multi-transmit system with 8 x 2 kW RF amplifiers (Philips 
Healthcare, Best, The Netherlands)  was used to scan 8 healthy volunteers (7 males, 
1 female, age 22-35, average Body Mass Index (BMI)=21.6 ±1.14 kg/m2, minimum 
BMI=20.1 kg/m2,maximum BMI=23.1 kg/m2).  The study was approved by the 
local medical ethics committee and all subjects signed informed consent prior to 
inclusion in the study. RF phase-shimming was applied on three slices in the heart, 
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in order to obtain maximum average signal in the heart [29], [30]. For the phase 
shimming, low flip angle gradient echo images were acquired in three slices for 
every transmit channel, these images were combined to obtain maximum signal 
intensity averaged over three slices in the heart, the optimum phase settings were 
calculated with a numerical minimization in Matlab (Mathworks, Natick, USA) 
[30].  The same phase-settings were used for all three slices, while the amplitudes 
of the channels where all set equally. This procedure was done once for every 
volunteer, while the same phase settings were used for all views. Phase-only RF-
shimming was used for every acquisition in this work. The following imaging 
parameters were used for the low flip angle gradient echo images: 2D multislice 
acquisition (M2D), TE = 1.68 ms, Repetition Time (TR) = 24 ms, field of view (FOV) 
= 309*522*60 mm3, in plane resolution = (1.3*1.3) mm2, slice thickness = 20 mm, 
flip angle = 3⁰, turbo field echo-factor (TFE-factor) = 15, receive bandwidth = 498.7 
Hz, pulse width = 0.20 ms, nominal B1

+ = 4 µT, acquisition time = 102.7 seconds. 
Subsequently, a 10-slice cine planning sequence in the transverse orientation 
was acquired during 5 breath-holds (R=2). The obtained images were used for 
planning of cine cardiac imaging. Pseudo 2 chamber-, pseudo 4 chamber-, short 
axis and 4 chamber- (p2Ch-, p4Ch-, SAX-, 4Ch- respectively) view images were 
acquired during breath-hold. The following imaging parameters were used for 
the cine imaging: TE = 2.7 ms, TR = 4.2 ms, field of view (FOV) = 280*420*8 mm3, in 
plane resolution = (1.3*1.3) mm2, slice thickness = 8 mm, flip angle = 9⁰, turbo field 
echo-factor (TFE-factor) = 10, receive bandwidth = 998.2 Hz , pulse width = 0.61 
ms, nominal B1

+ = 4 µT, acquisition time = 10 heartbeats/10 seconds on average, 30 
cardiac phases. Retrospective gating with electrocardiographic (ECG) pads and 
breathhold triggering were used for motion compensation. For one volunteer, 
the 4Ch-view acquisition was repeated at increasing resolutions (1.3x1.3x8 
mm3, 1.1x1.1x2.5 mm3 and 0.75x0.75x1.75 mm3), using a sensitivity encoding 
(SENSE) acceleration factor of R2 in the anterior-posterior- (AP-) direction. 
Acquisition times increased from 10 to 12 and 17 heartbeats, respectively.  
 
Cine Image Analysis

To get a measure of the overall image quality, the cine images of all 8 volunteers 
were rated on a four-point scale by two experienced readers. Overall image 
quality, artifacts and noise where taken into account in this rating [23], where 
higher scores represent better image quality. The rating scale and scoring criteria 
are shown in detail in Table 1. Inter-observer agreement percentages and Cohens 
kappa were used to calculate inter-observer variability for all ratings [31]. 
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Score 3 2 1 0

Artifacts No artifacts Minor artifacts 
(not impairing 
diagnostic quality)

Moderate artifacts 
(may partially impair 
diagnostic quality) 

Major artifacts, not 
diagnostic images

Noise No remarkable 
noise

Little noise 
(not impairing 
diagnostic quality)

Moderate noise 
(may partially impair 
diagnostic quality)

High noise level, 
not diagnostic

Overall image 
quality

Excellent Good Diagnosis may be 
limited

Poor, not 
diagnostic.

Table 1: rating scale and scoring criteria for the functional Cine images. 

 SNR and Acceleration Performance

In order to make a quantitative comparison to other literature, the imaging 
parameters used in [13], have been reproduced to the best of our ability. The 
following imaging parameters were used for the SNR analysis:  Echo Time (TE) 
= 3.8 ms, Repetition Time (TR) = 6.0 ms, field of view (FOV) = 280*420*2.5 mm3, 
in plane resolution = (1.1*1.1) mm2 , slice thickness = 2.5 mm, flip angle = 20⁰, 
turbo field echo-factor (TFE-factor) = 9, receive bandwidth = 998.2 Hz , pulse 
width = 3.6 ms, nominal B1

+ 1.5 µT, acquisition time = 20 heartbeats/20 seconds on 
average, 28 cardiac phases, acceleration factor  R = 2, applied along the anterior-
posterior- (AP-) direction. This was done on three additional volunteers (2 males, 
1 female, age 25-36, average BMI = 21.9 ±1.12 kg/m2, minimum BMI = 20.01 kg/m2, 
maximum BMI = 23.03 kg/m2) in the 4Ch-view and the SAX-view. Phase shimming 
was done for all acquisitions on three transverse slices in the heart. To assess the 
SNR performance of the coil array, as well as the separate contributions of the 
loop and dipole elements, SNR scaled imaged were reconstructed according to 
the method described by Robson et al. [32]. The mean SNR in the heart, and the 
CNR between the myocardium and the blood, defined as (SNRblood-SNRmyo), was 
calculated for all three volunteers, according to [13].  

To assess the acceleration performance of the array, the cine acquisitions were 
repeated on the same three volunteers, using sensitivity enconding (SENSE) with 
acceleration factors ranging from R=2 to R=6. Phase encoding was applied along 
the left-right (LR-) direction for the 4Ch-view images and along the feet-head 
(AP-) direction for the SAX-view images. Geometrical factor (g-factor) maps 
were reconstructed on the scanner using reconstruction software available on 
the Philips system (delayed reconstruction). The mean g-factor in the heart was 
calculated for all three volunteers. 
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Results
Transmit/Receive-Setup

The elements were tuned and matched to obtain matching and decoupling 
values of -12 dB on the torso. Bench measurements show a Qunloaded/Qloaded-
ratio of 140/11 for the loop elements. PIN-diodes were used to detune the 
loops during RF-transmission. Decoupling between the loops and the dipoles 
was improved from -12 dB to -18 dB or less after detuning of the receive loop. 
The geometry and circuitry of a single loop/dipole element is shown in Figure 
1. Figure 2 shows a schematic overview of the imaging setup on a volunteer.  

Figure 2: Schematic overview of the imaging setup. 1a. Shows two elements consisting of a Tx-/Rx-antenna 
and two Rx-loops. 1b. shows the two elements that are adapted to fit on the chest. 1c. shows a schematic 
drawing of the setup on a torso model 1d. shows the transmit setup on a male volunteer. 1e. shows a noise 
covariance matrix on an exemplary volunteer.

Electromagnetic Modeling

Figure 3 shows maximum intensity projections of 10g-averaged SAR (SAR10g) and 
1g-averaged SAR (SAR1g) distributions for human models Duke and Ella. Phase-
only shimming was used to optimize for maximum average B1

+ in the heart and 
results are normalized to an average input power of 1.0 W per channel (8.0 W 
total).
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Figure 3: a. Coronal and transverse maximum intensity projections of SAR10g for the Duke and Ella model. 
Results are normalized to 1 W input power for every input channel, using a total input power of 8 W. Input 
transmit phases are used to maximize average B1

+ in the heart for the image on the left. The image on the 
right displays the worst case SAR. 3b. shows a voxelized model of Duke from a frontal and transverse point 
of view.  

It was demonstrated that SAR10g does not exceed 2.0 W/kg for both models using 
phase-shimmed transmit phases. The worst-case SAR10g is calculated to be 4.05 
W/kg for the Ella model, and 2.96 W/kg for the Duke model, using an input power 
of 1.0 W per channel (8.0 W total input power). Considering a maximum allowed 
SAR10g of 20 W/kg in the first level controlled mode, the maximum average power 
limit is 20 W/4.05 = 4.92 W per channel based on these two models. The transmit 
phases for which the worst case SAR values are obtained do not correspond to 
the transmit phases that maximize B1

+ in the heart, so this value represents a 
conservative estimate of the required power constraint. However, with only two 
subjects investigated, inter subject variability may still increase the maximum 
SAR value. A recent study has investigated these opposing effects for prostate 
imaging at 7 T [18], [33]. Based on these results, and including a safety margin of 
20%, the average power limit in these experiments was set to 4.0 W per channel. 
The maximum worst-case SAR1g

 that is calculated in simulations is 4.85 W/kg 
for a total input power of 1.0 W per channel. If the average power limit of 4.0 W/
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channel is applied, the local SAR limits are also not exceeded when using this 
small averaging volume.  

Figure 4 shows the simulation and measurement results on a phantom. 
The overall field patterns and the magnitude of the B1

+-fields correspond 
qualitatively, however some differences between simulations and measurements 
are to be noted. For all the single transmit channels, minor differences between 
the simulated and measured field patterns can be discerned. In the shimmed 
combination, the field distribution in the center of the antenna corresponds 
well, but the measured transmit field at the bottom of the phantom has a lower 
intensity than the simulated field. The absence of highly intense peaks in the 
measured B1

+-fields indicate that the loops are detuned well, and do not influence 
the transmit fields of the dipole antennas.   

Figure 4: Phantom simulation setup. 4a. shows simulated (top) and measured (bottom) B1
+-maps on the 

ethylene-glycol phantom. 4b. shows the same B1
+-maps, now both combined using the same transmit 

phases. 

Cine Imaging Experiments and Analysis

Figure 5 shows the imaging results of functional imaging for all 8 subjects. Below 
each image the average rating of overall image quality is reported. The image 
quality ratings are shown in Table 2 where 0 corresponds to poor image quality 
and 3 represents excellent image quality. A document with all the separate ratings 
is added as supplementary material. 
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Figure 5: Pseudo two chamber views (p2Ch), pseudo four chamber views (p4Ch), short axis views (SAX) 
and four chamber views (4Ch) for 8 volunteers. Phase-only shimming was applied to maximize signal in 
three transverse slices for each individual volunteer. The same transmit phases were used for all acquisitions. 
All images were acquired with a resolution of 1.3x1.3x8 mm3, and an average scantime of 10 seconds. The 
overall image quality rating is displayed underneath each separate image. 
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Parameter/view 2 Chamber View pseudo 4 Chamber 
View

Short Axis View 4 Chamber View

Artifacts 2.50±0.50 (75%) 2.25±0.90 (50%) 2.50±0.50 (37.5%) 2.6±0.50 (62.5%)

Noise 3.00±0.00 (100%) 3.00±0.00 (100%) 3.00±0.00 (100%) 3.00±0.00 (100%)

Overall image quality 2.60±0.50 (62.5%) 2.25±0.90 (62.5%) 2.50±0.50 (50%) 2.60±0.50 (87.5%)

 
Table 2: mean and standard deviation of image quality scores over all volunteers, for the different views 
and rating parameters.  Interobserver agreement for the different views and criteria are displayed below the 
scores. The average interobserver agreement over all samples is 74%. Interagreement variability was also 
calculated using Cohen’s Kappa, which was κ=0.5221 over all observations.

The overall image quality is rated between good and excellent (overall score 2.41). 
No remarkable noise is present in any of the images (overall score 3). Some of 
the images show artifacts (overall score 2.28), which can be recognized in Figure 
5 for volunteer 1 and volunteer 4. Inter-observer agreement was calculated for 
every view and criterion. The overall inter-observer agreement was 74%. Inter-
observer variability was calculated using Cohen’s kappa, which is κ=0.56 for all 
observations. This corresponds to a moderate agreement between both 
raters.  

Figure 6 shows the four chamber view results of volunteer 6, using an acceleration 
factor of R=2 and different resolutions. In general, as spatial resolution increases, 
SNR is reduced. However, due to the higher spatial resolution, more details 
can be recognized in the image, especially in the region close to the cardiac 
walls. The maximal resolution that was reached in this experiment on one 
volunteer is 0.75x0.75x1.75 mm3, which corresponds to a cubic resolution 
of 0.98 mm3. At this resolution, noise becomes more clearly present in the 
image, especially at locations far away from the transmit/receive-elements.  
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Figure 6: Four chamber views using 2D Cine acquisitions, at different spatial resolutions. All images were 
acquired with the same imaging parameters as the Cine acquisition shown in figure 4, with AP acceleration 
factor R2 and at different spatial resolutions. Acquisition time increased from 10 to 12 and 17 seconds.  
Bottom row shows the same images but zoomed in on the right cardiac chamber.  At high resolution, 
improved depiction of myocardial trabeculae in the right ventricular wall can be seen.

SNR and Acceleration Performance

Figure 7 shows SNR maps of a single volunteer, acquired in the 4Ch-view and 
SAX-view. The separate contributions of the loop and dipole elements are 
demonstrated in this image. 

Figure 7: SNR scaled images for a single volunteer in the SAX-view and the 4Ch-view. The separate 
contributions of the loop and dipole elements are displayed here. Phase shimming was applied on three 
transverse slices through the heart for all volunteers, the same shim settings were used for all acquisitions. 

Images were acquired at a resolution of 1.1x1.1x2.5 mm3, at an average scantime of 20 seconds.



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 79PDF page: 79PDF page: 79PDF page: 79

79

Cardiac Imaging

   5

It can be seen in both views, that combining the loop and dipole elements leads 
to a remarkable enhancement of the SNR in the heart. Table 3 shows the SNR 
and CNR values in the heart for the different views, averaged over the three 
volunteers. 

View Setup CNR (myocardium/blood) SNR

(whole 
heart)

Normalized SNR (whole heart)

(√Hz/ml)

SAX 16 Loops 3.70±2.70 2.70±1.40 2.84±1.5*1e4

4Ch 16 Loops 2.50±0.450 4.60±0.80 4.80±0.80*1e4 

SAX 8 Dipoles 9.07±6.23 7.90±3.60 8.30±3.80*1e4

4Ch 8 Dipoles 7.00±1.01 7.60±2.06 8.00±2.20*1e4

SAX 16 Loops/8 Dipoles 12.70±8.20 10.90±4.70 11.50±5.00*1e4

4Ch 16 Loops/8 Dipoles  10.30±1.20 11.90±1.60 12.50±1.70*1e4

 
Table 3: summarized results of the mean signal-to-noise ratio (SNR) and the mean blood/myocardium 
contrast-to-noise ratio (CNRblood/myo). The contributions of the loop and dipole elements and the combined 
array are shown here for two views, averaged over three volunteers. SNR was normalized based on receive 
bandwidth and voxel volume. 

When using all receive elements, the average SNR in the heart is 10.9 and 11.9 for 
the SAX-view and the 4Ch-view, respectively. The CNRblood/myo  for these views 
is  10.7 and 12.3 . The SNR increases over two-fold when all elements are used, 
compared to the situation where only loops coils are used for receive. Compared 
to a situation where only dipoles are used in receive mode, the SNR increases 
50% when all elements are used.      

Figure 8 shows reconstructed images and g-factor maps for a single volunteer, 
acquired in the SAX-view and the 4ch-view. 
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Figure 8: g-factor maps for different SENSE acceleration factors (R=2 to R=6) on a single volunteer in the 
SAX-view and the 4Ch-view. Increasing the acceleration factors increases the g-factor in the heart. Phase 
shimming was applied on three transverse slices through the heart for all volunteers, the same shim settings 
were used for all acquisitions. Images were acquired at a resolution of 1.1x1.1x2.5 mm3, with scantimes 
ranging from 20 to 7 seconds.

 As the acceleration factor is increased, the g-factor in the heart clearly increases, 
and noise becomes more present in the reconstructed images. However, even 
for an acceleration factor of R=6, the anatomy of interest is still clearly visible. 
The average g-factor in the heart increases from 1.02 to 1.08 in the SAX-view and 
from 1.04 to 1.27 when moving from an acceleration factor of R=2 to R=6. The 
maximum g-factor obtained in the SAX-view is 2.00 at R=6, in the 4Ch-view a 
g-factor of 3.1 is reached at R=6.  

Acceleration Factor

R = 2 R = 3 R = 4 R = 5 R = 6

View Phase-encoding 
direction

Average/maximum g-factor in the heart

SAX A-P 1.02/1.10 1.03/1.25 1.05/1.35 1.05/1.57 1.08/2.00

4Ch L-R 1.04/1.43 1.06/1.61 1.10/1.65 1.19/2.40 1.27/3.10

Table 4: g-factors in the heart for increasing acceleration factors, averaged and maximum over three 
volunteers. 
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Discussion
This work demonstrates the potential of cardiac imaging at 7 T with a combined 
loop-dipole array. Several RF transmit setups have been developed for cardiac 
imaging, but the addition of 16 receive only loops to a dipole array has not been 
demonstrated before. It is demonstrated here that combining 16 receive loops 
and 8 transceive dipoles leads to a 50% increase of SNR in the heart compared 
to a setup which used 8 transceive dipoles. SNR is sufficient to acquire detailed 
images at a high spatial resolution (1.1x1.1x2.5mm3). When moving to a resolution 
of (0.75x0.75x1.75 mm3) a clear degradation of SNR is visible. 

Electromagnetic modeling

The worst-case SAR calculated here corresponds to the phase setting that yields 
the highest possible SAR value in the entire subject. This phase setting will 
not correspond to a realistic phase setting that is used for scanning. The safety 
simulations indicate that there is a large difference between the worst-case SAR 
and a SAR that corresponds to a realistic shim setting (The SAR corresponding to 
a realistic shim setting is 33% and 51% lower than the worst case SAR, respectively 
for Duke and Ella).   While it is not likely that the worst case SAR is obtained 
during a scan, this value was nevertheless used to set the upper limit of the total 
average power[33].  In other work [13], the total average power limits are derived 
based on peak SAR calculated in human models for fixed phase settings. These 
fixed phase settings are also used in the scan. Using this method leads to a total 
average power limit of 65 W, more than two fold higher than the 8*4 = 32 W that is 
used in this work.  This difference in the average power limit does not necessarily 
represent a difference in the efficiency of these two setups, but a difference in 
choices regarding transmit phase optimization and safety assessment. 

Much effort is already spent on matching SAR simulations with measurements 
as closely as possible [17], [18]. Future work into worst-case SAR estimations will 
very likely focus on deriving realistic drive settings for multiple human models 
and matching those to scan results, with the use of bi-directional couplers [33]. 
These methods have the potential to increase the average power limits, leading 
to faster cardiac exams at 7 T. Work focused on using nonlinear optimization of 
the transmit phases and amplitudes to reduce maximum local SAR, or the use of 
SAR constraint RF pulses has not yet been applied in this work, and do also have 
the potential to improve transmit efficiency [15], [17], [34]–[36]. 

Electromagnetic simulations were validated by comparing simulated to 
measured B1

+-maps. Field measurements or MR thermometry are a possible 
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alternative for safety validation, but are not treated within the scope of this 
paper. A comparison between simulated and measured transmit fields on a 
phantom correspond qualitatively. However, when comparing the results 
in detail, differences between the simulations and measurements are clearly 
visible. The qualitative correspondence between the results indicates that the 
antennas perform as modeled in the simulation, and it indicates that the loops 
are detuned properly. The results could be improved upon by exactly matching 
the simulation and measurement geometry by doing a computed tomography 
scan of the measurement setup and importing this in Sim4Life. Exactly matching 
the simulated and measured coupling parameters by using circuit co-simulations 
would be another way of improving the correspondence between simulations 
and measurements. This will be necessary for deriving SAR limits that closely 
match simulations for realistic drive settings, but it is not treated within the scope 
of this work.  

Cine Imaging Experiments and Analysis

High quality functional images were acquired for a total of 8 volunteers. Image 
quality of the Cine images has been scored by two experienced readers, leading 
to an average score of 2.4 (between good and excellent) for overall image quality. 
The rating shows that the diagnostic quality of the Cine images is not at all 
affected by noise. The image quality scores are impacted by artifacts, which 
are most generally caused by a non-uniform excitation field. This is clearly 
present in volunteers 1 (SAX-view) and 4 (p4Ch-view), which is represented by 
the lower rating of the images. Although optimized RF transmit phase settings 
are calculated for every volunteer, it is clear that RF shimming methods that 
are used in this work do no suffice for every situation. The shimming method 
that is currently used maximizes the average signal in the heart, but does not 
necessarily provide a uniform signal. Additional RF calibrations can be used to 
enhance homogeneity of the signal, but this can also increase acquisition time 
and examination complexity [14], [16]. Future work will explore more advanced 
techniques to acquire homogeneous excitation fields combined with rapid 
calibration scans and procedures. 

SNR and acceleration performance

For SNR comparison, cine images have been acquired using scan parameters 
reproduced from literature to the best of our ability [13].  The flip angle of 
30⁰ could not be reproduced within a reasonable scan-time. This is caused by 
different choices in setting the average power limits, as mentioned earlier in this 
discussion. The TR and TE that are reported by Oezerdem et al. (2.17/4.17 ms) 
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was also not reproducible with our system and the other sequence parameters.  
The overall SNR values that we report at R=2 are lower than for the two coil 
setups mentioned by Oezerdem et al. (11.9 compared to 29 for the 4Ch view, 
10.9 compared to 29 for the SAX-view). The CNRblood/myo values that we report 
are comparable (10.3 compared to 11 for the 4Ch-view, 9.9 compared to 9 for 
the SAX-view). Because of the differences in acquisition methods, the results of 
this comparison should be interpreted with caution. An interesting comparison 
would be to scan both coil setups at the same imaging site, however this will not 
be treated within the scope of this paper.

The average g-factor that we report at R=6 is lower than the g-factors mentioned 
in literature (1.08 compared to 1.5 for the SAX-view, 1.27 compared to 1.6 for 
the 4Ch-view) [13]. As a result of the difference in MRI system vendor, SENSE is 
used in our work, while generalized autocalibrating partial parallel acquisition 
(GRAPPA) is used in  [13]. Results show that the average g-factor remains low 
even up to an acceleration factor of 6. Although such accelerations may provide 
insufficient SNR for many applications, these results show that in terms of 
encoding power of the array, it is possible. 

The SNR maps presented here show that a setup which combines loops and 
dipoles in receive, increases SNR in the heart by more than 50% compared to a 
setup where only loops or dipoles are used. This strong increase in SNR in not 
only caused by the receive sensitivity of the combined setup, but also relates to 
the improved acceleration that is gained my moving from 16 or 8 to 24 channels.  
Most setups that are used specifically for cardiac imaging make use of loop coils, 
while some setups use dipole antennas [9], [12], [13], [37]–[39]. This work shows 
that these kind of setups can be improved by combining both elements.

Conclusion
High-resolution cardiac cine imaging is demonstrated at 7T using an 8 channel 
Tx-/24 channel Rx- array which combines loops and dipoles. The overall image 
quality of cine imaging results is rated a 2.6 on a 4-point scale by two experienced 
radiologists. Acceleration factors up to R=6 can be used while the average 
g-factor in the heart does not exceed 1.27.  Adding 16 receive only loops to an 8 
channel transceiver dipole array increases the SNR in the heart by more than 50% 
compared to the use of dipoles only. 
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Appendix A

Electromagnetic simulations on a phantom were done to assess the signal-to-
noise performance of a 8-dipole/16-loop array, compared to a 8-dipole/8 loop 
array, as is presented in [10]. The phantom had tissue-like properties (ε=34, σ=0.4 
S/m), the dimensions of the phantom were 450*300*236 mm3. Signal-to-noise ratio 
was calculated from the receive fields, which were normalized to input power 
and combined in a sum of magnitude sense, as in reference [10]. Figure 1 of the 
supplementary material shows the results of these simulations. 

The black ellipse represents a region with comparable dimensions to the heart 
of human model Duke. The sagittal and coronal slices clearly indicate that the 
array with two loops has a larger field of view. When looking at the SNR ratio in 
the central transverse slice, it can be seen that SNR increases only by a maximum 
of 10%, and even decreases closer to the coil elements. However, the central 
coronal and sagittal slices show that when moving away from the central slice, 
the SNR increases are strong (up to 50%) because of the larger field of view of the 
antennas. This is beneficial for cardiac imaging, which typically has a relatively 
large field-of-view. 

Figure S1: simulated SNR for an 8 dipole/8 loop array and an 8 dipole/16 loop array. The dimensions of the 
phantom are 450*300*236 mm3. The black ellipse represents a region comparable in size to the heart of 
virtual family model Duke.
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Abstract
Purpose

To investigate inter-subject variability of SAR and temperature rise in a database 
of human models for a 7T cardiac array, and to investigate temperature rise 
during a breath-hold acquisition.

Methods

DIXON images were acquired of 14 subjects and segmented in dielectric models 
with a 7T cardiac array in place. EM simulations were done to calculate SAR 
distributions. Based on the SAR distributions, temperature simulations were 
performed for an exposure time of 6 minutes (IEC averaging time) and 20 seconds 
(upper-limit for breath-hold in cardiac exam). Peak local SAR and temperature 
rise levels were calculated for different RF shim settings. A statistical analysis of 
resulting peak local SAR and temperature rise levels was performed to arrive at 
safe power limits.

Results

For random RF shim vectors, a safe average power limit of 4.2 W/channel was 
determined (1st level controlled mode). When RF shimming is applied, a safe 
average power limit of 5.0 W/channel was found. When adhering to the local 
SAR limits, the absolute local temperature limit of 40 ⁰C will not be exceeded. For 
a heating time of 20 seconds, worst-case temperature rise remains within 0.34 ⁰C 
when adhering to the SAR limits. 

Conclusion

Safe power constraints were found for a 7T cardiac array while considering inter-
subject variability. For a heating period of 20 seconds, temperature rise remains 
very limited when adhering to the local SAR limit. Therefore, the double SAR 
limit that is allowed for a 10 second scan is also safe for a 20 second scan.
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Introduction
The improved signal-to-noise ratio at 7T allows for cardiac magnetic resonance 
(CMR) imaging at increased resolution as compared to 1.5T or 3T [1]–[3]. Many 
sequences that are common for CMR at 1.5T or 3T, such as balanced SSFP or 
inversion recovery sequences, require a high flip angle and/or a short repetition 
time [4] which leads to high RF power deposition. Because of  higher power 
requirements at 7T compared to 1.5T or 3T [5], [6] and because local transmit 
arrays are used instead of a volume body coil enforcing local SAR limitations, 
power limits are more stringent at 7T. Therefore, next to banding artifacts due 
to increased B0-inhomogeneity, it is because of these more stringent power 
constraints that these standard CMR sequences are not easily applicable at 7T. 

7T cardiac imaging is typically done using a local transmit (Tx) array. These arrays 
typically consist of multiple phase/amplitude controlled transmit channels. The 
use of a local Tx array requires subject specific calibration of the phases and 
amplitudes (RF shimming) to acquire an efficient and uniform transmit field in 
the heart. To ensure that the patient is not exposed to severe local tissue heating, 
the local SAR is used as a metric for RF power deposited by a local transmit 
array. The peak local SAR level cannot exceed predefined limits, which are 
described by the IEC [7]. As also described by the IEC, local SAR is averaged 
over cubes containing a total mass of 10g. Since local SAR cannot be measured, 
average power limits are typically derived from electromagnetic simulations 
(using e.g the finite difference time domain (FDTD) method) on generic human 
models[8]. These generic human models normally do not match the geometry of 
the subject in the scanner, therefore an additional safety factor needs to be used 
which accounts for inter-subject variability. This safety factor ensures that peak 
local SAR limits are never exceeded when the patient anatomy does not match 
the anatomy of the simulation model, but often leads to severe overestimation of 
the actual peak local SAR resulting in overly conservative power constraints and 
increased examination time. 

Inter-subject variability has a strong influence on peak SAR levels for various 
imaging targets at 7T. Previous studies have investigated inter-subject variability 
for multi-transmit head imaging [9], [10]. De Greef et al [9] investigated SAR 
levels for 6 different head models of the virtual family and virtual classroom, 
these models originated from manual segmentation. Le Garrec and Boulant et al 
[10] used an in-house generated, surface based head model to generate a database 
of 33 transformed head models. From this database, it was possible to sample 
the parameter space of head length, breadth and shift in the Z- and Y-direction 
following an unscented transform scheme. Peak SAR values were calculated for 
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several RF excitation schemes. For body imaging at 7T, inter-subject variability 
of SAR has been studied for two dipole arrays  in a prostate imaging setup [11], 
[12]. Ïpek et al studied inter-subject variability of peak local SAR for the single-
side adapted dipole array on four different dielectric models [12], [13] which 
were generated from manual segmentation of DIXON scans with the 7T transmit 
array in place. More recently, Meliado et al. presented a more rigorous approach 
where an automated pipeline was created to generate a simulation model from a 
DIXON scan with a mock-up array and landmarks in place.  Using this method, 
23 custom-built dielectric models were simulated for the fractionated dipole 
array to derive power limits for RF shimming on the prostate or for pTx pulses 
[11]. 

Similar studies for 7T cardiac imaging are currently still missing.  Therefore, the 
first aim of this work is to investigate inter-subject variability for cardiac imaging 
at 7T in a database of custom-built dielectric models, using an approach similar to 
the one used by Meliado et al [11].  A probabilistic analysis of 10g averaged peak 
local SAR levels for different RF shim phases and subjects is applied  to arrive 
at local SAR levels that have a probability of less than 0.1% of being exceeded 
(pSAR99). These local SAR levels are then used to derive average power limits on 
a per channel basis.  

The second aim of this work is to extend the SAR analysis by also incorporating 
temperature simulations. Similar studies have been done before for brain imaging 
[14]–[16], but not for 7T body imaging. The temperature simulations were done 
for heating intervals that are relevant to cardiac imaging. SAR limits are defined 
related to time averaged power which is normally averaged over a time window 
of 6 minutes. In the first level controlled mode, 10g averaged peak local is SAR is 
allowed to be 20 W/kg. When the averaging time is shorter than 10 seconds, SAR 
is allowed to be two-fold higher (40 W/kg, first level controlled mode). A CMR 
acquisition is often acquired during breath-hold, which takes no longer than 20 
seconds and is followed by a pause to allow for subject recovery and sometimes 
additional planning. Neither the 10 seconds averaging time or the 6 minutes 
averaging time corresponds to this scenario. To be able to suggest alternative 
metrics for determining power limits for the specific scenario of a breath-hold, the 
actual temperature rise during CMR needs to be investigated. Therefore, thermal 
simulations have been done using the subject specific SAR-distributions as an 
input. This was done for a heating interval of 20 seconds (upper-limit acquisition 
time for a breath-hold), and for the 6 minutes averaging interval that is specified 
in the IEC guidelines.  
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Methods
Model generation

After obtaining IRB approval and written informed consent from each subject, 
14 subjects (age: 25-54, BMI: 18-26) were scanned at 1.5T (Philips Ingenia, Philips 
Healthcare, Best The Netherlands) with a mockup array in place to achieve realistic 
body deformation. A multi-echo DIXON scan (TR/TE1/TE2 = 5.56/1.64/3.76 ms, 
resolution 1.7x1.7x2.5mm3)  was acquired to calculate water, fat, in-phase and 
out-of-phase images which were segmented [17] into 4 tissue types. The 4 tissues 
were assigned with the following electrical and thermal properties [18]:

Tissue 
type

Relative 
Permittivity

[a.u.] 

Specific 
Heat 
Capacity 

[J/kg/K]

Thermal Heat Perfusion 
Rate

[kg/m3/s]

Mass 
Density 
[kg/m3]

Muscle 0.77 58.22 3421 0.495 0.9061 0.71 1090.4

Fat 0.08 11.75 2348 0.2115 0.5066 0.53 911

Skin 0.64 49.89 3391 0.3722 1.648 2.1 1109

Lung 0.36 24.80 3886 0.3874 6.209 7.44 394

Table 1: electric and thermal tissue parameters of muscle, fat, skin and lung tissue from the ITIS database[18]. 

The validity of a 3 tissue model (lung, muscle and fatty tissue) versus a full 
dielectric model was demonstrated before for local SAR [12], [19], [20]. For 
temperature, it was found necessary to also include skin (leading to a 4 tissue 
model) in the model. Skin has a high perfusion rate and significantly affects local 
temperature[21]. As an additional validation step, SAR and thermal simulations 
were done for this specific cardiac array, showing no difference in peak SAR and 
temperature rise (figure S1 and S2). Local temperature rise in the heart is slightly 
overestimated for the 4 tissue model because the full model has higher perfusion 
values in blood and heart muscle.  

EM-simulations

Simulation settings

Finite difference time domain simulations were done in Sim4Life (Zurich MedTech, 
Zurich, Switzerland) to calculate EM-field distributions in the segmented body 
model. An 8 channel dipole array was modelled as the transmit coil [3], [22]. The 
8 dipole antennas were tuned and matched with 2 series capacitors of 18 pF. 
All models were voxelized with an adaptive grid using a maximum resolution 
of 0.7x0.7x0.7 mm3, resulting in approximately 30 million voxels per model. 
Similar to the work of Boulant et al. [15], all simulation results were regridded 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 93PDF page: 93PDF page: 93PDF page: 93

93

Cardiac Simulations

   6

to a 4x4x4 mm3 rectangular grid to make SAR and temperature calculation less 
computationally demanding.  The electric fields for every transmit channel were 
filtered with a 3x3x3 median filter, to remove spikes due to stair-casing errors 
in the FDTD simulations [15]. 10g averaged Q-matrices [23], [24] and virtual 
observation points were extracted for every model to enable rapid calculation of 
peak SAR levels for arbitrary RF shims [25]. To enable fast calculation of virtual 
observation points and to minimize the number of virtual observations points, 
the generalized VOP method as described by Lee et al. [26] was implemented, 
in combination with the acceleration method demonstrated by Kuehne et al. [27] 

Peak SAR analysis

A statistical analysis on the distribution of peak SAR levels was performed by 
calculating peak SAR values for every subject for 10.000 random RF shims (14 
subjects in total, 140.000 random RF shims). By doing so, the full parameter 
space that determines peak SAR levels in MR experiments could be sampled. 
Peak SAR was calculated for randomly distributed transmit phases (range 
between 0 and 2π, according to a uniform distribution). Input power was set as 
1W on each channel, but the uncertainty in the readout of directional couplers 
was included by selecting the input power of each channel from a normal 
distribution N(µ=1,σ=0.064), which results in a power between 0.78 and 1.21 W 
in 99.9% of all RF shims. This corresponds to a 10% uncertainty in the voltage 
measurements of the directional couplers[28]. Results of the SAR calculations are 
plotted in a histogram of peak SAR values for all volunteers and all random RF 
shims together (140.000 in total), similar to the histograms shown in the work of 
Meliado et al[11]. The resulting distribution corresponds to a gamma distribution, 
for which a shape-parameter k and a scale parameter θ can be fitted. By fitting 
a distribution to the histogram data, it is possible to make statistical predictions 
on the SAR levels over the entire population. In this case, we can define a peak 
local SAR level that has a probability of less than 0.1% of being exceeded for any 
subject and any RF shims. This SAR level will be referred to as the pSAR99 level. 

Temperature simulations

Temperature simulation settings

Temperature rise in the human body as a result of exposure to a SAR 
distribution can be modelled using Pennes’ Bioheat equation[29]: 
Where ρ is mass density (W/kg), c_p  is the specific heat capacity (J/kg/K), k is 
the thermal conductivity (W/K/m), Wb is the blood perfusion constant (kg/m3/s), 
c_b  is the blood specific heat capacity (J/kg/K), C is the metabolic heat generation 
(W/m3)  and finally ρSAR is the heat generation from external sources. Pennes 
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bioheat equation can be separated into an equilibrium temperature component 
(T00) which remains constant and a temperature rise component (Trise)[15], [16], 
[30]. If the equilibrium temperature T00 is known, the final temperature can be 
calculates as T=T00+Trise. The temperature rise component can be modelled as 
following:

ρ
δ
δ

ρc T
t

k T W c T T C SARp b b b=∇⋅ ∇ + −( ) + +� [ ]1

ρ
δ
δ

ρc T
t

k T W c T SARp
rise

rise b b rise= ∇⋅ ∇ + −( ) + [ ]2

For a multi-channel transmit array, the SAR distribution of all combined channels 
given an RF shim vector v can be expressed using the Q-matrix formalism:

SAR = σ
ρ2

3v QvH [ ]

In equation 3, the Q-matrix has size N*N, where N is the number of transmit 
channels and every entry of the Q-matrix corresponds to a certain combination 
of transmit channels. Since the solution of equation 2 scales linearly with 
SAR, the temperature rise can be expressed with a similar formalism: 

Trise = v T vH
rise [ ]4

The entries of Trise correspond to a single solution of the Pennes’ bioheat equation 
that is found for every combination of transmit channels i,j: 

Trise =
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Equation 6 can be solved for every combination of transmit channels (i,j) and a 
pre-defined heating interval to fill the entries of the Trise matrix. Equation 4 can 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 95PDF page: 95PDF page: 95PDF page: 95

95

Cardiac Simulations

   6

then be used to calculate temperature rise quickly for every RF shim vector v. 
A Matlab based online available temperature solver[31], [32] was used to solve 
Pennes Bioheat Equation for every entry of the Q-matrix to obtain a temperature 
matrix Trise for every model. Pennes Bioheat equation was solved for a total 
heating time of 20 seconds which corresponds to an upper-limit breath-hold time 
and 6 minutes which is the conventional averaging time in safety guidelines[7] 
where temperature equilibrium has been realized. Based on the temperature 
matrix, temperature VOPs were derived for rapid calculation of temperature rise 
for different RF shim drives[15], [30]. To derive the temperature VOPs, the same 
algorithm was used as for derivation of VOPs from the SAR Q-matrices. 

Peak ∆T temperature analysis 

Since the resulting temperature rise matrix Trise depends strongly on the defined 
heating interval, temperature simulations were done separately for the two 
heating intervals (20 seconds and 6 minutes). Additionally, for the 20 seconds case, 
a worst-case scenario was considered where no perfusion or heat conduction was 
present.  Based on the simulated Trise matrices, temperature VOPs[15], [30] were 
calculated for the three different heating scenarios. Based on the temperature 
VOPs, peak ∆T values were calculated for the same 10,000 random RF shims 
as were used in the SAR analysis for all 14 volunteers. The resulting ∆T values 
were plotted as histograms for all volunteers and RF shims together, which were 
used to fit gamma-distributions in order to do a probabilistic analysis of peak ∆T 
values. For all models, a peak ∆T value was found that has a chance of less than 
0.1% of being exceeded for a random RF shims (p∆T99). The final result of this 
procedure was three ∆T histograms and three fitted p∆T99 values (p∆T99,20s, 
p∆T99,20s,WC and p∆T99,6 min). 

RF shimmed SAR and temperature analysis

Based on the simulated per-channel  B1+ distributions, a subject specific  RF shim 
drive was determined for every subject to obtain constructive phase interference 
in a 10 cm3 cube region of interest centered on the heart. For these specific RF 
shims, B1+, SAR10g and ΔT distributions were calculated on all volunteers. The 
similarity between these RF shims was evaluated by polar plots. The distribution 
of optimal RF shim for the entire patient population is likely not fully covered 
by the 14 RF shims that resulted from this analysis. Therefore, to mimic the 
effect of variations in the RF shims over the patient population, 10.000 random 
perturbations of the RF shim vector were calculated for every subject. Input 
power was varied randomly according to a normal distribution N(µ=1,σ=0.064), 
which results in a power between 0.78 and 1.21 W in 99.9% of all RF shims. This 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 96PDF page: 96PDF page: 96PDF page: 96

96

Chapter 6

         6

corresponds to a 10% uncertainty in the voltage measurements of the directional 
couplers[28].   Phase was varied between -5⁰ and +5⁰, according to a normal 
distribution around the optimal shim phase (N, µ=0, σ=0.0266).  Results will 
show that the similarity between the 14 optimal RF shims is large. This suggests 
that one generic phase setting could be used. The B1+ distributions and local 
SAR distributions for all models using such a generic RF shim vector is also 
investigated and compared to the subject-specific RF shims.

Correlation between peak SAR10g and ∆T

As a result of the SAR and temperature analysis in sections 2.2 and 2.3, peak 
SAR10g and ∆T values are calculated for a total of 140.000 RF shims (using each 
time the same RF shim to calculate peak SAR10g and ∆T). As a final sanity check, 
the correlation (Pearson Correlation coefficient, calculated using Matlab) between 
peak SAR10g and peak ∆T was evaluated by combining all 10,000 x 14 pSAR10g 
and p∆T values in a scatter plot.

Results
Model generation

Figure 1 shows the segmented body models for all volunteers, including BMI, 
sex and age. 

Figure 1: segmented models for every subject. Muscle indicated in red, fat in yellow, lung in blue and skin 

in light-brown.
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EM-simulations

Figure 2 shows resulting peak SAR10g values for all volunteers for 10,000 random 
RF shims per model (a), and a histogram (b) of these SAR10g values for all 14 
models. A gamma distribution was fitted to the histogram, which was then used 
to calculate the peak SAR10g value which is not exceeded for 99.9% of all RF 
shims. The resulting pSAR99 value is 4.8 W/kg. The average SAR value is 2.8 W/
kg, which indicates that the pSAR99 value overestimate the average SAR by 71%.  

Figure 2:  2a shows peak SAR10g values for 10,000 random RF shims with an average power of 1W per 
channel , specified for every model. 2b shows a histogram with peak SAR10g values in all volunteers, 
resulting from 10,000 random RF shims. A gamma distribution was fitted to the SAR histogram (indicated 
in red). 2c and d show the same results, but for temperature rise.

Temperature simulations

Figure 2c shows the peak temperature rise ∆T6 min, resulting from 10,000 random 
RF shims. The fitted gamma distribution (2d.) results in a p∆T99,6 min value of 
0.5 ⁰C. Figure 3 shows the same distribution for a 20 seconds heating interval 
with perfusion and heat diffusion included (a and b, p∆T99,20 = 0.07 ⁰C) and 
without perfusion or heat diffusion (c and d, p∆T99,20 = 0.08 ⁰C).. 
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Figure 3: 3a shows peak ∆T values, resulting from a heating interval of 20 seconds for 10,000 random RF 
shims, specified for every model. 3b shows a histogram with peak ∆T values in all volunteers, resulting from 
10,000 random RF shims. A gamma distribution was fitted to the histogram to find a ∆T value that is not 
exceeded for 99.9% of all RF shims. Figures c and d show the same data, without incorporating perfusion 
and heat conduction in the model. 

RF shimmed SAR and temperature analysis

Figure 4 (top) shows the transmit phase for every channel when RF shimming 
is applied on the heart ROI, for all volunteers and averaged over all volunteers. 

Figure 4: (top) transmit phase (displayed between -90 and 90 degrees) for every transmit channel (1 to 8) to 
obtain phase coherence in a 10 cm3 cubical region of interest centered the heart. An average input power 
of 1W was applied to every transmit channel. Data is displayed for every volunteer and averaged over all 
volunteers. (bottom) B1+, peak SAR and peak ∆T values for the model-specific and average RF shims.   

Transmit phases are in general very similar for all volunteers. Figure 4 (bottom) 
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shows average B1+ in the ROI, peak SAR and peak ΔT values compared for the 
subject-specific RF shim drive and the averaged RF shim. Average B1+ decreases 
from 0.56 µT to 0.50 µT (-11%), peak SAR increases from 2.6 to 2.9 W/kg (+11%) 
while peak ΔT increases from 0.27 to 0.29 ⁰C (+7%). Figure 5,6 and 7 show 
respectively the B1+-fields, the SAR10g distributions and the ΔT distributions 
when applying subject specific RF shims.

 

Figure 5: Transverse center slice of the B1+-field for every subject, after application of RF shimming on the 
white ROI in the heart. An average input power of 1W was applied to every transmit channel.   Average B1+ 
in the ROI is distributed below the field distribution. 

Figure 6: Transverse maximum intensity projection of the SAR10g distribution and the peak SAR10g value 
for every subject after application of RF shimming. An average input power of 1W was applied to every 
transmit channel.
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Figure 7: Transverse maximum intensity projection of the peak ΔT value for every subject after application 
of RF shimming. An average input power of 1W was applied to every transmit channel.

Highest average B1+ in the heart is observed in volunteer 7 (0.8 µT). The highest 
SAR and peak ΔT values are observed in volunteer 3 (3.5 W/kg and 0.3 ⁰C).  The 
same distributions, but for the averaged RF shim are added as supplementary 
material (S2).  Figure 8 shows histograms of the peak SAR and ΔT values that were 
observed for random perturbations on the RF shimmed RF shims. A Gaussian 
distribution was fitted to both histograms, resulting in a distribution N(µ=2.94 
W/kg, σ=0.36 W/kg) for SAR, and N(µ=0.30 ⁰C.  , σ=0.04 ⁰C.) for ΔT. A pSAR99 
of 4.0 W/kg is observed, which overestimates the average SAR of 2.94 W/kg by 
36%.  A pΔT99 of 0.4 ⁰C is found, which overestimates the average shimmed ΔT 
of 0.3 ⁰C by 33%. 

Figure 8: SAR and temperature distributions for a RF shim that is shimmed on the heart. For every volunteer, 
10.000 shim vectors were calculated which are random perturbations on the optimal RF shims.
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Correlation between peak SAR10g and ∆T

Figure 9 shows the correlation between peak SAR10g and peak ∆T values for the 
same RF shims. A strong correlation (Pearson correlation coefficient, r=0.81) is 
observed between the 10g-averaged SAR values and the ∆T values.

Figure 9: Peak ∆T values for a heating time of 6 minutes plotted versus peak 10g-averaged local SAR values 

for the same RF shim drives.

Discussion
The inter-subject variability of SAR and temperature distributions was 
determined for cardiac imaging at 7T for an 8-channel fractionated dipole array.  
A database of 14 dielectric models with realistic body deformation was generated 
from DIXON-images and simulated in Sim4life. Virtual observation points were 
calculated for every model and were used to calculate peak SAR values for 
10.000 random RF shim settings per model, taking into account the uncertainty of 
measuring the average input power with directional couplers. When displaying 
the peak SAR values for all volunteers and RF shims in a histogram, the result 
is a distribution of SAR values which corresponds to a gamma distribution. The 
fitted gamma distribution results in a SAR value that is not exceeded for 99.9% 
of all random RF shim settings[11] (pSAR99). For this database, a pSAR¬99 of 
4.8 W/kg is found (assuming random  input phase and an uniform average 
input power of 1W (σ=0.064 W)). Considering a local SAR limit of 20 W/kg in 
1st level controlled mode, an average power of 4.2W per channel is therefore not 
to be exceeded based on this analysis. If we evaluate a scenario where the phase 
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settings are not random but optimized for good B1+ coverage of the heart, the 
SAR levels are lower.  An analysis including likely variation of the optimal shim 
phase and measurement inaccuracy of the directional couplers has resulted in a 
pSAR99 level of 4.0 W/kg. Similarly, this SAR level corresponds to an average 
power limit of 5.0 W per channel. Literature has shown that when calculating 
SAR limits based on one generic body model such as Duke or Ella, it is advised 
to take an additional safety factor into account to be robust for inter-subject 
variation and for variation in power measurements during the exam. For the 
random RF shims, a comparison of the average pSAR to the pSAR99 value shows 
an average overestimation of 71%, which would translate into a safety factor of 
1.71. If RF shimming is done, the pSAR99 value overestimates the average pSAR 
by 36%, leading to safety factor of 1.36 In earlier studies, similar safety factors 
were reported for the prostate (1.7, Ipek et al[12], 1.8 random, Meliado et al.[11], 
1.4 RF shimmed, Meliado et al.[11]) and the head (1.5, Le Garrec et al.[10], 1.4, De 
Greef et al[9]).  Since the pSAR99 values resulting from this study include both 
inter-subject variability and power measurement inaccuracies, these additional 
safety factors do not need to be included for these uncertainties.

Pennes’ Bioheat equation, combined with a post-processing step to rapidly 
combine multi-channel temperature simulation results were used to quickly 
calculate peak temperature rise values using 10,000 random RF shims for each 
of our 14 custom-built models. A probabilistic analysis of peak ΔT values was 
done for three scenarios (6 minutes, 20 seconds and 20 seconds without heat 
conduction or perfusion). The six minutes scenario accounts for the time over 
which power deposition is averaged according to the IEC guidelines. However, 
cardiac imaging is often performed using breath-hold scans. These breath-holds 
are always followed by time to recuperate which suggests that larger power 
limits may be appropriate. The 20 seconds time interval corresponds to an upper-
limit for a realistic breath-hold in a cardiac exam. This interval was evaluated to 
assess the additional power that the patient can be exposed to safely in a typical 
breath-hold MRI investigation. Results from this second evaluation will result 
in a severe increase in the suggested power limit. Therefore, an additional more 
conservative scenario is evaluated where the subject is exposed for 20 seconds 
without heat conduction or perfusion.  

For the 6 minutes heating interval and an average input power of 1W per channel, 
a pΔT99 value of 0.5 ⁰C is found. When adhering to the local SAR limit, an average 
per channel input power of 4.2 W would be allowed. This implies that when 
adhering to the local SAR limits defined in first level controlled mode, the pΔT99 
value would be equal to 2.1 ⁰C. In the case of subject specific RF-shimming, a 
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pΔT99 value of 0.4 ⁰C is found for 1W average power per channel. When adhering 
to the SAR-based average power limit of 5.0 W per channel, the pΔT99 value 
would also be 2.1 ⁰C.  As described by the IEC, local tissue temperature may not 
exceed 40 ⁰C in the first level controlled mode. Even if the starting equilibrium 
temperature of the tissue in the VOP with maximum temperature rise is 37⁰C,  
a local temperature of 40 ⁰C  will not be achieved when adhering to the SAR 
limits. It is important to note that all temperature distributions shown here refer 
to temperature rise (which scales linearly with input power), and not absolute 
temperature (not linear with input power). Since the equilibrium temperature 
is generally lower close to the surface of a subject, absolute temperature is 
likely overestimated by adding the temperature rise to a baseline temperature 
of 37⁰C. Additionally, the thermoregulatory response (perfusion increases with 
temperature rise) is not taken into account in this model, which effectively 
results in considerable overestimation[33]–[35]. All simulations were done using 
perfusion values from literature. However, cases were subjects have a decreased 
perfusion response are not considered within the scope of this work. 

For a heating interval of 20 seconds, a pΔT99 value of 0.07⁰C is found for the full 
model and 0.08 ⁰C is found for the case without perfusion or heat conduction 
present. It is expected that the short duration of the heating interval reduces the 
influence of heat conduction. Because the temperature rise remains relatively 
low the influence of perfusion is also relatively small. Therefore, the difference 
between the two temperature rise values remains low (14% higher temperature 
for the scenario without heat conduction or perfusion). Again, using a power 
limit of 4.2 W average power per channel, this translates to a temperature rise 
of 0.3 ⁰C and 0.34 ⁰C. In both cases, local tissue temperature will remain well 
below the 40 ⁰C  limit that is defined by the IEC. Alternative power limits for 
a 20s scan could be defined with respect to the resulting temperature rise. If a 
temperature rise of for example 1 ⁰C would be allowed, very high average power 
limits could be allowed (12.5 W/channel for the scenario without heat conduction 
or perfusion).  As a result, the SAR limit of 20 W/kg will be drastically exceeded 
which is therefore currently not implemented in practice. However, current IEC 
regulations allow for a SAR limit that is twice as high when the acquisition time 
does not exceed 10s. Based on the results shown in this work we would advocate 
that this increased SAR limit can also be advisable for a longer scan-time of 20 
seconds. For this specific array and for any RF shim drive, a SAR limit of 40 W/kg 
would result in an allowable average input power of 8.4 W/channel. This would 
result in a pΔT99 value of 0.7 ⁰C for a heating interval of 20 seconds in a worst-
case scenario where no perfusion or heat conduction is present, and a pΔT99 
value of 0.6 ⁰C for the full Pennes Bioheat model. In the case that RF-shimming 
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is applied, an average input power of 10.0 W/channel could be allowed. The 
increased power limit is of course only recommended if the subject will spend at 
least 20 seconds between the scans recuperating from breath holds and no RF is 
administered during this time.  

Conclusion
A database of 14 dielectric models was generated for RF safety assessment of 
a 7T cardiac array. A statistical approach was followed using 10,000 different 
RF shims on each model (once for random RF shims and once for a scenario 
where RF shimming is applied). Resulting peak SAR levels were used to assess 
the pSAR99 value: a SAR level that is not exceeded in 99.9% of the cases using 8x1 
W average input power. The pSAR99 value is 4.8 W/kg and 4.0 W/kg for random 
RF shims and phase-shimmed RF shims. These values include inter-subject 
variability and directional coupler inaccuracies. In second level controlled mode, 
they correspond to per-channel power limits of 4.2 W and 5.0 W. Additionally, 
resulting SAR distributions were used for temperature simulations on the same 
models to study temperature rise during a cardiac exam. When adhering to the 
SAR limits as specified by the IEC in second level controlled mode, the local tissue 
temperature limit of 40 ⁰C in first level controlled mode will not be exceeded. 
When considering a 20-second heating interval, which corresponds to an upper 
limit for a breath-hold in a cardiac exam, temperature rise remains very small 
when adhering to the SAR limit (0.34 ⁰C). Based on these results, we conclude 
that the increased SAR limit that holds for scans shorter than 10 seconds, can 
also be applied for a scan of 20 seconds, if followed by an at least equally long 
recuperation period. 
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Appendix A: Supporting Information

S1: SAR10g in Duke for two distinct RF shims (phases as indicated above the models). No difference in peak 

SAR is visible for both shim drives. 

S2: temperature rise in Duke for two distinct RF shims (phases as indicated above the models). No difference 
in peak temperature rise is visible for both shim drives. Local temperature rise in the heart is slightly 
overestimated for the 4 tissue model, because the full model has higher perfusion values in blood and heart 
muscle.
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S3: B1+, SAR and DT distributions for the averaged RF shim drive on all volunteers.
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Abstract
With increasing permanent magnetic field strength B0, the frequency of the 
radiofrequency field B1 increases. The concomitantly reduced wavelength results 
in interference patterns that cause signal inhomogeneities and for ultrahigh field 
strengths even signal voids. These inhomogeneities are addressed by multi-
transmit systems. These systems use multiple transmit elements where the phase 
and amplitude of each element can be controlled to steer the B1 field. However, in 
this way also the electric field that originates from the B1 field changes. This may 
pose a safety risk in terms of localized tissue heating. To avoid potential hotspots, 
the local SAR distribution needs to be determined by simulations. All concepts 
and methods to process simulation results are presented in this work. In addition, 
we use the presented methodology to investigate the relationship between the 
peak local SAR value and magnetic field strength B0. For this purpose we have 
simulated the birdcage body coil at 3T and appropriately designed 16 channel 
dipole-loop transceiver arrays at 3T, 7T, 10.5T and 14T. We demonstrate a linear 
increase of peak local SAR with B0 and a quadratic increase of SNR with B0.
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Introduction
In the classical MRI perspective, the B1 field is mostly considered perfectly 
homogeneous so the resulting tip angle after an RF pulse will have the same 
value everywhere in the excited slab. However, for larger body cross sections 
and/or larger B0 values, this perfect homogeneity is not achieved. In fact, for the 
not so moderate cases the B1 field may show extreme variations from its peak 
value to almost zero. This larger B1 field inhomogeneity with increasing B0 field 
strength is caused by wavelength effects. The RF field should be regarded as 
a (superposition of) propagating electromagnetic waves. These waves have 
a wavelength that is inversely proportional to their frequency, i.e. the Larmor 
frequency. If the wavelength is large in comparison to the dimensions of the 
imaging region, the propagation effects of the RF field are negligible and the 
RF field is indeed more or less homogeneous. This is the case at 1.5T or lower 
and for head/extremity imaging at 3T.  If the wavelength is comparable to the 
imaging region, then propagation effects begin to play a role and minor RF field 
inhomogeneities become apparent [1]. This is the case for body imaging at 3T 
[2] and head imaging at 7T [3]. If the wavelength is shorter than the dimensions 
of the imaging region, propagation effects become dominant and the RF field is 
strongly inhomogeneous. This is the case for body imaging at 7T [4] and also for 
head imaging at even larger field strengths [5].

Figure 1: Wavelength in tissue at 3T and 7T and the corresponding signal inhomogeneities for prostate 

imaging.

These inhomogeneities are caused by a standing wave pattern of the electromagnetic 
RF waves in the patient. A way to address this issue is to use multiple transmit 
elements [6]. The resulting B1

+ field distribution will be the superposition of the 
B1

+ field of all these transmit elements. Although this sum distribution will likely 
also contain inhomogeneities, the pattern of these can be steered by adjusting 
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the phases and amplitudes of the individual transmit elements. A system that is 
capable of this is called a multi-transmit system. By optimizing the phases and 
amplitudes of the transmit channels, the B1+ homogeneity in the imaging region 
can be improved [7]–[9]. 

For 3T imaging, multi-transmit systems are available that have 2 channels [10]. 
The transmit coil is a birdcage body coil where the two linear modes can be 
driven independently with optimized phase and amplitude. The same system 
is used at 7T for head imaging. For body imaging at 7T, the inhomogeneities 
are too severe to compensate with only two transmit channels. For this purpose, 
8- and 16-channel multi-transmit systems have been developed. Transmit coils 
are mostly surface arrays where the elements are placed directly on the body 
[11]–[17].  

The SAR exposure in MRI systems is regulated by guidelines published by 
the IEC [18] and the FDA[19]. According to these guidelines, multi-transmit 
systems need to adhere to limitations on global SAR, regional SAR, and local 
SAR. Global SAR and regional SAR can easily be measured but the assessment 
of local SAR is more challenging. The introduction of considerable degrees of 
freedom in the RF field distribution of multi-transmit systems enables tailoring 
the B1

+ field component of this distribution to optimize coverage of the imaging 
region. However, this also influences the local SAR distribution.  The local SAR 
distribution depends heavily on the actual phase and amplitude settings of the 
coil array. And therefore also the peak local SAR value (which is the value that 
needs to be constrained by the guidelines) depends heavily on amplitude and 
phase settings. 

This work will present an overview on local SAR considerations for multi-
transmit systems. The presented methodology to assess local SAR for multi-
transmit systems will be used to assess the local SAR distribution for prostate 
imaging at 3T, 7T, 10.5T and 14T. A secondary objective of this work is to 
investigate the dependency of the peak local SAR value on magnetic field 
strength. In many standard MRI text books and courses, it is claimed that SAR 
increases quadratically with magnetic field strength (e.g. Haake et al. section 
27.4.5 [20]). This claim is evaluated here for prostate imaging as was also recently 
done for head imaging [21]. Since simulations on local SAR simultaneously 
provide distributions of B1

+ and B1
-, also transmit efficiency and intrinsic SNR is 

reported for each field strength.
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Methods
SAR assessment for multi-transmit systems

Both global SAR and regional SAR can be determined by measuring the sum of 
the average powers that are emitted from the coil array to the body. If considerable 
coupling and/or reflection takes place between/from the coil array elements, the 
net power towards the coil array can be calculated from the sum of forward 
powers minus the sum of reflected powers [22], [23] (equation 1).

SAR
a b
m

aglobal
n n n

patient

=
−∑ 2 2

1[ ]
 

SAR
a b
m

bregional
n n n

exposed

=
−∑ 2 2

1[ ]

Here forward and reflected powers are expressed in terms of the forward and 
reflected wave amplitudes an and bn of channel n. A detailed explanation of the 
concept of forward and reflected wave amplitudes is provided in many RF text 
books, for example by Pozar [24]. mpatient is the mass of the patient and mexposed is 
the mass of the region in the patient that is exposed to RF fields. Because forward 
and reflected wave amplitudes a and b can be measured using directional 
couplers, global and regional SAR can be easily measured to ensure adherence to 
the guidelines. However, these constraints do not prevent the occurrence of local 
temperature hotspots. Therefore, also local SAR needs to be constrained. Local 
SAR is defined as the deposited  power per unit mass. If an infinitesimal amount 
of power dP is deposited in an infinitesimal amount of tissue with mass dm, then 
the local SAR at position  is defined as:

SAR x
dP x
dm x







( ) = ( )
( )

[ ]2

This is equivalent to the amount of power dP deposited in an infinitesimal 
volume dV divided by the mass dm of that infinitesimal volume dV. The power 
dP deposited in an infinitesimal volume dV at position  is given by: 

dP x J x E x dV







( ) = ( )( ) ( )⋅
1
2

3
*

[ ]
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In this equation  and  are the complex amplitudes of the current density and 
electric field in phasor notation. Assuming reciprocal media the current density 
is in the same direction as the electric field:



 



J x x E x( ) = ( ) ( )σ [ ]4

Therefore [3] simplifies to:

dP x x E x E x dV x E x dV 







 



( ) = ( ) ( )( ) ( ) = ( ) ( )⋅
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2

5
2

σ σ
*

[ ]

And considering that 

dm x x dV ( ) = ( )ρ [ ]6

Equation [2] simplifies to

SAR x
dP x
dm x

x E x dV

x dV
x
x
E
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2

7[ ]

If all quantities are implicitly assumed to be depending on x, the expression 
becomes:

SAR E=
σ
ρ2

8
2

[ ]

Since the guidelines impose restrictions on 10g averaged local SAR, expression 
[8] is subsequently averaged accordingly:

SAR E dV
Vavg

= ∫
σ
ρ2

9
2

[ ]

Where, Vavg is the cubical volume of the averaging mass, for example, 10 g.

In a multi-transmit system, the electric field is the superposition of the electric 
fields of all the individual transmit elements. In this superposition, the electric 
field of each transmit element is related to the current in that transmit element. 
This can be expressed by a vector multiplication. 
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Here  is the electric field in the x-direction per unit current generated by transmit 
element n. Again, the dependence of on positional coordinate  is implicitly 
understood.  I is the current in transmit element n.

Similarly:

E E Ex
T

y
T

z
T= = =E I, E I, E Ix

'
y
'

x
' [ ]11

Now the SAR can be calculated by:
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The expression [12c] can now be written as:

SAR T= I QI [ ]13

Where Q is the so-called Q-matrix[25]. It is a spatially dependent matrix that 
directly relates the currents on the coil array elements to the local SAR at position 
x. Its definition follows from [12c]:

Q E E E E E Ex
'

x
'

y
'

y
'

z
'

z
'= + +( )σ

ρ2
14T T T [ ]

Since the relevant guidelines have defined their constraints in terms of 
10g-averaged SAR, the following expressions are used to determine this quantity:
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Where again Vavg is the cubical volume of the averaging mass, in this case 10g. 
Since only 10g-averaged SAR levels are of interest, the 10g-averaged Q-matrix is 
quite often also just denoted by  Instead of . Also note that sometimes simulated 
E-fields are expressed in terms of their rms-values. In that case, the factor ½ in 
equation [5] and all subsequent equations should be omitted.

Practical Example

To illustrate these abstract quantities, an example is presented. Consider an 
8-channel multi-transmit coil array for prostate imaging at 7T[17]. It consists 
of eight transmit elements around the pelvis. Per unit current, each coil array 
element will generate an electric field distribution. These are indicated in figure 
2. The E-field vectors ,  and  as used in equations [10]-[16] are created by taking at 
the same location the values from each of these 8 images.

Figure 2: E-field distributions in the human model Duke using a 8-channel transmit/receive coil array for 

prostate imaging at 7T.

Using the Q-factors of such an array, the local 10g-averaged SAR distribution 
can be determined by performing the quadratic vector-matrix multiplication 
for every voxel in the simulated model. In this way, the local SAR distribution 
can be calculated for a given drive vector (phase/amplitude combination) of the 
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transmit array. An example is provided by figure 3. 

Figure 3: Total E-field distributions (top row) and local 10g-averaged SAR distributions (bottom row)  in the 
human model Duke using the 8-channel transmit/receive coil array for prostate imaging at 7T. Presented are 

distributions for a couple of possible drive vectors. Amplitudes are all equal; phase settings are indicated.

The E-fields as presented in figure 2 are normalized to unit current. However, this 
is not always the most convenient normalization to work with. Depending on the 
MRI system vendor and/or the simulation software package, E-field distributions 
may be preferably expressed per unit voltage or per unit forward power to the 
coil array element. These can be calculated from the E-field distributions per unit 
current (and vice versa) using the following equations:

E Z E Z Ex y z I A input x y z V V input x y z a W, , , , , , [ ]
= = =

= =
1 1 1

17

Here Zinput is the input impedance of the coil array element. Note that only 
the normalization changes; the spatial distribution of the E-field will stay 
exactly the same. If an alternative normalization is chosen, the Q-matrix can be 
constructed with fields normalized to voltage or forward power and also the 
input drive vectors are then expressed in terms of voltage or forward power.

Domain reduction

The Q-matrices of each voxel in the simulated model can be stacked into a 
single array with dimension [nvoxels*nports*nports]. A voxelized model of a coil 
and human body typically consists of several tens of millions voxels, so the 
Q-matrix can get very large in size. Storing Q-matrices for multiple human 
body models or optimizing field distributions with information based on the 
Q-matrix is too demanding, particularly on a normal PC. Eichenfelder and 
Gehbardt[26] have proposed the use of Virtual Observation Points (VOPs), 
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which is a method that can be used for significant domain reduction of the 
Q-matrix. The domain reduction comes with a small SAR overestimation 
where the amount of overestimation is a tradeoff with the amount of domain 
reduction. The VOP method relies on clustering similar voxel Q-matrices, for 
voxel locations v, into a single Q-matrix(VOP) such that for each voxel in v, the 
SAR is equal to the SAR in one particular voxel p plus an additional allowed 
overestimation factor. The aim is to have as little VOPs as possible, while peak 
SAR is still estimated reliably. If a cluster is defined around a certain voxel p with 
Q-matrix Qp,  then all matrices Qv which are to be included in the cluster need 
to satisfy a similarity constraint, which is set by allowing a finite overshoot ε.  

x Q x x x Q xH
p

H
v+ ≥ε 2 18[ ]

The matrix Qv is only included in the cluster if Qp-Qv is ε-positive 
semidefinite (psd). This means that for every x,  . This guarantees 
that for a certain normalized excitation vector x, the following holds:  
In practice, the matrix Qp is selected by finding the Q-matrix with the largest 
primary eigenvalue. The voxels that are to be included in the cluster are then 
selected by comparing the absolute value of the smallest eigenvalue λmin of the 
difference matrix Qp-Qv against ε. If λmin is smaller than ε, the criterion  can be 
guaranteed with a minimal overestimation, by representing the VOP SAR as . 
In principle, defines the maximum allowed overestimation, and in cases where 
the absolute smallest values of λmin are smaller than , SAR in the VOP can also be 
represented by . If all voxel Q-matrices that satisfy this criterion are included in 
the cluster, the Q-matrix with the largest eigenvalue in the cluster is selected as 
the Q-matrix Qp for that VOP. Now the clustering procedure can be repeated to 
generate a new cluster until all voxels are clustered. Using the method of VOPs 
can significantly reduce the dimensionality of the Q-matrix array from millions 
of voxels to hundreds or thousands of VOPs. In general, the number of VOPs can 
be decreased by choosing a larger overestimation factor , which in turn provides 
less accurate (but never underestimated) SAR values.

Inter-subject variability

The above presented methodology is used to assess the peak local SAR for a 
certain numerical model of a patient. This model will not be the same as the 
subject inside the scanner. As a result, the peak local SAR may be underestimated 
which is a potential safety risk for the patient. 

This can be addressed by application of a scaling factor to reach the maximum 
peak SAR level that can be found in the entire patient population. For head 
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imaging, this scaling factor was found to be 1.4 [27], [28]. For prostate imaging, 
the inter-subject variability is much larger resulting in a scaling factor of 2 [29]. 

An alternative methodology has been presented by Homann et al[30]  where a 
Dixon scan is used to generate a subject-specific model of the patient inside the 
scanner. However, this would require a real-time EM-simulation in between a 
Dixon scan and subsequent scans. This is currently still out of reach or would 
require a very considerable investment in GPU facilities. 

A very recent publication has presented an extensive analysis on inter-subject 
variability for prostate imaging at 7T using 23 models [31]. This approach enables 
the definition of power limits based on statistics over many models and many 
potential phase settings. As a result, these power limits are applicable for any 
subject in the patient population. 

Field Comparison Study

This chapter will present the dependence of local SAR distributions on the 
magnetic field strength B0. For this purpose, a 8-channel multi-transmit array for 
prostate imaging is simulated for 3T, 7T, 10.5T and 14T using the model Duke of 
the virtual family [32]. For comparison, also the birdcage body coil is simulated 
with the model Duke at 3T. The RF field distributions for the corresponding 
Larmor frequencies are analyzed by comparing the B1

+ and local SAR distributions 
with prostate-shimmed phase settings. In addition, the gamma distributions 
that correspond to the histogram of peak local SAR values with random phase 
settings is plotted for each field strength.

The design for the multi-transmit array at each investigated field strength is 
a 16 channel local transceive array consisting of 8 dipole antennas and 8 loop 
coil elements. All simulations have been performed using the FDTD simulation 
package Sim4Life (ZMT, Zurich, Switzerland). The simulation geometries with 
the design on human model Duke are presented in figure 4. The design for 3T 
consists of 8 meandering dipole antennas (30 cm length, 2 meanders per cm [33]) 
and 8 square loop coils with rounded corners (width 8 cm, length 16 cm). For 
7T, the design for the dipole antennas is equivalent to the fractionated dipole 
antennas as presented by Raaijmakers et al [17]. (30 cm length, 2 30 mm wide 
meanders per leg) in combination with 8 square loop coils with rounded corners 
(width 8 cm, length 16 cm) which constitutes the same setup as presented by 
Erturk et al. [34] At 10.5T a similar setup was used that was also presented by 
Erturk et al. [35] Here all the elements are scaled down to correspond to the 
reduced wavelength at 450 MHz.   The total dipole length is 21 cm, the loops are 
5.2 cm wide and 10 cm long. For 14T the same approach has been used where 
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the antennas are reduced in size even further (dipole length 12.6 cm, loops 4.5 cm 
wide and 6.5 cm long).

Figure 4: Simulation geometries of the investigated transmit arrays for each field strength on human model 

Duke.

For each setup, the field response of each individual element was simulated 
separately after which Q-matrices were generated and VOP compression 
was performed. The phase settings that provide maximum B1

+ in the prostate 
were determined and the corresponding B1

+ and local SAR distributions were 
determined. Results are analyzed in terms of peak local SAR per unit power and 
peak local SAR per unit B1

+. In addition, the relative SNR values are evaluated for 
each field strength and array setup.

The SNR for each setup is calculated from the receive sensitivity (B1
- per unit 

current), the noise covariance matrix R and the additional quadratic increase of 
the signal with B0-field strength:

SNR B T~ [ ]0
2 1 19( ) −b R b

Where b is the vector with sensitivities for each receive array element. The 
expression under the square root is effectively equal to and will therefore be 
referred to as the B1

- per unit power. If no different magnetic field strengths are 
involved and the study aims e.g. at comparing two different coil array designs 
at the same field strength, the B1

- per unit power suffices to evaluate the SNR 
comparison.

Results
Figure 5 shows the B1

+ distributions with uniform amplitude and prostate-
shimmed phase settings for all investigated field strengths. The B1

+ magnitude 
that is achieved in the prostate with 16 x 150W input power is 26.1, 19.1, 20.0 
and 17.4 µT for the local transmit arrays at 3T, 7T, 10.5T and 14T respectively. 
With the birdcage coil, 19.5 µT is obtained with 2 x 1200 W. The images clearly 
show the decreasing wavelength which results in a smaller focus area around the 
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prostate for higher field strengths. 

Figure 5: Simulated B1+ field distributions with uniform amplitude and prostate-shimmed phase settings 
for the 3T birdcage body coil and dipole-loop arrays at 3T, 7T, 10.5T and 14T. Top row: transverse plane 
through prostate. Bottom row: Coronal plane through prostate. Distributions are presented for 16 x 150W 
input power. 

Figure 6 shows the maximum intensity projection (axial and coronal) of the local 
SAR distributions that correspond to these prostate-shimmed phase settings. The 
peak local SAR level that is achieved with 16 x 1 W average input power is 3.6, 
3.6, 4.5 and 6.5 for the local transmit arrays W/kg. With the birdcage, 1.3 W/kg is 
obtained with 2 x 8 W average input power.

Figure 6: Simulated local SAR10g distributions for uniform amplitude and prostate-shimmed phase settings 
for the 3T birdcage body coil and dipole-loop arrays at 3T, 7T, 10.5T and 14T. Maximum intensity projection 
is shown in axial (top row) and coronal (bottom row) orientation. Distributions are presented for 16 x 4 W 
average input power. 

The simulated field distributions also provide us with the relative intrinsic SNR 
distributions.  These are presented in figure 7 along with the B1

- per unit power.
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Figure 7: Simulated B1
- per unit power (top row) and intrinsic SNR distributions (bottom row) for the birdcage 

body coil at 3T and the investigated transmit/receive arrays at 3T, 7T, 10.5T and 14T. 

The local SAR distributions as presented in figure 6 only provide us the local 
SAR distributions for prostate shimmed phase settings. Different phase settings 
will provide different local SAR distributions, different peak SAR10g values 
and consequently different power constraints. If, for a particular field strength 
setup, the peak SAR10g levels for a large number of random phase settings 
(with uniform amplitude) is plotted in a histogram, the result will be a gamma 
distribution with a particular mean and shape parameter k. Such histograms, 
with the corresponding fitted gamma distribution, are presented in figure 8. From 
these distributions, a local SAR10g threshold can be identified that is not violated 
in 99% of the phase settings [31]. In this study we will define it as pSAR99%. The 
SAR10g could in principle reach higher levels with the highest level being defined 
as the worst-case SAR value [29], [31]. However, the likelihood of achieving such 
levels is less than 1% and is therefore not considered relevant for any realistic 
phase setting or RF pulse sequence. 
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Figure 8: Histograms of peak local SAR for the investigated arrays at 3T, 7T, 10.5T and 14T. Data consists of 

peak local SAR values for 100,000 random phase settings.

The results presented above provide a clear picture of the spatial distributions 
of B1

+, local SAR10g and SNR. However, for B1
+ and SNR only the value in the 

prostate is important while for the local SAR10g only the peak value is of interest. 
Figure 9 is presenting a series of graphs to indicate how these quantities depend 
on the magnetic field strength. Figure 10a shows the B1

+ efficiency in the prostate 
as a function of field strength. In the same diagram, also the SAR efficiency as a 
function of field strength is plotted against the right axis. Note that SAR efficiency 
is defined as the B1

+ per unit peak local SAR10g . Figure 9b shows the peak local 
SAR per unit power as a function of field strength. In the same graph, also the 
peak local SAR per unit B1

+ is plotted against the right axis. This is effectively the 
reciprocal of the SAR efficiency squared. Finally, figure 9c shows the simulated 
B1

- per unit power and the intrinsic SNR as a function of field strength.
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Figure 9: a) B1
+ efficiency and SAR efficiency in the prostate for the investigated arrays as a function of field 

strength. The performance of the birdcage body coil at 3T is also indicated for comparison. b) pSAR10g with 
prostate shimmed phase settings per unit power (left axis) and per unit B1

+ squared (right axis). In addition, 
pSAR99% is plotted for the investigated arrays as a function of field strength (left axis). c) Simulated B1

- per 
unit power (right axis) and intrinsic SNR in the prostate (left axis) for the investigated arrays as a function of 
field strength.

Discussion
This work has provided a detailed overview of the concepts and methods that 
are involved in local SAR assessment for multi-transmit systems. Maximum 
allowed exposure levels have been defined for global SAR, regional SAR and the 
peak local SAR value. To avoid violation of these guidelines, the input powers to 
the transmit array elements need to be constrained. The challenge is that the peak 
SAR level (highest local SAR within the body) cannot be measured. In addition, 
it depends on the phase and amplitude settings of the array. This is dealt with by 
calculating the peak local SAR level through Q-matrices and domain reduction 
(virtual observation points). In this way, the peak local SAR can be calculated 
online without significant computational effort. However, the obtained peak 
local SAR value has been calculated for one particular model. At best a couple 
of models have been evaluated. The subject in the scanner may show different 
SAR behavior. Therefore, a safety factor is needed to ensure that the peak SAR 
that has been calculated is indeed the peak SAR for the entire patient population. 
Much better but more demanding is to perform simulations on a larger set of 
models. These may be used to assess safe power constraints for the entire patient 
population[31]. An alternative procedure for subject-specific SAR assessment 
based on B1

+ maps and deep learning has recently been presented and shows 
promising results but it is not yet used in practice to assess safe power constraints 
for multi-transmit imaging (ref). In addition to the inter-subject variability, also 
other sources of error may be included in the correction factor, e.g. to account for 
uncertainties in the directional coupler readout[28]. 

The presented methodology has been used to investigate the B1
+ efficiency, local 

SAR levels and SNR for the 2-channel birdcage body coil at 3T and 8-channel 
local transmit arrays at 3T, 7T, 10.5T and 14T. 
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The resulting B1
+ levels in the prostate as a function of field strength in figure 

9a show a remarkable pattern. The 3T body coil is not very efficient as expected 
while the local transmit array at 3T is outperforming all other cases. At 7T, the 
transmit efficiency has dropped considerably in comparison to 3T. This may be 
caused by the loss of near-field advantage. A more detailed explanation of this 
perspective is presented further down below. After this, the B1

+ efficiency does 
not change much. 

The resulting SAR efficiencies (B1
+ in prostate per square root local SAR) that 

are plotted in the same figure show a slightly better SAR efficiency for the local 
transmit array in comparison to the body coil at 3T. This is quite remarkable: 
the array with elements directly on the body has a more beneficial B1

+/peak local 
SAR ratio than the birdcage body coil. This is achieved by the extremely high 
efficiency of the local array in comparison to the birdcage coil. For all subsequent 
field strengths a gradual reduction in SAR efficiency is shown. 

Figure 9b shows the increase in the peak local SAR value when field strength 
is increased. Peak SAR levels show a clear increasing trend both normalized to 
power and normalized to B1

+. But both trends seem to be approached best by a 
linear relationship; not quadratic. This, in combination with the work presented 
by Winter et al [21], shows that the assumption that SAR increases quadratically 
with field strength has no foundation in this range of field strengths. In addition, 
the SAR99% is plotted, which is the SAR level that may be violated with a 1% 
probability if random phase settings are used. Also this value is increasing with 
a similar linear trend.

The peak local SAR value for a multi-transmit array depends on the phase settings 
in a rather unpredictable fashion. However, by calculating the peak local SAR 
for 100,000 random phase settings and plotting the pSAR values in a histogram, 
some patterns can be observed. Figure 8 is showing these histograms for the 
investigated field strengths. At 3T, 7T and 10.5T, the histograms show a gamma 
distribution as observed by Meliado et al [31]. However, at a field strength of 
14T, the behavior has changed: the distribution has a large tail towards the lower 
SAR values instead of the other way around with the gamma distribution. An 
explanation still requires further investigation.

Figure 9c shows the simulated intrinsic SNR for each field strength together with 
the B1

- per unit power. The SNR is by definition the signal in an MRI experiment 
divided by the noise. Based on the increased magnetization combined with the 
stronger induction voltage in the receive coil due to the higher frequency, the 
signal in an MRI experiment increases quadratically with field strength. The noise, 
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on the other hand, is thought to increase linearly with field strength (Haacke 
[36], par 15.8). Combined this would provide a linear increase in field strength if 
the sensitivity of the coil array remained constant. However, also the sensitivity 
of the receive array will depend on the operating frequency. And in addition, 
the noise depends on both the field strength and the coil array design while it 
does not linearly increase anymore for higher field strengths. The combination 
of this makes the B1

- per unit power decrease from 3T to 7T while it is stable for 
subsequent field strengths. As a result, the SNR as a function of field strength 
increases quadratically. This corroborates well with findings by others [21], [37].

The expected quadratic increase of SAR with field strength originates from the 
following line of thoughts: E-fields that are associated with B1-fields are generated 
by induction. The amplitude of the E-fields is therefore proportional to the time-
derivative of B1 as expressed by equation [20a]. 



E dB
dt

a~ [ ]1 20


E B b~ [ ]ω 1 20

SAR B c~ ~ [ ]ω 2
0
2 20

For time-harmonic signals, this translates into a proportionality with the 
frequency of the signals  [20b]. Since SAR is the square of the E-field amplitude, 
SAR is expected to increase quadratically with field strength [20c].  

However, from antenna theory it is known that antennas have a near-field and a 
far-field. In the far-field, the electric and magnetic field constitute a propagating 
wave. Propagating electromagnetic waves have a ratio of electric and magnetic 
field amplitudes (wave impedance) that is determined by the permeability µ and 
the permittivity ε of the medium in which the wave propagates. 

Z E
Hwave = =

µ
ε

[ ]21

In this regime, the electric field cannot be increasing linearly with the Larmor 
frequency because a particular amplitude of the B1 field in µT would correspond 
to a particular electric field amplitude in V/m regardless of the frequency (except 
for much more lenient frequency-dependence of the tissue properties). This does 
of course not apply to the near-field region. However, as previous studies have 
emphasized, dipole antennas as transmit elements in MRI should take care to 
avoid near-field exposure inside the tissue [11], [17]. Therefore some minimum 
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distance is recommended. As a result, the potentially quadratically increasing 
E-fields in the near-field play only a minor role in the resulting relationship of 
peak local SAR values with magnetic field strength. This may explain the linear 
rather than quadratic increase in local SAR values (figure 9b).

The near-field region is characterized by strong magnetic or electric fields that 
are related to the resonance of the coil. It is therefore in fact favorable to use the 
near-field of RF coils in MRI. However, the size of the near-field region around an 
antenna is related to the wavelength. This means that for higher field strengths 
(smaller wavelengths), the near-field may not extend until the imaging target. 
It is particularly in this regime where dipole antennas are beneficial for use as 
transmit array elements in MRI [38]. However, until this regime is entered much 
larger efficiencies can be reached. This may explain the larger transmit efficiency 
and receive sensitivity at 3T in comparison to 7T and higher field strengths 
(figure 9).

Conclusion
A detailed explanation on local SAR assessment for multi-transmit arrays has 
been presented. With these methods, the peak local SAR, B1

+ fields and SNR have 
been evaluated for prostate imaging at 3T, 7T, 10.5T and 14T using loop-dipole 
transceive arrays. At 3T, also a 2-channel birdcage body coil was included in 
the comparison. Results show that for these arrays the peak local SAR depends 
linearly on field strength. The simulated SNR for the investigated setups increases 
quadratically with field strength. 
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Abstract
Purpose

To improve imaging performance for body MRI with a local transmit array at 
10.5T, the geometry of a sinusoidal dipole antenna  is optimized to achieve lower 
peak SAR levels and a more uniform transmit profile. 

Methods

EM simulations on a phantom were used to evaluate the SAR and B1
+-performance 

of different dipole antenna geometries. The best performing antenna (the snake 
antenna) was simulated on human models in a 12 channel array configuration 
for safety assessment and for comparison to a previous antenna design. This 12 
channel array was constructed, after which EM simulations were validated by B1

+-
maps and temperature measurements. After obtaining approval by the FDA to 
scan with the snake antenna array, in vivo imaging was done on two volunteers. 

Results

Simulation results on a phantom indicate a lower SAR and a higher transmit 
efficiency for the snake antenna compared to the fractionated dipole array. These 
results are also found on a human model for the heart and the prostate, but not 
for the kidneys. When comparing the trade-off between uniformity and peak 
SAR, the snake antenna performs better for all imaging targets. Simulations and 
measurements are in good correspondence. 

Conclusion

By changing the geometry of a dipole antenna, peak SAR levels could be lowered 
while achieving a more uniform transmit field as shown in simulations on a 
phantom and a human model. A 12 channel array of snake antennas was built 
and was used for in vivo imaging of 2 volunteers. 
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Introduction
The development of ultra-high field MRI (UHF, B0  ≥ 7T)  has been driven by 
the promise of strongly increasing signal-to-noise ratio (SNR) with increasing 
B0-field strength [1]–[6]. Increased chemical shift separation and enhanced 
susceptibility contrast are additional benefits of UHF MRI. While the benefits 
have been primarily presented in the human head, applications below the head 
in the human torso have been demonstrated. Applications in body at UHF have 
paralleled key developments in the radiofrequency (RF) hardware [7]–[15]. Since 
the first preliminary results of body imaging at 7T [7], the preferred RF transmit 
coil design has moved from a traditional whole-body birdcage resonator used 
commonly at 3T to local transmit coil arrays driven by multiple RF amplifiers as 
part of a parallel transmit system where  multiple amplifiers are used  to drive 
up to 64 separate transmit elements which can be excited with individually 
controlled waveforms16–20.  A wide variety of different RF coil designs have been 
developed and tested for MRI. Resonant structures that are commonly used as 
transmit/receive elements include loop coils, strip-lines and dipole antennas. 
The use of the dipole antenna is becoming increasingly popular at UHF owing 
to the high penetration depth and the relatively uniform transmit field of these 
elements [8], [9], [12], [21]–[23].    

In 2014, the first whole-body 10.5 T human scanner was installed at the Center 
for Magnetic Resonance Research (CMRR) in Minneapolis, Minnesota. The first 
RF coil designed and approved for human studies on this system happened to be 
for body imaging and consisted of a  local transmit array based on fractionated 
dipole antennas has been presented by Ertürk et al [24]. With this body 
array at 10.5T, an increase in signal-to-noise ratio of more than two-fold was 
experimentally demonstrated in the center of a body-sized phantom compared to 
7.0 T. However, simulations on a human body model indicated that 10g averaged 
peak local specific absorption rate (SAR10g) for a given B1

+-excitation homogeneity 
and number of pulses was always higher at 10.5 T than at 7.0 T. Given that peak 
local SAR is already a limiting factor at 7.0 T, devising strategies to address the 
increasing peak local SAR at 10.5 T becomes a critical issue to solve. 

The geometry of a dipole antenna strongly influences the magnetic and electric 
fields that it emits [9], [22]. The peak SAR10g, the B1

+ per unit power  (transmit 
efficiency) and the B1

+ per unit peak SAR10g (SAR efficiency) all depend on dipole 
antenna geometry. Previously, a sinusoidal geometry, henceforth referred to as 
the snake antenna, has shown good overall characteristics in 7T body imaging 
[25]. In this work, we present the optimization of the snake antenna’s geometry  
to obtain maximum SAR efficiency for body imaging at 10.5 T. Results from the 
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RF array validation process and in vivo imaging at 10.5T are also demonstrated 
in human volunteers as part of a Food and Drug Administration (FDA) 
Investigational Device Exemption (IDE) safety study [26].

Methods
1. Antenna geometry optimization

Finite difference time-domain simulations (Sim4Life, Zurich Medtech, Zurich, 
Switzerland) were used to model two sinusoidally shaped dipole antennas on 
a phantom with tissue-like properties (σ = 0.37 S/m εr= 34). The geometry of the 
dipole antennas was varied by changing the number of periods, the width and 
the modulation.  

Figure 1: optimization setup containing two dipole antennas (center-to-center distance 6 cm), on a 
phantom with tissue mimicking dielectric properties (εr=0.34, σ=0.4 S/m). The number of periods, the width 
and the modulation of the snake dipole were varied. B1

+ was calculated in the 10*10*10 cm3 cubical ROI, 
centered at 10 cm depth. 

The length of the dipole antennas was kept equal to the length of the fractionated 
dipole antenna for 10.5T in all casesPhase shimming was applied on a cubic 
region of interest (ROI, 10 cm3) located at a depth of 10 cm in the phantom. The 
different antenna geometries were evaluated by calculating the 10g-averaged 
peak SAR and by assessing B1

+ in the ROI. The optimum antenna was selected 
based on the highest B1

+/√SAR10g
 in the ROI. 

2. Antenna array simulations

To determine safe limits of operation according to the IEC guidelines, EM-
simulations were done in Sim4Life to assess peak local SAR levels for the snake 
antenna array. A 12-channel snake antenna array was simulated on the human 
models Duke and Ella[27] for four different imaging targets (prostate (Duke), 
uterus (Ella), Heart and kidneys). Electric and magnetic fields were exported to 
Matlab (Mathworks, Natick, USA) and re-sampled to a 5 mm isotropic resolution 
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to keep SAR calculations tractable. A post-processing script was used to calculate 
10g averaged Q-matrices[28] and to calculate generalized virtual observation 
points[29], [30], (overestimation percentage 1%). Peak SAR values were calculated 
for all imaging targets. The worst-case SAR value out of all imaging targets was 
used to derive safe average power limits.

To compare the performance of the snake antenna array with a previous design[24] 
in a full array setup, two 12-channel setups were compared on the Duke model: 
a setup consisting of fractionated dipole antennas and a setup consisting of the 
snake antennas. Based on the simulated B1

+ fields and the virtual observation 
points, an optimal shim drive was calculated to maximize transmit efficiency 
(B1

+ per square root of Pin) and SAR efficiency (B1
+ per square root of peak local 

SAR) separately using a constrained minimization procedure (fmincon, Matlab, 
Mathworks, Natick, USA), with a maximum input power of 1W per channel. 
The optimization was performed for regions of interest in the prostate, heart and 
kidneys. Additionally, to investigate coil performance in terms of uniformity 
and peak local SAR for different shim settings, L-curves were calculated for the 
fractionated dipole array and the snake antenna array on all imaging targets for 
Duke. A multi shift conjugate gradient  (MSCG) algorithm was used to minimize 
the following least squares optimization problem: 

argmin( )
x

j
j jAx m x S x− + + ∑

2 2 2
λ η α

A is a matrix containing  B1
+ distributions for every channel, m is a vector 

containing the target B1
+ (1 µT over the shimming ROI), x is a vector of complex 

coil weights and Sj is a sparse matrix containing the virtual observation points for 
peak local SAR calculation. The minimization was done for different values of 
the regularization η, and could be done simultaneously for different values of λ. 
After finding an optimal value for η, L-curves are plotted for the different values 
of λ. 

3. Implementation of snake antenna array

An array of 12 snake antennas was built to conduct imaging studies. The dipole 
conductors were etched on a single-sided FR4 printed circuit board (EuroCircuits 
Gmbh, Kettenhausen, Germany). The dipoles were placed on 10-mm thick 
thermoplastic polyetherimide (ULTEM 1000 resin, Sabic Global, Pittsfield, MA) 
blocks. ULTEM block of 5 mm thickness were placed on top of the PCB to cover 
the conductors. The dipole antennas were tuned to resonance by two series 
capacitors (1 pF), matching was achieved by a lattice balun. All channels were 
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matched to -12 dB reflection or less. For a center-to-center distance of 6cm, inter-
element coupling was  lower than -13 dB.

4. Experimental safety assessment

All imaging experiments were done on a Siemens Magnetom whole-body 
10.5T system (Siemens Healthcare, Erlangen, Gemany). For validation of the 
simulations, B1

+-maps (actual flip angle method, TR 20/120 ms12) and Magnetic 
Resonance Thermometry maps (MRT, Proton-Resonance Frequency-shift 
method13, TR 7.5 ms, input voltage 120 V, duty cycle 6.67%, total heating time 
4*4:00 minutes) were acquired experimentally on the Siemens Magnetom 10.5T 
system. The experiments were performed with body size phantom filled with 
a Hydroxyethyl Cellulose (HEC) solution containing 2.97 g NaCl/L and 14 g 
HEC/L.  These measurements were first done for a single channel of both the 
snake and fractionated dipole antennas and then for the complete 12 channel 
arrays both of which were subsequently compared to simulations.

5. In vivo imaging

Subjects provided written signed consent to participate in an FDA and IRB 
approved IDE safety study primarily investigating effects of static field exposure 
(REF). The two subjects imaged with the snake antenna array included a 43 
year old female (89 kg, 180 cm, abdomen imaging) and a 41 year old male (86 
kg, 178 cm, prostate imaging). For the pelvis imaging experiments, anatomical 
scout images and B1-maps are shown (AFI-method, TR/TE = 70/3 ms, resolution 
2.73*2.73*8 mm3, FA 500) .These images are shown as well for the abdominal 
study, where additionally a high-resolution anatomical image of the kidneys is 
shown (Fat-saturated 2D GRE, TR/TE 200/3.69 ms 0.83*0.83*5 mm3, FA 180). All 
images were acquired during a breath-hold. 

Results
1. Antenna geometry optimization

Increasing the meander width or the number of meanders, which corresponds to 
an increase in total conductor length, generally decreases transmit efficiency, but 
also decreases SAR. The effects of modulating these parameters and their impact 
on transmit efficiency, SARmax and SAR efficiency are shown in Figure 2. 
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Figure 2: Resulting average B1
+ in the ROI, peak SAR10g in the phantom and SAR efficiency in the ROI. The 

effect of number of periods, width and modulation was optimized sequentially. Red dashed line indicates 
performance for the fractionated dipole array. 

When considering SAR efficiency, an optimum can be observed for a number of 5 
periods and a meander width of 40 mm. SAR efficiency improves 21% from 0.165 
µT/√W/kg for a straight dipole to 0.2 µT/√W/kg for the optimal snake antenna 
design. Modulation of the antenna geometry in general has a less pronounced 
effect, SAR efficiency ranges between 0.206 and 0.192 µT/√W/kg, where a linear 
modulation of 0.1 results in the highest SAR efficiency. Figure 3 shows the current 
distribution together with the resulting SAR distributions for a single channel on 
a straight dipole as compared to the snake antenna. Modifying the conductor 
geometry removes the high current in the center of the dipole antenna. Because 
of the long conductor length, the first order resonant mode is removed. The effect 
is a significantly lower SAR for the snake antenna compared to a straight dipole.
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Figure 3: surface current distribution on a fractionated dipole antenna and on the new design of the snake 

antenna. The low current at the feed-point location of the snake antenna results in a lower peak SAR value. 

2. Antenna array  simulations - safety

For all shim targets, a worst-case SAR value of 0.5 W/kg is found (Ella, Heart) 
using 1W input power, uniformly divided over all channels. Based on an allowed 
peak SAR level of 20 W/kg, a per channel average power of 3.3 W/channel would 
be allowed. 

2. Antenna array  simulations – performance

A constrained minimization procedure (fmincon, Matlab, Mathworks, Natick 
USA) was used to to maximize the average B1

+ in the shim target, while minimizing 
the input power or the peak local SAR as calculated from the VOPs. The same 
procedure was done for the previously designed fractionated dipole array[31]. 
The calculated field distributions are shown in figure 4.
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Figure 4: simulated field distributions in Duke for a 12 channel fractionated dipole array. B1

+ was maximized 

in the imaging target, while maintaining a low as possible peak SAR10g value.  

For the prostate and the heart, the transmit efficiency increases moderately 
(+7% increase for the snake antenna array compared to the fractionated dipole 
array) while it decreases for the kidneys (-15%). The SAR efficiency is equal for 
prostate imaging, while for cardiac imaging the snake antenna array has a higher 
SAR efficiency (+11%) and for kidney imaging the snake antenna array has a 
lower efficiency (-15%). SNR decreases for all imaging targets [9], [22](-2.5%-
1% and -11% for prostate, heart and kidneys) for the snake antenna array. The 
optimization values found in all shim targets are shown in table 1. 

Shimtarget Setup Transmit Efficiency 
[μT/√W]

SAR efficiency 
[μT/√(W/kg)]

SNR [μT/√W]

Prostate Snake Antenna Array 0.47 (+7%) 0.49 (+0%) 0.4  (-2.5%)

Fractionated Dipole Array 0.44 0.49 0.41 

Heart Snake Antenna Array 0.44  (+7%) 0.21 (+11%) 0.7  (-2.5%)

Fractionated Dipole Array 0.41 0.19 0.71 

Kidneys Snake Antenna Array 0.29 (-10%) 0.47 (-15%) 0.61 (-11%)

Fractionated Dipole Array 0.32 0.54 0.68

Table 1: simulated transmit efficiency, SAR efficiency and SNR in three imaging targets: the prostate, the 

heart and the kidneys for the snake antenna and the fractionated dipole array. 

Trade-off curves between RMSE and peak local SAR indicate that for all imaging 
targets in this comparison, lower RMSE values can be achieved with the snake 
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antenna array compared to the fractionated dipole array. For comparable RMSE 
values, lower peak SAR values are achieved with the snake antennas. Results of 
RMSE versus peak local SAR are plotted for the prostate, heart and kidneys of 
Duke in figure 5. 

Figure 5: peak local SAR and root mean square excitation error (target B1
+ 0.5 μT) showing the trade-off 

between uniformity and peak SAR for both arrays. For both the heart and the kidneys, lower RMSE-values as 
well as lower peak SAR values can be achieved with the snake antenna array. 

3. Experimental safety assessment

Simulated B1
+-profiles were compared to measurements for a single channel of 

the snake antenna and the fractionated dipole antenna. Results of this comparison 
are shown in figure 6.

Figure 6: measured (top) and simulated (bottom) transmit efficiency in a sagittal slice through the center of 

a single snake antenna (left) and a single fractionated dipole antenna (right).
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The snake antenna has a slightly lower transmit efficiency, especially in the 
center of the antenna. The simulated and measured transmit efficiency show the 
same patterns and magnitude. The same comparison was done for temperature 
measurements (MR thermometry) and thermal simulations, which is shown in 
figure 7.

 

Figure 7: measured (top) and simulated (bottom) temperature rise in a sagittal slice through the center 
of a single snake antenna (left) and a single fractionated dipole antenna (right). RF heating was applied 
for a total heating interval of 12 minutes, using a time averaged input power of 20 W. The snake antenna 
reaches a lower temperature (2.6 ⁰C versus 3.4 ⁰C for the fractionated dipole). Simulated and measured 
temperature rise correspond very well in terms of field pattern and peak temperature (max deviation for the 
snake antenna, 2.6 ⁰C measured versus 2.3 ⁰C simulated).
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4. In vivo imaging results

After validating the simulation results with measurements and obtaining IRB 
and FDA approval, two volunteers were scanned using the snake antenna array. 
The results are shown in figure 8. 

Figure 8: in vivo image of the pelvis (top row) and abdomen (bottom  row). B1-maps (a and c) were acquired 
for both anatomies using the AFI method, as well as scout images (b and). For the kidneys, a fat suppressed 
coronal image is shown (e). 

8a shows a B1-map on the prostate. The coefficient of variation (CoV, standard 
deviation divided by average of B1

+) was calculated in the prostate. A CoV of 11% 
was achieved, indicating that a uniform flip angle can be achieve throughout 
the prostate. This is reflected in the uniformity of the scout image. For kidney 
imaging, a lower and less uniform B1

+ is obtained in the kidneys (CoV 40%). 
This can be observed in the transverse scout image, where a non-uniform image 
intensity is visible in the kidneys. However, in the coronal anatomical image, 
signal intensity remains more uniform throughout the kidneys.

Discussion 
This work demonstrates a comprehensive method for optimizing the transmit 
coil geometry based on a two port simulation on a phantom. The optimization 
results indicate that dipole antennas with a longer total conductor length 
(increased number of periods or increased width) have a lower SAR but also a 
lower transmit efficiency. Similar results were obtained in earlier work for straight 
dipole antenna with increased length.  An optimum is found for an antenna with 
5 periods, a conductor width of 40 mm and a modulation of 0.1.  When comparing 
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the field distribution of a single snake antenna with a fractionated dipole 
antenna, it is observed that SAR is lower and B1

+ is more evenly distributed in the 
z-direction. Close to the surface of the antenna, two peaks appear in the electric 
and magnetic fields, which indicate that a second order mode exists on the dipole 
antenna. This second order mode has a low current at the feed-port, resulting in 
a lower SAR for the snake antenna compared to a fractionated dipole. Transmit 
efficiency is also lower for the snake antenna, but especially for deeply situated 
imaging targets this effect is small. Therefore a known desirable characteristic of 
the dipole antenna (i.e. a more uniform transmit profile with depth[13], [22]) is 
accentuated with the snake antenna design. 

The optimization results in improvements in SAR efficiency of 20% for the snake 
antenna as compared to a straight dipole. Compared to the fractionated dipole 
design in which only the inductance of the meander structure is optimized, SAR 
efficiency improves 10% for the snake antenna. For a full antenna array on human 
model Duke, the snake antenna improves transmit efficiency with 7% for the 
heart and the prostate. For the heart, SAR efficiency improves by 10%, while for 
the prostate the SAR efficiency remains equal. Coil performance is worse when 
imaging the kidneys, which are located more closely to the surface of the subject. 
However, the trade-off between uniformity (RMSE) and peak local SAR is better 
for the snake antenna array, as indicated by the L-curves in figure 5.

Other methods for decreasing SAR of dipole antennas have been reported by 
different groups, for example using a passive feed-point mechanism to lower SAR 
of the fractionated dipole antenna[32], increasing the subject-antenna distance[33], 
increasing the distance between the feed-point and the subject[34] or integrating 
materials with different dielectric properties in the dipole substrate[35]. 
Completely different antenna geometries with equivalent current distributions 
such as a slot antenna[36] or a dual-mode dipole antenna[37] can also be used to 
lower SAR.. A comparison study of these methods at different field strengths in the 
same simulation setup, or a combination of the methods could also be explored.  
The method that is used to find an optimal dipole antenna geometry is this work 
uses only two channels and a phantom, which deviates from the configuration 
in which the antennas are used (12 channels on a human subject). The results 
of this simple optimization procedure are partially confirmed in the full array 
configuration. The SAR efficiency of the snake antenna array is higher in the 
prostate and heart compared to the fractionated dipole antenna array, but also 
shows a higher transmit efficiency which is not seen in the optimization. Recent 
studies have considered dipole inductance, length[38] and topology[39] in a 
full array setup on respectively a phantom and a head model. Improvements 
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in performance can be expected when optimizing the snake antenna using such 
a method, but this will be very time intensive. The introduction of faster EM 
simulation methods[40] could resolve this problem, by enabling the possibility 
to quickly calculate the efficiency of many more antenna configuration and 
converge to an optimal design. 

Conclusion
The conductor geometry of a sinusoidal dipole antenna was optimized for a two 
channel setup on a pelvis phantom at 10.5T. SAR efficiency was improved by 
20% compared to two straight dipole antennas, and by 11% compared to two 
fractionated dipole antennas. In a 12 channel array on human model Duke, 
the snake antenna shows improved transmit efficiency (+7%) for the heart and 
the prostate and improved SAR efficiency in the heart (+11%) compared to the 
fractionated dipole array. For imaging of the kidneys, which are located closer 
to the surface of the body, the fractionated dipole showed a better performance. 
Simulations were validated by comparison to  B1

+ maps and temperature maps 
acquired with the PRFS method. A 12 channel array of snake antennas was built 
and was used for abdominal imaging at 10.5T
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Appendix A: supplementary material

 
S1: Worst-case SAR distributions on Duke. 
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S2: Worst-case SAR distributions in Ella. 
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Abstract
Purpose

To decrease peak local SAR levels for ultra-high field body imaging, massively 
parallel transmit array configurations using up to 32 transmit receive channels 
were evaluated. 

Methods

Simulations were used to evaluate the best possible coil performance in the pelvis 
of human model Duke. An EM FDTD solver was used to simulate 6 different 
coil array configurations with up to 32 transmit channels, which were compared 
and benchmarked against the ultimate possible coil performance. A 32 channel 
RF amplifier system was implemented as an add-on to a commercial 7T system. 
Three coil configurations from the simulation comparison were compared 
experimentally using the new amplifier system. 

Results

Out of all coil arrays, coil array V (8 dipoles+24 loops) performs best, achieving 
98% of the ultimate SAR efficiency, 63% of the ultimate transmit efficiency and 
59% of the ultimate SNR. L-curves indicate that massively parallel transmit coils 
that combine loops and dipoles can be used to achieve more uniform flip angles 
at lower SAR values compared to our current 8 channel dipole array. Worst-case 
SAR values of 0.39 W/kg, 0.58 W/kg and 0.59 W/kg were found for array I (8 
dipoles), IV (8 dipoles+16 loops), and V (8 dipoles+24 loops). Preliminary in vivo 
data was acquired with array IV. 

Conclusion

For the first time, the ultimate possible coil performance is calculated for a human 
model for prostate imaging. With an array of 8 dipoles and 24 loop coils (array 
V), the ultimate possible coil performance can be most closely approximated. 
Massively parallel transmit coils that combine loops and dipoles can be used to 
achieve more uniform flip angles at lower peak SAR values , showing up to a 
two-fold improved efficiency compared to our current 8 channel coil array. 
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Introduction
Prostate imaging at 7T provides an intrinsic SNR increase of more than two-fold 
compared to 3T [1], [2]. The increased SNR can be used to acquire images at a 
higher spatial resolution or with increased acceleration factors.  Since at 7T local 
body arrays are used instead of a volume birdcage coil, local SAR limits need to 
be considered for subject safety [3]. For sequences that require high flip angles 
like TSE sequences or adiabatic pulses, local SAR limits typically are the limiting 
factor for achievable repetition time or maximum flip angle.

At 7T, the type of local coil array that is used has a strong impact on the achievable 
SNR but also on peak local SAR levels. Dipole antennas have a more uniform 
transmit and receive field than loop coils and have a slightly better performance 
in deeply situated imaging targets [4]. For dipole antennas, the length of the 
conductor, the geometry and the electrical properties of the substrate all have 
effects on both local SAR and SNR [5]–[8]. Several strategies have been employed 
to further reduce local SAR levels for dipole antennas: increasing the antenna-
subject distance [9], using a strongly meandering dipole [10], moving the feed-
point further away from the dipole [11] or using a passive feed mechanism [12]. 
Combining different coil elements in an array can also be used as a mechanism to 
increase SNR in receive arrays [13] or to reduce local SAR in transmit mode [14]. 
Other type of coil elements have been developed such as transverse slot antennas 
[15],  a dual-mode dipole antenna [16], strip-line arrays [17], [18] or multi-channel 
volume coils [19]. Although some coil arrays clearly outperform some others, no 
consensus exists over which coil is optimal for prostate imaging at 7T. 

The work of Ocali and Atalar [20] introduced the ultimate intrinsic SNR (uiSNR), 
which is the highest theoretically possible SNR given a certain field strength and 
sample geometry. In an effort to optimize coil design from a more theoretical 
point of view, Lattanzi et al [21]. related the uiSNR to ultimate current patterns 
on a surface around the sample, thus providing more insight in what the optimal 
receive coil should look like. Lattanzi specifically studied the contribution of loop-
and dipole-type elements to the uiSNR [22]. Until recently, all the simulation 
work on uiSNR was done on uniform phantoms. However, Guerin et al. recently 
developed a methodology to calculate uiSNR on a realistic model of the head [23]. 
The methodology of Guerin was shared online, and was be used to calculate a full 
electromagnetic basis given any sample geometry. The full electromagnetic basis 
is a set of vectors which converge to approximate any possible field distribution 
in the sample. Given the full electromagnetic basis, the ultimate possible SNR 
but also other efficiency metrics such as transmit efficiency and B1

+ normalized to 
peak local SAR (SAR efficiency) can be calculated. 
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The first aim of this study was to calculate the ultimate theoretically possible coil 
performance for prostate imaging at 7T, using a realistic model of the pelvis of 
human model Duke of the virtual family [24]. In addition, a simulation study 
was done to compare different realistic coil arrays with an increasing number 
of transmit and receive channels to the ultimate possible coil performance. It is 
expected that using an increased number of transmit channels can be used to 
lower local peak SAR levels by distributing the deposited power over a larger 
area. 

The second aim of this study is to demonstrate the integration of a 32 channel 
amplifier systems as an add-on to our current 7T system. Three coil array designs 
from the simulation comparison were built for experimental comparison. In 
vivo prostate images were acquired using a 24 channel coil array and the new 
amplifier system. 

Methods
1. Simulations – ultimate intrinsic coil performance for 7T prostate 
imaging 

To enable calculation of ultimate possible coil performance for 7T prostate 
imaging, a ‘full basis’ needs to be calculated: a set of electric and magnetic field 
‘basis vectors’ that can be used to approximate any electromagnetic field in 
a given sample. Recently, Guerin et al. used a new method to calculate a full 
basis in a realistic human models. This method is based on Huygens’s principle, 
which states that any electromagnetic (EM) field inside a closed volume can be 
generated by a current distribution flowing on the surface defining that volume 
[25].

Figure 1: figure adopted from Guerin et al., showing the method for generating a full basis on a dielectric 
model of the head. A single basis vector consists of the fields generated by a random combination of dipoles 
positioned in a cloud around the model. The volume integral equation method is used to calculate the total 
fields in the head model resulting from the dipole excitation. 
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EM-fields inside the dielectric model are described by small dipole antennas located 
at the edges of every surface voxel.  Three electric and three magnetic dipoles are 
located at every edge (dipoles for the +x, +y and +z direction). These dipoles are 
excited in a random fashion, after which a volume integral equation solver [26] is 
used to calculate the total EM-field in the model. The total electromagnetic field 
generated by the randomly exited dipoles together is referred to as a single basis 
vector. By choosing many basis vectors, or many different random combinations 
of dipole excitations, a full basis can be generated with a relatively small amount 
of basis vectors (several thousands of basis vectors can be used to express fields 
generated by more than a hundred thousand dipoles). This method is used to 
calculate a full basis of E- and H-fields in a cropped section of the human pelvis 
(Duke, 5x5x5 mm3, 30x40x30 cm3, using 3000 basis vectors.

After the full basis set was generated, we aimed to calculate the ultimate possible 
coil performance for prostate imaging by calculating three metrics: the uiSNR, 
but also the ultimate intrinsic transmit efficiency (uiTXE [27]) and SAR efficiency. 

To calculate the uiSNR, a root-sum-of-squares combination of the receive fields 
Br, vector of size Nvectors) and the noise covariance Ψ is done (size NvectorsxNvectors): 

SNR B Bui r
H

r= −Ψ 1 1[ ]

To check that sufficient basis vectors were included, SNR was calculated for an 
increasing number of basis vectors and convergence was verified. 

To find the uiTXE values, the basis vectors need to be combined using optimal 
complex weighing coefficients (the weighing coefficients are referred to as the 
shim vector). A shim vector was calculated that maximizes transmit efficiency in 
an ROI in the prostate [27]. Considering a vector containing the transmit field Bt

 

for every basis vector, a matrix  contains the B1
+ squared for every basis vector, 

averaged over all Nvoxels in the ROI. The optimal shim vector for optimization of 
transmit efficiency are found by finding the eigenvector  corresponding to the 
maximum eigenvalue of the generalized eigenvalue problem: 

Γ Ψw w= λ [ ]2

After finding the optimal shim vector, the full basis fields are combined and the 
uiTXE [27] is calculated in an ROI in the prostate as B1

+
roi/√Pdep, where P is the 

power deposited in the sample, which is calculated as:
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P x Qx Q dV r E r E rdep
H

i

N

i i i
Hvoxels

= = ( ) ( ) ( )
=
∑, [ ]
1

3σ

Using the same shim vector, we calculate also the SAR efficiency in the prostate, 
which is defined as B1

+
roi/√pSAR10g, where pSAR10g is the 10g averaged peak local 

SAR value. Using this shim vector does not guarantee that the highest possible 
SAR efficiency is found, but the total power deposition in the sample is minimized 
which reduces the risk for local SAR.    

2. Simulations – comparison of different coil array configurations

EM FDTD simulations were done in Sim4Life (Zurich MedTech, Zurich, 
Switzerland) to calculate electric and magnetic fields for 6 different coil 
configurations composed of different combinations of loop coils and dipole 
antennas. The number of transmit elements was varied between 8 and 32 
channels, while the total length of the coil setups never exceeded 35 cm. All 
transmit elements were tuned to resonance using tuning methods available in 
Sim4Life. Figure 2 shows an overview of all investigated coil array designs.

Figure 2: Sim4life visualization of Tx/Rx arrays on human model Duke. Six different combinations of loop 

and dipole elements with up to 32 Tx channels are considered in this work.

All fields were normalized to input power and electric and magnetic fields 
were extracted using a python script in the Sim4Life environment. Exported 
field distributions were regridded to a 5mm3 isotropic resolution to keep SAR 
calculations feasible. Electric fields were used to calculate Q-matrices for SAR 
calculation. The averaging method of Carluccio et al. was used for 10g averaging 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 159PDF page: 159PDF page: 159PDF page: 159

159

32 channel Tx/Rx coil

   9

of the Q-matrix entries. An accelerated [28] method for calculation of general 
virtual observation points (VOPs)  was used to compress the Q-matrices into 
VOPs for rapid SAR calculation [29], [30]. 

After processing the simulation results, the same optimization methods as in 
section 1 were used to calculate intrinsic SNR, intrinsic transmit efficiency and 
SAR efficiency for the different coil arrays. Optimization results were compared 
against the ultimate intrinsic SNR, transmit efficiency and SAR efficiency.  

To assess the coil performance in terms of uniformity and peak local SAR for 
different shim settings, an additional optimization routine was done for all 
Sim4Life coil configurations to generate tradeoff curves (L-curves) between root 
mean square excitation error (RMSE), peak local SAR and total input power. A 
cubical 10 cm3 ROI was chosen in the center of the pelvis. Based on the method of 
Sbrizzi et al. [31], a multi shift conjugate gradient algorithm was used to minimize 
the following least squares problem in this ROI:

argmin( ) [ ]
x t

j
j jB x m x V x− + + ∑

2 2 2
4λ η α

 

Here Bt is a matrix containing the B1
+ distributions in the ROI for every channel, 

m is a vector containing the target B1
+ (1 µT over the whole ROI), x is a vector 

of complex coil weights and Vj is a sparse matrix containing all the virtual 
observation points. The values λ and η are regularization terms which are 
varied in the optimization routine. The multishift conjugate gradient algorithm 
enables to do the minimization in one run for many different values of λ. This 
procedure was repeated for different values of η and after finding an optimal 
value for η, L-curves were plotted for the different values of λ. The available 
virtual observation points were used to calculate peak local SAR values. Virtual 
observation points could not be calculated for the full basis set, because the 
number of vectors in the set (3000, compared to max 32 for the coil arrays) was 
too large to calculate virtual observation points within a feasible time. Because 
of the unavailability of virtual observation points, local SAR calculations for a 
large number of drive vectors was also not possible within an acceptable time. 
Therefore the L-curve analysis was done only for the realistic coil arrays. 

3. Simulations – safety 

For array configurations I, IV and V, which are available for scanning, VOPs 
were used to calculate peak SAR for 10.000 random RF shims with 1W total 
deposited  power and equal input power to all channels. All resulting SAR 
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values were plotted in a histogram, on which a gamma distribution was fitted. A 
peak SAR value was determined that would not be exceeded for 99.9% of all RF 
shims following the fitted gamma distribution [32]. This pSAR99

 is considered as 
the worst-case possible SAR value given maximum average input power to all 
channels. Based on the pSAR99 value, a safe per channel average power limit is 
determined. 

4. Amplifier system

A 32*1 kW amplifier system (Analogic, Peabody, MA, United States) was 
installed as an add-on to the Philips Achieva 7T system (Philips Healthcare, Best, 
The Netherlands). Figure 3 shows a schematic overview of the amplifier system.

Figure 3:  overview of the 32 channel RF amplifier system. 4a. schematic figure detailing the integration of 
the amplifier as an add-on to the Philips 7T Achieva system. 4b. 32 channel amplifier, connected with low 
loss coaxial cables to the patch panel (4c.) on the Faraday cage. 

Blanking and RF waveforms were obtained from the amplifier and exciter board 
of the 1st channel on the Philips multi-transmit system. The RF waveform was 
fed into a 1 to 16 channel power-splitter (Mini-Circuits, Brooklyn, NY, United 
States),  connected to 2 custom-built 16 channel I/O vector modulators that 
were used to control amplitude and phase of each amplifier output. The vector 
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modulators were controlled through a TeraTerm (Tera Term Project, Japan) 
interface on a host computer which was connected to the vector modulators 
with a COM-cable. Reaction time of the vector modulator to a trigger event 
was < 25 µs, with a minimum time of 100 µs between two triggers . The RF 
amplifiers were connected to the scanner system using 32 low-loss coaxial 
cables (8m cables, 0.3 dB losses, Sureflex Assembly, Mexico), going into two 
custom-built transmit/receive-switches (maximum insertion losses 0.53 dB, 
WaveTronica B.V., Utrecht the Netherlands). Peak power of the 32 amplifiers 
was monitored using dedicated monitoring software on a PC connected to 
every subset of 8 amplifiers. Additionally, safety monitoring was done using 
SAR predictions from the Philips system, which ensures before the sequence 
that the per channel average power limit is not exceeded. Figure 4 shows an 
image of the amplifier system. 

Figure 4: Complete amplifier system with specified subcomponents. 24 out of 32 amplifiers were operational 

at the moment of writing, 8 cables were not connected to the system for this reason. 
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5. Coil array implementation

Two arrays from the simulation comparison where prepared for testing on the 
32 channel amplifiers system. Firstly, the coil array with 8 dipoles and 16 loops, 
which was available from earlier studies [33] was used. The best performing 
array, which combined 8 dipoles with 24 loops was constructed specifically 
for this study. Three loop coils (12 cm length, 8 cm width) were printed on an 
FR4 substrate (Eurocircuits N.V., Mechelen, Belgium ), the adjacent loop coils 
overlapped 1.7 cm in the z-direction. The loops were tuned with eight 10 pF 
capacitors (American Technical Ceramics Corp, Huntington Station, United 
States) and matched with a 25 to 50 Ω lattice balun. The loops were placed on a 20 
mm thick substrate (10 mm polycarbonate and 10 mm foam) to maintain distance 
between the subject and the loops coils. On top of the loops coils, a 4 mm thick 
layer of polycarbonate was placed on which the dipole antenna was positioned. 
The dipole antenna was tuned by two 18 pF series capacitors and matched using 
a 25 to 50 Ω lattice balun.  For experiments on subjects, the transmit elements 
were placed in a leather holder which could be fixated around the pelvis of the 
subject. 

7. In vivo imaging

After obtaining local IRB approval and informed consent, a 39-year old 
subject (m, BMI 25) was scanned using the coil array with 8 loops and 16 
dipoles. B1

+-maps (AFI-method [34]) were acquired with the full array 
using the and with both the loops and the dipole antennas separately.  
 
Results
1. Simulations – ultimate intrinsic coil performance for 7T prostate 
imaging 

Figure 5 shows the simulation results using the full basis set on the pelvis of 
dielectric model Duke. For an increasing number of basis vectors, convergence 
in the different voxels (surface, intermediate and central) increases. Convergence 
is slowest for the voxels near the surface, similar to results shown by Guerin et 
al [23]. For the input vector that maximizes transmit efficiency in the prostate, a 
SAR efficiency of 0.92 µT/√W/kg is found, with a peak local SAR10g of 1.19 W/kg. 
The ultimate intrinsic SNR is 1.11  µT/√W.
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Figure 5: results of full basis calculations for a human model of the pelvis. 1a. shows convergence of SNR as 
a function of the number of basis vectors, in three different voxels (black dots) Reference value 0 dB = 1T. 
1b. shows the optimized SAR, B1/√SAR and the ultimate intrinsic SNR in a slice through the prostate. The 
peak SAR10g-value in the prostate, and the average B1/SAR and SNR in the prostate are displayed above the 
distributions.  

2. Simulations – comparison of different coil array configurations 

Simulation results on the prostate indicate  that increasing the total number of 
transmit and receive channels improves imaging performance. Figure 6 shows 
the SAR efficiency, transmit efficiency and SNR for the different coil arrays as 
simulated in Sim4life, expressed as a percentage of the ultimate intrinsic SNR.

Figure 6: summarized results of Tx/Rx array comparison. SAR efficiency, transmit efficiency and SNR with 

respect to the ultimate performance, expressed in %.

The array with 8 dipole antennas and 24 loops (array V) performs best on all 
metrics. The SAR efficiency that is found for this array closely approaches the 
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SAR efficiency for the full basis (98%). However, only 62% of the ultimate transmit 
efficiency and 59% of the ultimate SNR is achieved with the best performing 
array.  Our current array (array I) is outperformed two-fold on all metrics by 
array V.  Array IV performs second best, closely followed by arrays II and III. 

Figure 7 shows the tradeoff between peak local SAR and RMSE for the different 
coil arrays plotted as ‘L-curves’. RMSE values were calculated on a relatively large 
ROI (10 cm3) in the center of the pelvis. In generable, it is desirable to achieve low 
RMSE values and low peak SAR values which would result in values as close as 
possible to the origin of the graph. The lowest RMSE can be achieved with array 
V (8D+24L), which corresponds to the analysis on the prostate where array V 
also performs the best. However, array IV also performs very well, showing the 
lowest peak SAR values for a given RMSE.  In general, lower RMSE values can 
be achieved with arrays that combine loops and dipoles (IV-VI), and with arrays 
with higher numbers of transmit channels. Results for input power are in general 
comparable to the results for peak local SAR, except for array III, which has a 
significantly lower power efficiency compared to the other arrays. 

Figure 7: L-curves showing trade-off between root-mean-square excitation error and peak local SAR or total 

input power. 
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3. Simulations – safety 

Figure 8 shows a histogram of peak local SAR values for 3 arrays that are available 
for scanning at our site (array I, IV and V).

Figure 8: histogram of peak SAR10g values given RF shimming with random input phase for the 8 channel and 
32 channel array. The power deposited in the sample was 1W in total, equally distributed over all channels.  

The average peak SAR is slightly higher for array I, which has 8 channels. However, 
pSAR99 values are higher for array IV (0.59 W/kg) and V (0.58 W/kg) versus array 
I (0.39 W/kg). All SAR values are normalized to 1W total deposited power.  For 
safety considerations, an average power limit of 20/(0.59*24)=1.4 W/channel 
would be allowed in first level controlled mode. An additional conservative 
safety factor of 2 was applied to account for inter-subject variability[32] and other 
sources of inaccuracy, leading to a per channel power limit of 0.7 W/channel for 
array IV which was used for in vivo experiments. 
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7. In vivo imaging

In vivo imaging was done using array configuration IV. B1
+ maps are shown in figure 

9. The contributions of the loop and dipole elements were considered separately. 
Consistent with results for SNR, combining the loops and dipoles improves the 
achievable B1

+ to 9 µT, compared to 4 µT for the 8 dipoles and 5 µT for the 16 loops.   

 
Figure 9: flip angle maps (AFI-method) acquired with 24 out of 32 transmit channels. Array configuration IV 

was used. Flip angle maps were compared for a situation with 8 dipoles, 16 loops and 8 loops+16 dipoles. 

Discussion
The ultimate intrinsic transmit efficiency and SNR was calculated for the first time 
in a realistic human model of the pelvis.. For simulated coil arrays with a limited 
number of channels (up to 32 in this study for example), local SAR efficiency 
in a certain ROI can be maximized by extracting virtual observation points and 
running a numerical minimization procedure to find the highest possible B1

+ in the 
ROI given a peak local SAR level of 1 W/kg. However, since the full basis consists 
of 3000 basis vectors, extraction of virtual observation points is not feasible. A 
closed form minimization such as is used to calculate ultimate intrinsic transmit 
efficiency is not possible for local SAR, it would require solving this minimization 
problem for all voxels simultaneously. Recently, a method has been suggested to 
calculate ultimate intrinsic SAR efficiency in an ROI [35], however this method 
does to our knowledge not guarantee that a global maximum is found for the SAR 
efficiency. An alternative method would be to calculate the lowest possible SAR 
for every voxel given a certain excitation profile, to calculate ultimate intrinsic 
SAR [36]. However, this will lead to excitation profiles where SAR is very low for 
one voxel but not for all voxels. As an alternative, we evaluated the RF shim that 
minimizes the power deposited in the sample, for the full basis set and for the 
realistic coil arrays. 

The SAR efficiency that is found for the best performing realistic coil array is 
very close to the SAR efficiency for the full basis (98%). This could be the result 
of the RF shim drive that was chosen to calculate SAR efficiency for the full 
basis, which does not guarantee a global maximum is found. Ultimate intrinsic 
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transmit efficiency (62%) and SNR (59%) are lower for the best performing array. 
A previous study by Lattanzi et al. demonstrated that for the central voxel of a 
cylindrical phantom, approximately 80% of the ultimate SNR could be obtained 
using an array of 16 dipole antennas [37]. An array with 8 loops and 8 dipoles 
performed comparably but had a slightly lower central SNR. In the study by 
Lattanzi et al., the 16 dipole array performed best. However, array which combine 
dipoles and a high number of loops (such as array IV and V) were not included 
in this study. Differences between the sample geometry (a cylinder versus a 
pelvis model) could explain why the realistic coil arrays do not achieve 80% of 
the uiSNR. 

The benefits of increasing the number of channels becomes even more evident 
when the trade-off between uniformity and peak local SAR is considered (figure 
3). Increasing the number of transmit channels, and using a combination of loops 
and dipoles is beneficial for array performance in terms of uniformity and peak 
local SAR. Previous research has demonstrated that the electric fields of loops 
and dipoles can cancel out while maintaining constructive interference of the B1

+ 

[38]. Other work has shown that distributing coil elements in the z-direction is 
beneficial for array performance [39], which could indicate why the arrays with 
more loop elements perform increasingly well. 

One of the main motivators to increase the parallel transmit capacity of our 
system was the reduction of peak local SAR. The results in figure 2 and 3 indicate 
that when a proper RF shim is chosen, B1

+/√pSAR  is two-fold higher with a 32 
channel coil array than with our current 8 channel coil for the same B1

+ value. 
However, a comparison of peak local SAR values for random RF shim vectors 
indicates that average peak local SAR values are not much lower for the 32 
channel arrays and that worst-case SAR values are actually higher than for our 
current 8 channel coil. A comparison of the results in figures 2-4 indicates that 
the improvement in coil performance mainly comes from an improved transmit 
efficiency and improved control over the RF transmit field.   The benefits of 32 
channel transmit configurations can only be achieved if power limits are based 
on the actual predicted SAR level for that drive setting. If power limits are based 
on a worst-case SAR level, increasing the number of channels will not provide 
a benefit. Multiple strategies are available to evaluate local peak SAR, the most 
promising approach to use will be to use a deep-learning algorithm to estimate 
peak SAR based on B1-maps [40]. 

Other research sites have been working towards 7T systems with massively 
parallel transmit capabilities. Researchers from the Center of Magnetic Resonance 
Research in Minneapolis have simulated a coil array similar to array V, which 
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combines 8 dipoles with 24 loops. With this coil, they demonstrated improved 
performance compared to a 16 channel coil [41]. Researchers from the University 
of Duisburg-Essen have developed a 32 channel transmit system add-on [42], [43] 
which was used with a 32 channel remote coil arrays placed behind the covers 
of the magnet. This coil array was used to do full body imaging at 7T. A remote 
transmit array provides the benefit of a more clinical workflow. However, peak 
B1 that is remoted for remote transmit arrays is lower which is a limiting factor 
for 7T body imaging. 

Currently available massively parallel multi-transmit systems are in an 
experimental stage and have required large investments both in terms of research 
effort and resources. However, the performance gains (over two-fold improved 
efficiency compared to current setup) are so large that it is worthwhile to continue 
research on this topic. An important issue is the complexity of the workflow 
introduced by having 32 amplifiers. Solutions were a smaller number of amplifiers 
is used to drive massively parallel transmit coils (mode compression) could be 
used to simplify the workflow but this needs more practical demonstration. 
Finally, more advanced pTx methods [44] such as spokes pulses, SPINS pulses 
or kT-points have been shown advantageous for massively parallel transmit coils 
[41]. The availability of these methods will enable the true potential of massively 
parallel transmit MRI. However, for our current amplifier system dynamic pTx 
methods are not available as the minimum delay time (100 µs between trigger 
events) of the vector modulator that is currently used is not sufficiently short. 
Further improvement in the performance of our current system and coil will be 
expected when dynamic pTx becomes available. 

Conclusion
A full basis was calculated for a realistic model of the human pelvis, which enabled 
calculation of ultimately achievable coil performance for prostate imaging. 6 
different array configurations were simulated in Sim4Life and compared against 
the ultimate possible coil performance. Array V (8 dipoles+24 loops) was the best 
performing array for prostate imaging, both in transmit and receive mode. When 
considering the trade-off between excitation error and peak SAR in a large ROI 
centered on the pelvis, this array achieved the lowest excitation error, but lower 
SAR values could be achieved with array IV (8 dipoles+16 loops). Worst-case 
SAR values were calculated for three arrays configurations (I, IV and V) which 
are all available for scanning. Average SAR levels are lower for the arrays with 
24 and 32 elements in comparison to 8 elements but the worst-case SAR level is 
lower for the 8 element array. The implementation of a 32 channel RF amplifier 
as an add-on to a commercial 7T multi-transmit system is demonstrated, as well 
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as preliminary in vivo results acquired with array configuration IV. 
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Summary 
Magnetic resonance imaging of the body is used in the diagnosis of common 
diseases such as prostate cancer, ischemic heart disease or spinal cord 
abnormalities. In an effort to further improve image quality, the first human 7T 
MRI system was installed in 1999 [1]. After first attempts to apply this technology 
to imaging targets within the body, it has become widely recognized that the 
available RF technology needs to be improved to achieve the full potential of 
7T for diagnostic purposes [2]. Building upon a wide range of developments 
on RF antennas in the field of MRI, we aimed to further improve RF antenna 
performance for 7T body MRI.  Improvements in antenna design can only be 
properly tested  when used for the intended imaging application. The two 
imaging applications in this project both focus on highly prevalent diseases, 
prostate imaging (diagnosis of prostate cancer) and cardiac imaging (commonly 
used for diagnosis of ischemic heart disease). The  antenna arrays that were 
developed during the course of this project were all evaluated with either one or 
both of these applications in mind. 

The first effort to improve the dipole array for prostate imaging resulted in a new 
antenna, ‘the forward view antenna’ which was placed against the perineum as 
an alternative for the endo-rectal coil. Chapter 4 demonstrates the design and 
evaluation of this coil, reporting an SNR improvement of 19% when adding this 
coil to a dipole transceiver array. An alternative approach for improving SNR 
is to add receive only loops to a dipole array. Wiggins et al. demonstrated that 
this improves SNR by 50%[3]. This method was tested in chapter 4 for prostate 
imaging where 16 receive-only loop coil elements were added to an 8-channel 
transceiver array of dipole antennas. SNR at 7T was compared to 3T for five 
voluntary subjects and one patient. Reported improvements ranged between 1.7-
fold and 2.8-fold. The array that was tested in chapter 4 for prostate imaging, was 
modified for cardiac imaging by including two dipole elements that have a bend 
in the middle for easy positioning on the torso.  Experimental results indicated 
that also for cardiac imaging, SNR improved 50% when using a combination of 
loops and dipoles compared to a dipole only array. The improved SNR was used 
to acquire cardiac CINE images at unprecedented spatial resolution. Results of 
this study were reported in chapter 5. 

A basic consideration in coil development and coil performance is the RF safety 
of coil arrays. The energy that is deposited in the body by the RF excitation field 
can lead to local tissue heating, which is a more prominent effect at ultra-high 
field strengths. To study the RF safety of the loop-dipole array in cardiac imaging 
more closely, 14 custom built simulation models were developed in chapter 6. 
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Using these models, the inter-subject variation of local SAR and temperature rise 
were studied. The simulation results were used to set safe limits of operation 
for 7T cardiac imaging without introducing unnecessary over-conservative local 
SAR limitations. Normally, SAR is either averaged over 6 minutes or over 10 
seconds. In the latter case (10 seconds), the SAR limits are twice as high as for the 
6 minutes averaging time.  Temperature simulations in chapter 6 were used to 
show that the double SAR limits that exist for a 10 second scan, are also safe for 
a 20 second scan. 

Based on on-going efforts to develop MRI beyond 7T, the RF safety and RF 
performance of antenna arrays as a function of B0-field strength was studied in 
chapter 7. It was demonstrated that contrary to prior believes, peak local SAR 
increases linearly with field strength instead of quadratically. SNR increases 
quadratically with field strength instead of linearly. This demonstrates that 
when doing MRI beyond 7T, the benefits in terms of SNR are greater than the 
downside presented by increased local SAR.  To deal with the increased SAR 
at field strengths beyond 7T, a new low SAR dipole antenna was developed for 
10.5T body imaging; the results of this design are shown in chapter 8. With this 
new dipole design, ‘the snake antenna’, B1

+ per unit SAR could be improved 
by up to 11% compared to the fractionated dipole antenna. FDA approval was 
obtained to scan human subjects with the snake antenna array at 10.5T. Finally, 
in chapter 9 an alternative strategy for lowering SAR is used which enables more 
transmit channels. It is demonstrated that the use of a 32 transceiver channel coil 
can greatly lower effective SAR levels compared to current 8 channel transmit 
coil arrays. 

Discussion 
Coil design

In this thesis, the versatility of dipole antennas for application in ultra-high 
field body imaging has been investigated. Not only where substantial gains 
in transmit efficiency obtained, but also more efficient and safe methods of RF 
excitation were developed for MRI at and beyond 7T. Traditional RF coils such 
as loop coils or strip-line resonators store energy in the near-field area, whereas 
in this thesis the radiative character of dipole antennas was optimized to enable 
maximum transfer of energy into radiation. Alternatively, the use of highly 
parallel transmit coils was investigated to distribute local power dissipation to 
achieve high efficiency without having high local SAR. 

One important method to improve antenna performance at UHF is to use different 
antenna geometries.  After the introduction of dipole antennas by Raaijmakers 
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et al [4]–[6], many groups studied the effect of dipole antenna geometry on 
coil performance [7]–[14]. Changing the dipole antenna geometry can lead to 
lower SAR levels, but this is typically achieved at the expense of lower SNR and 
transmit efficiency. Other groups have investigated the use of dipole antennas 
with increased space between the antenna and the subject [12], increased space 
between the dipole feed-point and the subject[14] and passive RF feed mechanism 
s[13]. All these methods report a trade-off between antenna efficiency and SAR. A 
more effective approach is to use additional transmit channels, as demonstrated 
in chapters 3 and 9. By distributing the energy flux over a larger entrance surface, 
SAR efficiency can be drastically improved as shown  here for prostate imaging. 
In addition, results also show that using more channels benefits homogeneity. 
This is  in line with other research showing that when spokes pulses are used for 
homogeneous RF excitation, increasing the channel count is beneficial for image 
uniformity [15], [16].

Currently, to our knowledge, 4 research sites in the world have the possibility of 
using a 32 channel RF transmit coil at 7T [15], [17]–[19]. The recently developed 
Siemens Terra clinical system and the Philips 7T multi-transmit systems only 
facilitate 8 transmit channels. Due to the high costs of a 32 channel RF-transmit 
system, it is currently unlikely that commercial parties will equip their 7T 
systems with such large channel counts. However, strong benefits of increasing 
the number of transmit channels were demonstrated in this work and by other 
groups. Solutions such as mode-compression [20] which enables the use of 32 
channel coils on a  8 or 1 channel system  could facilitate the introduction of large 
channel counts without the need for the same number of expensive amplifiers. 
Alternatively, on-coil amplifiers may be pursued which would reduce the 
required power considerably and, thereby, the costs. 

With the development of metabolic imaging for the Metascan and MAP scan 
project [21], the design of multi-tuned RF coils becomes more important. 
Preliminary research shows the possibility of dual-tuned dipole antennas for 
phosphorus and proton imaging by use of LC-traps [22]. The use of dipole 
antennas in multi-tuned receive or transmit arrays could be beneficial for 
efficiency and could be used to increase the number of channels in a dual-tuned 
array. However, the benefits compared to other dual-tuning methods have yet 
to be demonstrated. Another recent publication shows the use of coaxial high-
impedance coils for flexible coil arrays where the coils have low inter-element 
coupling [23]. It is not yet known if or how coaxial cables could be used to 
design dipole antennas, but the benefits that are shown for loop coils make this 
an attractive topic of research. Another research topic which has been strongly 
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developing in MRI is the use of metamaterials as an addition to RF coils to 
achieve better coil performance. Metamaterials have been successfully combined 
with dipole antennas before to achieve reduced coupling or lower effective SAR 
levels [24], [25]. Future possibilities lie in the design of frequency-selective RF 
shields with metamaterials, or dual-tuning of antennas using metamaterials. 

Safety

According to the guidelines of the IEC, temperature, global SAR and local SAR 
levels may not exceed pre-defined limits. Standard procedure in RF safety 
assessment of coils is to simulate the coil on a human model and to calculate peak 
local SAR to set a maximum allowed average power for the coil which ensures 
that the SAR limits are not exceeded. A problem with this approach is that there 
can be a mismatch between the simulation model and the subject in the scanner 
leading to an underestimation of SAR. Multiple studies have investigated the 
effects of inter-subject variation on peak local SAR levels, and have calculated 
safety factors that can be applied to the SAR calculated with a single human 
model, to ensure that the SAR limits are not exceeded for any human model 
[26]–[28]. 

Another problem for peak SAR calculations in multi-transmit setups is that the 
local SAR depends strongly on the RF shim. Several methods exist to calculate 
a worst-case possible SAR value, the corresponding maximum power limit will 
ensure that any RF shim will be safe. However, this SAR value is highly unlikely 
to be achieved, and the related power limit will be overly conservative. A more 
rigorous approach to determine the maximum allowed average power is to do a 
statistical analysis of SAR levels for many different RF shims on multiple different 
human models, as shown by Meliado et al. for a 7T prostate imaging setup [29]. 
With this study design, inter-subject variation of SAR can be studied, the effect 
of different RF shims on the local SAR can be studied and maximum allowed 
power can be determined that ensures that SAR limits are not exceeded for 99.9% 
of all RF shims (the pSAR99 value).The same approach was chosen in this work 
to study inter-subject variation of local SAR for 7T cardiac imaging (chapter 6). 
Additionally, temperature simulations were done to assess temperature rise 
for short cardiac examinations during a breath-hold (max 20s). By calculating 
the pSAR99 level for different shim scenarios,  more realistic SAR limits could 
be set for 7T cardiac imaging. For acquisitions shorter than 10 seconds, the IEC 
has set  SAR limits that are twice as high as for the standard averaging time 
of 6 minutes. Because the SAR limits of the IEC are based on limits to absolute 
temperature and temperature rise, temperature simulations were used to see if 
the doubled SAR limits would also be safe for scans of 20 seconds. Based on the 
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temperature simulations that were done for the short breath-hold examinations, 
it was demonstrated that temperature rise remains so low that the double SAR 
limit is also safe for 20 second scans.   

An even more promising approach is to do on-line subject-specific local SAR 
calculation based on MRI data. A first successful in-vivo demonstration was 
recently published by Meliado et al. who used deep-learning to learn a surrogate-
model of the relation between B1 and local SAR [30]. Based on a B1-map, local 
SAR distributions were successfully predicted in vivo. Other methods use fast 
EM solver s[31] or update-methods [32] with segmented anatomy scans as an 
input, but have  to our knowledge not yet been successfully validated in vivo. In 
future research, these methods  could be used not only for safety assessment, but 
also to lower effective SAR levels or to deliberately achieve high SAR levels for 
hyperthermia treatment.   

When the SAR of an RF coil is simulated, the simulation results need to be compared 
to measurements to check the validity of the simulations. In this work, chapter 5 
and 8 include a validation of simulation results using two different methods. In 
chapter 5, only B1-mapping methods are used to validate the simulations, while 
in chapter 9 also temperature measurements are used. A thorough validation 
study must be part of any RF coil safety assessment procedure. Such a procedure 
should be a prerequisite for scanning human subjects with custom built RF coils. 
Currently, no standard procedure exists for safety assessment of custom built 
coils. The International Society of Magnetic Resonance Imaging is currently 
working on a white paper containing the standard procedures for RF safety 
assessment of experimental RF hardware in a research setting. Some additional 
papers are available that contain full descriptions of the possible methodology 
and the achievable accuracy [33]–[35]. However, these methodologies offer 
no flexibility in which methods to include and especially on how accurate the 
simulations should be. Continuing from the work done during this thesis, we 
have drafted a standardized method for validation of  RF coils based on a tier 
system. This approach is similar to the formalism for RF safety assessment of 
active implanted medical devices where flexibility is provided by four tier 
levels [36]. Each subsequent tier level consists of more extensive modeling and 
validation efforts, while reducing the overestimation of peak SAR levels.  The 
proposed methodology is added in appendix I. 

Applications

Prostate cancer is the most frequently diagnosed form of cancer in men in Europe 
and the US [37].  However, prostate cancer often has an unaggressive nature 



538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma538843-L-bw-Steensma
Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019Processed on: 17-12-2019 PDF page: 178PDF page: 178PDF page: 178PDF page: 178

178

Chapter 10

      10

and many men are unnecessarily treated which reduces their quality of life [38]. 
To enable more specific diagnosis of prostate cancer, 7T MRI is a potentially 
interesting diagnosis tool. We identified that 7T   improves SNR for prostate 
imaging between 1.7-fold and 2.8-fold compared to 3T. This resulted in visibly 
improved quality of a T2w image of a prostate cancer patient. These results are 
in line with results presented by Metzger et al. who reported improved image 
quality for multi-parametric prostate MRI at 7T compared to 3T and results by 
Rosenkrantz et al.[39] who reported similar SNR gains when going from 3T to 
7T. An important question that remains for 7T prostate imaging  is the clinical 
relevance of the improved image quality and how to integrate new information 
into a clinical decision process. A currently running study in Utrecht (KWF 
10810/2016-2) aims to improve clinical care for prostate cancer patients by using 
7T MRI in combination with PET/CT to provide as much information as possible 
for the development of  personal treatment plans.  . 

A limiting factor for 7T prostate MRI examinations is local SAR, which can limit 
the number of slices that can be simultaneously acquired (multi-slice efficiency) 
in for example a T2w –scan. A potential solution was shown by Maas et al. [40], 
who successfully implemented a clinical 7T prostate exam by  using VERSE-
pulses. Another solution could be avoid worst-case scenario and perform online 
local SAR calculations using the deep-learning approach of Meliado et al. [30], 
to set shim specific and patient specific SAR limits with minimal overestimation 
of local SAR. 

The heart is another imaging application which is extensively studied at 7T 
[41]. Cardiac MRI is commonly used in the clinic to assess perfusion of a 
patient with ischemic heart disease. However, cardiac MRI examinations are 
lengthy and require complex planning procedures. First-pass  gadolinium 
enhanced perfusion CMR is used for the evaluation of perfusion. Gadolinium 
based contrast agent administration is however not possible in all patients. The 
possibility to do native perfusion assessment at high resolution with non-contrast 
enhanced techniques, such as arterial spin labeling [42] or T1 mapping [43] still 
has to be evaluated at 7T. Recent advances  in cardiac imaging often employ 
several acceleration strategies involving compressed sensing to reconstruct 3d 
motion-resolved images of the whole heart [44]. The intrinsically improved 
acceleration performance at 7T which was demonstrated in this work could 
be beneficial for these kind of acceleration techniques. As a part of this thesis, 
the use of 7T MRI for cardiac cine imaging was studied. Figure 1 shows results 
of cardiac cine imaging (chapter 5) at 7T with increasing spatial resolution.  
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Figure 1: 7T cine images of the heart (4-chamber view) for increasing spatial resolutions.

The details that become visible in and around the myocardium are a topic of 
ongoing  research. An earlier study has investigated the visibility of myocardial 
crypts at 7T in patients with hypertrophic cardiomyopathy [45]. A study that is 
currently being completed in our group compared feature tracking of the right 
ventricle  using different sequences and field strengths including  7T cine imaging 
at high resolution [46]. 

Even though cardiac imaging at 7T provides a severe challenge due increased 
RF and susceptibility artifacts the possibilities that exist to scan with higher 
resolution or with higher acceleration factors are still a strong motivation to go 
to 7T.   

For all body imaging applications except prostate imaging, non-uniformity of 
the RF transmit field is an unresolved issue. An example is found in chapter 5, 
where 2 out of  8 volunteers have RF voids appearing in or around the heart. 
For imaging targets larger than the heart such as the liver, these problems 
become even more predominant. To mitigate RF non-uniformities, advanced 
parallel transmit methods (pTx) such as SPINS, spokes or kT-points can be 
used. A problem of pTx is the overall difficulty of the calibration procedure 
requiring a high expert level of the  user, and the inability to accurately acquire 
all the necessary calibration data such as single channel B1-data. This holds for 
advanced pTx methods, but even standard RF shimming suffers from the same 
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problem. A topic for further research could be the development of an automated 
pTx workflow, where calibration data is derived from an anatomical image, the 
optimization target is recognized and the RF pulse calculations are accelerated 
compared to current methods. Some steps in this workflow have already been 
automated or accelerated using deep-learning [30], [47], [48], but never with the 
aim of fully automatic the pTx workflow. 

MRI beyond 7T

In 2019, around 100 7T MRI systems have been installed worldwide, 9.4T brain 
imaging is done in multiple  research sites [49], the first results of a full body 
10.5T MRI system have been shown [50] and 3 brain-only MRI systems at 11.7T 
are near operation. A couple of research sites around the world including a 
consortium in the Netherlands are working towards the development of a 14T 
MRI system. 

Two of the main motivators for increasing the field strength beyond 7T is the 
promise of neuroimaging to study the function of the brain with resolutions 
of less than 100 µm [51] and to image metabolism dynamically to reveal brain 
chemistry non-invasively [52]. Fortunately, the challenges facing body imaging 
at 7T are predicting potentially the same solutions for brain imaging at even 
higher field strengths. Moreover, body imaging at these field strengths can likely 
also use the same RF concepts that solved the issue for 7T. 

One major obstacle for gaining support for higher field strengths than 7T, is the 
strongly held belief across a large part of the MRI community how SAR and SNR 
would develop with higher field strengths. In general, as it is explained in text 
books [53], SNR is expected to increase only linearly with field strength while 
SAR is assumed to increase quadratically with field strength. These expectations 
are based on quasi-static assumptions, i.e. the wave character of the RF fields 
at higher frequencies is neglected. The results of our studies proves that this 
assumption does not hold at higher fields. The traditional explanation of SNR 
and SAR versus field strength is as follows:

The MRI signal as detected by the receive coil increases quadratically with field 
strength because 1) the available equilibrium magnetization M0 increases linearly 
with B0 and 2) the detected voltage increases linearly with the Larmor frequency 
and thus B0 due to the stronger Faraday induction in the coil. As a result:

 V Bsignal ~ [ ]0
2 1
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However, the receive coils also detectd noise. The noise voltage increases 
proportionally with the square root of the resistance of the coil.

 V Rnoise coil~ [ ]2

The resistance of the coil is a sum of the resistance due to copper losses Rcopper, 
the resistance due to radiation losses Rrad and the resistance due to sample 
losses Rsample. For human MRI beyond 1.5T, sample losses are dominant and 
Rcoil = Rsample. In the reciprocal case where the receive coil is considered as the 
source and the spin as the detector, the receive signal is expressed as the left-
rotating part of the B1-field that would be transmitted by the coil. The sample 
resistance is then caused by the power that is deposited in the sample due to 
eddy currents:

R
P

I I T
E dVdt

Isample
sample loss

coil coil

T

sample co

= = =∫ ∫.
2 2

0

21 1 1σ
iil sample

E dV2
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so Rsample is proportional to the square of the E-fields. E-fields are not generated 
directly but are caused by induction. In the quasi-static approximation:

E B
t

BLarmor~ ~ ~ [ ]∂
∂

ω 0 4

Since E-fields increase linearly with B0 [4], and since Rsample increases quadratic 
with the E-fields [3] and since the detected noise voltage increases with the 
square root of Rsample [2], overall the detected noise voltage increases linearly with 
B0 and therefore also SNR increases linearly with B0:

 SNR
V
V

B
B

signal
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= ~ [ ]0
2

0

5

The local/global SAR level is defined as:

SAR
V

E dV Blocal global
avg Vavg

/ ~ [ ]= ∫
1

2
62

0
2σ

ρ

Since E-fields are assumed to scale linearly with B0, SAR is assumed to increase 
quadratically with B0 [6]. However, studying the ultimate limit of coil array 
performance as a function of field strength on homogeneous samples using 
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an analytical full wave model, Ocali et al. demonstrated already in 1998 that 
although SNR increases linearly at first, the increase as a function of field 
strength will become quadratic beyond 7T[54]. As he already anticipated in his 
introduction, his results demonstrate that the quasi-static approximation breaks 
down at higher field strengths and the assumptions as presented in the frame are 
incorrect. However, Ocali’s analyses were performed on a homogeneous sample; 
not on a realistic human model. Chapter 7 has presented expected SNR levels 
for body imaging at various field strengths using a human model and realistic 
coil arrays. However, realistic coil arrays bear the disadvantage that they may 
not be optimal for that field strength. As a result, the trend of SNR and SAR as a 
function of B0 may be misleading if the performance at low or high field strengths 
is biased due to suboptimal coil designs. Therefore, the analyses of chapter 7 has 
been complemented with a numerical analysis of the ultimate coil performance 
for these same field strengths. Results were presented at the ISMRM high field 
workshop 2019 in Dubrovnik [55] and have been included in this thesis (figure 2).  
 

In line with results of chapter 7, SAR efficiency (peak local SAR per unit B1
+ in the 

prostate) decreases with field strength, but not very rapidly after 7T, while SNR 
increased quadratically. Transmit and receive sensitivity decrease strongly when 
going from 3T to 7T, but actually increase when going beyond 7T. This increase 
seems remarkable and may not be expected at first. The reason is likely that this 
study focusses on a very small organ (prostate). With increasing field strength, 
the wavelength gets shorter which makes it easier to focus the B1 field at a small 
imaging target. For larger organs, such increase is not expected. 

 

Figure 2: ultimate coil performance and the performance of a 16 channel transceiver coil for 
prostate imaging  at 3T, 7T, 10.5T and 14T.   
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Nevertheless, these results indicate that in terms of electromagnetics, the benefits 
of MRI beyond 7T are expected to be greater than the downsides, even for organs 
in the middle of the body, like for prostate imaging. These results are corroborated 
by experimental results at 10.5T, which show improved transmit efficiency for 
prostate imaging [11] and the potential to do multi-parametric prostate imaging 
with very good image quality [50].

In fact, it may even be stated that 7T would be an unfortunate choice for a field 
strength. 7T introduces many challenges with respect to SAR assessment and 
B1 inhomogeneity while the quadratic increase with B0 has not really kicked in 
yet. However, especially 7T body imaging has set the challenges that prompted 
many technical development showing the technological roadmaps for higher 
field strength, even for the brain beyond 7T. Subsequent increments in field 
strength will require the same technologies as 7T to address these challenges but 
will profit from a much larger relative increase in SNR.  

However, based on the results in figure 2 there appears to be an increasing 
difference between the ultimate possible coil performance and the 16 channel 
transceiver array in the simulations shown here. It is very likely that at UHF 
beyond 7T, more transmit and receive channels are needed to approach the 
ultimate coil performance. This hypothesis is  in line with the results of chapter 
9 and simulation studies at 10.5T[56]. Increasing the number of receive channels 
will require a more complex coil geometry and receive architecture than is 
commonly applied. However, successful implementations of coils with up to 128 
receive channels have been demonstrated in the past [57], [58]. For RF transmit 
coils with high numbers of transmit channels, SAR management can become 
increasingly complex and on-line methods of local SAR calculation become more 
important to calculate SAR for different RF shims. 

When targets other than the prostate are chosen, RF homogeneity becomes 
more difficult to achieve given the shortened wavelength in tissue. To mitigate 
RF nonuniformity, advanced pTx methods will need to be further developed to 
enable uniform proton MRI at 10.5T, 11.7T and 14T. Preliminary results shown 
by the Minnesota group indicate the need for pTx methods in liver imaging at 
10.5T[50]. It is highly likely that at 14T, these methods are directly applicable for 
neuroimaging. An important point for improvement is the complex workflow 
of pTx methods. For successful application of body imaging at field strengths 
beyond 7T, this pTx workflow needs to be made more user-friendly. However, a 
main focus of MRI in the body at field strength beyond 7T lies in the application of 
metabolic imaging to detect phosphorus, deuterium, sodium, carbon or fluorine. 
The currently installed Metascan system which enables metabolic imaging at 
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7T should provide the groundwork to show what is to be gained for metabolic 
imaging at and beyond 7T.   
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Appendix I: Nederlandse samenvatting
Naast toepassingen in het brein wordt MRI gebruikt bij de diagnose van veel 
voorkomende ziekten zoals prostaatkanker, ischemische hartziekte of ruggen-
mergafwijkingen. De beeldkwaliteit van MRI scanners wordt sterk beïnvloed 
door de sterkte van de MRI veld, welke gemeten wordt in Tesla [T]. Normale 
MRI scanners opereren op  een veldsterkte van1.5T of 3T. In potentie gaat de 
beeldkwaliteit van MRI omhoog als een ogere veldsterkte wordt gebruikt. Om 
de beeldkwaliteit verder te verbeteren werd het eerste 7T MRI-systeem voor 
gebruik op mensen geïnstalleerd in 1999 [1].  Na de eerste pogingen om deze 
technologie toe te passen op imaging targets buiten het brein, werd duidelijk 
dat de beeldkwaliteit niet beter was dan op 1.5T of 3T systemen. Deze proble-
men werden veroorzaakt door nonuniformiteiten in de radiofrequente (RF) 
velden waarmee MRI beelden worden gemaakt. Het werd na deze eerste expe-
rimenten duidelijk dat de beschikbare RF-technologie moest worden verbeterd 
om het volledige potentieel van 7T voor diagnostische doeleinden te bereiken 
[2]. Voortbouwend op een breed scala aan ontwikkelingen op het gebied van 
RF-technologie binnen MRI, wilden we de RF antennes die gebruikt worden 
voor 7T body MRI verder verbeteren. Verbeteringen in het antenne ontwerp 
kunnen alleen goed worden getest wanneer ze worden gebruikt voor de beoog-
de beeldvormingstoepassing. De twee toepassingen in dit project zijn beide ge-
richt op veel voorkomende ziekten, beeldvormingvan de prostaat (diagnose van 
prostaatkanker) en beeldvorming van het hart (vaak gebruikt voor de diagnose 
van ischemische hartziekte). De RF-antenns die in de loop van dit project zijn 
ontwikkeld zijn allemaal geëvalueerd met een of beide toepassingen in gedach-
ten.

De eerste poging om het RF antennes voor prostaatbeeldvorming te verbeteren 
resulteerde in een nieuwe antenne, ‘de forward view antenne’ die tegen het pe-
rineum werd geplaatst als alternatief voor een endo-rectale spoel. Hoofdstuk 4 
demonstreert e ontwikkeling en de evaluatie van deze spoel en rapporteert een 
SNR-verbetering van 19% wanneer deze spoel wordt toegevoegd aan een ande-
re onfiguratie van RF antennes, een ‘dipool-array’. Een alternatieve benadering 
voor het verbeteren van SNR is om een ander soort antennes genaamd ‘loop 
coils’ toe te voegen aan een dipool array. Wiggins et al. hebben aangetoond 
dat dit de SNR met 50% verbetert [3]. Deze methode werd getest in hoofdstuk 
4 in de prostaat, waarbij 16 loop elementen werden toegevoegd aan een 8-ka-
naals array van dipoolantennes. SNR op 7T werd vergeleken met 3T in vijf 
vrijwilligers en één patiënt. De gerapporteerde verbeteringen liepen uiteen van 
1.7-voudig tot 2.8-voudig. De array die werd getest in hoofdstuk 4 voor pros-
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taatbeeldvorming, werd aangepast voor cardiale beeldvorming door twee dip-
oolelementen op te nemen die een buiging in het midden hebben voor gemak-
kelijke positionering op de romp. Experimentele resultaten gaven aan dat SNR 
voor eeldvorming van het hart 50% verbeterde bij gebruik van een combinatie 
vanoop coils en dipolen vergeleken met een alleen dipool-array. De verbeterde 
SNR werd gebruikt om CINE- MRI afbeeldingen van het hart te maken met een 
iet eerder gehaalde ruimtelijke resolutie. De resultaten van deze studie werden 
gerapporteerd in hoofdstuk 5.

Een basisoverweging bij de ontwikkeling van RF antennes is veiligheid. De 
energie die door het RF-veld in het lichaam wordt gedeponeerd kan leiden tot 
lokale erhitting van weefsel, it effect is prominenter in MRI scanners met een 
hoge magneetveld sterkte. Om de RF-veiligheid van het loop-dipoolarray voor 
beeldvorming van het hart nader te bestuderen, werden in hoofdstuk 6 een 
totaal aantal van 14 simulatiemodellen ontwikkeld. Met behulp van deze mo-
dellen werden variaties van lokale SAR en temperatuurstijging bestudeerd. De 
simulatieresultaten werden gebruikt om eiligheidslimieiten in te stellen voor T 
beeldvorming van het hart. 

Gebaseerd op de interesse die er is om MRI beelden te maken op veldsterktes 
hoger dan 7T, werden de RF-veiligheid en RF-prestaties van RF antennes als 
functie van de veldsterkte bestudeerd in hoofdstuk 7. Er werd aangetoond dat 
in tegenstelling tot wat eerder werd gedacht, de lokale SAR lineair toeneemt 
met veldsterkte in plaats van kwadratisch. SNR neemt kwadratisch toe met 
veldsterkte in plaats van lineair. Dit toont aan dat bij het doen van MRI na 7T 
de voordelen op het gebied van SNR groter zijn dan e nadelen ten gevolgde van 
verhoogde lokale SAR. Om de verhoogde SAR bij veldsterkten hoger dan 7T te-
gen te gaan, werd op een veldsterkte van 10.5T een nieuw soort dipool antenne 
ontwikkeld met een lage lokale pier SAR. De resultaten van dit ontwerp wor-
den getoond in hoofdstuk 8. Met dit nieuwe dipoolontwerp, ‘de snake antenne’, 
kon B1 + per eenheid SAR tot 11% worden verbeterd in vergelijking met en een 
eerder antenne ontwerp. Nadat de snake antenne was goedgekeurd door de 
FDA voor humane MRI, werden beelden van de pelvis gemaakt op 10.5T. Ten 
slotte wordt in hoofdstuk 9 een alternatieve strategie gebruikt voor het verlagen 
van SAR, waarbij gebruik gemaakt wordt van een verhoogd aantal RF antennes. 
Het wordt aangetoond dat het gebruik van een 32 kanaals RF antenne array de 
effectieve SAR-niveaus aanzienlijk lager zijn in vergelijking met huidige 8-ka-
naals RF antenne arrays.
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Appendix II: Tier system for safety assessment of 
custom-built RF coils

Synopsis

We propose an RF safety assessment formalism that uses four tier levels to 
quantify the accuracy of SAR modeling. Each subsequent tier level consists of 
more modeling and validation efforts while reducing the overestimation of 
peak SAR levels. The lowest tier level requires no simulations or measurements 
whereas the highest tier level includes B1+ and thermometry-based validations. 
The formalism defines a safety factor to account for deviations between the 
simulation model and the subject adding errors with the sum-of-squares method. 
A tier 3 validation and error propagation procedure was conducted for a 7T 
prostate array. 

Purpose

To ensure safe use of custom built RF coils in MRI, electromagnetic (EM) 
simulations are performed to calculate peak local SAR levels. These are used 
to derive safe average input power limits based on the peak local SAR limits 
from the IEC [1]. The peak (local) SAR level determined by simulations will 
deviate from the actual peak SAR level in the patient. Therefore, a safety factor 
is typically applied to account for these potential deviations. Three potential 
sources of deviation are identified: inter-subject variability of SAR, inaccuracies 
in the coil model and inaccuracies in average power monitoring on the scanner 
[2]. The assessment of these three sources of uncertainty is part of any RF safety 
assessment procedure [2]–[7]. Presented procedures consist of one approach that 
aims for the highest accuracy with typically extensive modeling and validation 
efforts [8]. We propose an alternative RF safety assessment formalism that 
provides flexibility to trade low overestimation and extensive efforts for larger 
overestimations and more time-efficient procedures. Similar to the formalism 
for RF safety assessment of active implanted medical devices flexibility is 
provided by four tier levels [9]. Each subsequent tier level consists of more 
extensive modeling and validation efforts, while reducing the overestimation 
of peak SAR levels. 
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Methods

The tier levels are defined in table 1. 

Tier Level Explanation

0 No simulations are performed. All emitted power is assumed to end up in 10g of tissue.

1 Numerical simulations are performed on one or more patient models. No validation is 
done. Modeling inaccuracies are assumed to be 100%. Measured losses in the coil (e.g. 
lumped elements and conductive losses) are not considered in the simulation

2 Numerical simulations are performed on one or more patient models. Modeling 
inaccuracies are determined by comparing B1

+ measurements or MR thermometry on a 
phantom with simulations. Measured losses in the coil are not considered in the simulation

3 Numerical simulations are performed on one or more patient models. Modeling 
inaccuracies are determined by B1

+ measurements and MR thermometry.  Measured coil 
losses are included in the simulation model.

Table 1: tier levels, the respective validation methods that need to be included and the methods to deal 
with inaccuracies that are found in validation.

Tier 0 assumes all power is deposited in 10g of tissue[10].  Tier 1 performs 
numerical simulations without validation and compensates by a large 
overestimation of the modelling error. Tier 2 performs simulations and validations 
based on B1

+ mapping or MR thermometry. Modeling accuracy is determined 
by phantom validations. Tier 3 performs validations by B1

+ mapping and MR 
thermometry. Now coil losses are no longer neglected resulting in minimal 
SAR overestimation.  To provide an example, the full validation procedure was 
followed up to tier level 3 for a 7T body array[11]. All simulations were done in 
Sim4Life (Zurich Med Tech, Zurich, Switzerland). All measurements were done 
on a polyviniylpyrrolidone [12] (PVP) phantom (εr=37, σ=0.4 S/m). After all the 
inaccuracies have been quantified, they will need to be combined into a total 
safety factor, which is used, potentially in combination with the coil losses, to 
arrive at a corrected peak SAR level.

SAR SAR SFcorr sim= × [ ]1  

Here SARcorr is the corrected peak SAR level, SARsim is the peak SAR level that 
resulted from simulations and SF is the safety factor (SF>1). The safety factor 
follows from the relative peak SAR uncertainty:

SF SAR
SAR

total

sim

= +1 2∆ [ ]

Where ΔSARtotal is the total uncertainty on the simulated peak SAR level SARsim. 
ΔSARtotal follows from the individual sources of uncertainty ΔSARint.subj.var, 
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ΔSARmodel.error and ΔPinput [3].

∆ ∆ ∆SAR
SAR

P
P

SARtotal input

input

subj





 =









 +

2 2

int. .varr mod . [ ]
SAR

SAR
SAR

el inacc







 + 








2 2
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Because all these sources of error are independent from each other, error 
propagation will be calculated using the sum of squares method. In addition, 
we propose a method to determine the modeling error from the validation B1

+ or 
temperature/SAR distribution using a statistical approach as explained in step 3 
and 4 in figure 1.

Results

For prostate imaging,  Meliado et al found an average peak SAR of 2.4 W/kg for 
8x1 W input power and an inter-subject variation error of 80%[6]. The power 
measurement error is 10% based on directional coupler specifications. Figure 1 
shows the results of the validation, in which the thermometry shows a modeling 
inaccuracy of 52%. The total error adds up to 98%, leading to a safety factor of 
1.98 (table 2) for random RF shim settings. 

Conclusion

A formalism is presented for RF safety assessment of multi-transmit coil 
arrays, which classifies the level of simulation and validation effort in a tier 
system. The largest tier level provides minimum overestimation at the expense 
of considerable modeling and validation efforts and vice versa. Modeling 
inaccuracy is determined by a statistical approach based on differences between 
simulated and measured B1+-maps/temperature maps. To address total peak 
local SAR uncertainty, predicted peak local SAR levels are multiplied by a safety 
factor which is obtained by adding individual sources of uncertainty in a sum-of-
squares way. For the investigated dipole antenna array the resulting per channel 
power limit is 4.2 W
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Figure 1: procedure to achieve validation tier 3 for the fractionated dipole array.

Imaging 
target

SAR 
limit 
[W/kg]

SAR 
level 
[W/kg]

Inter-
subject 
variability

Model  Power  Safety Factor Power 
Limit 
[W/

Prostate 20 2.4 0.8 0.52 0.10 1+√(0.802+ 
0.522+0.212)=1.98

4.2

Table 2: Results of a tier 3 validation procedure for the fractionated dipole array, resulting in an allowed 

average power limit of 4.2 W/channel.
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Curriculum vitae
Bart Steensma (10-02-1991) grew up in Almere and completed his high 
school in 2008 at the Oostvaarderscollege in Almere Buiten. After a 
sabbatical of 1 year he started his study of Biomedical Engineering at 
the University Twente. He completed his bachelor’s degree in 2012 at 
the neuroimaging group of the University of Twente with research on 
the calibration of a magnetometer for axillary lymph node staging with 
superparamagnetic iron particles. After one year of courses for his 
Master’s degree in Biomedical Engineering with a focus on biomedical 
physics, he was a fulltime member of the board for the University Rowing 
club D.R.V. Euros. Upon completing all his courses and after finishing as 
a board member, he left for a research internship at the Bionics Institute in 
Melbourne to do a research internship on new materials for use in retinal 
prostheses. 

Finally, when starting his Master’s project, Bart decided to move into 
the field of MRI to do a masters project about 7T MRI at the University 
Medical Center Utrecht. This research project continued into a PhD which 
lead to this thesis. During his PhD, Bart moved to the city of Minneapolis 
in the United States for 4 months to translate his research to a new 10.5T 
MRI system. In addition to being a researcher, Bart competes in running 
and triathlon races. After receiving his PhD degree, Bart will move to the 
United States for a period of 15 months to work as an on-site scientist for 
Siemens at the National Institute of Health in Bethesda.   
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