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A B S T R A C T   

Background and purpose: The restricted bore diameter of current simultaneous positron emission tomography/ 
magnetic resonance imaging (PET/MRI) systems can be an impediment to achieving similar patient positioning 
during PET/MRI planning and radiotherapy. Our goal was to evaluate the B1 transmit (B1

+) uniformity, B1
+ ef-

ficiency, and specific absorption rate (SAR) of a novel radiofrequency (RF) body coil design, in which RF shielded 
PET detectors were integrated with the specific aim of enabling a wide-bore PET/MRI system. 
Materials and methods: We designed and constructed a wide-bore PET/MRI RF body coil to be integrated with a 
clinical MRI system. To increase its inner bore diameter, the PET detectors were positioned between the con-
ductors and the RF shield of the RF body coil. Simulations and experiments with phantoms and human volunteers 
were performed to compare the B1

+ uniformity, B1
+ efficiency, and SAR between our design and the clinical body 

coil. 
Results: In the simulations, our design achieved nearly the same B1

+ field uniformity as the clinical body coil and 
an almost identical SAR distribution. The uniformity findings were confirmed by the physical experiments. The 
B1
+ efficiency was 38% lower compared to the clinical body coil. 

Conclusions: To achieve wide-bore PET/MRI, it is possible to integrate shielding for PET detectors between the 
body coil conductors and the RF shield without compromising MRI performance. Reduced B1

+ efficiency may be 
compensated by adding a second RF amplifier. This finding may facilitate the application of simultaneous whole- 
body PET/MRI in radiotherapy planning.   

1. Introduction 

The development of clinical whole-body positron emission tomog-
raphy/magnetic resonance imaging (PET/MRI) systems has stimulated 
research on possibilities to apply PET/MRI for treatment planning and 
diagnostic workup of image-guided radiotherapy [1–5]. Previous 
simultaneous PET/MRI designs were typically based on the concept of 
adding PET scintillation crystals and readout electronics to an existing 
MRI system [6], either in the form of a removable PET insert (e.g. for 
small-animal [7–9] or brain [10–12]), or integrated between the gradient 

coil and the RF body coil (e.g. [13,14]). Whereas the removable insert 
designs typically required a relatively small inner bore size that allowed 
an easy fit into a whole-body MRI system, the designers of integrated 
clinical whole-body systems had to optimize the trade-off between 
increasing scanner performance and maximizing the space inside the PET 
ring. Consequently, there are currently no simultaneous PET/MRI sys-
tems having an inner bore diameter larger than 60 cm [13–15]. The 
confined bore size has been an important limitation of current clinical 
PET/MRI systems when applied for treatment planning and diagnostic 
workup of image-guided therapies, which often required a larger bore to 
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scan the patient in the same position as during therapy (e.g. with the arms 
upwards, or using large immobilization and positioning aids). 

To address this limitation, we investigated the possibility of 
increasing the inner bore diameter by integrating the PET detectors into 
the confined space between the RF shield and the conductors of the RF 
body coil. To prevent mutual interference with the MRI system, PET 
detectors must be shielded [16]. Placing metal shields close to the 
conductors of the body coil results in eddy currents and a reduction in B1

+

efficiency and uniformity during MRI. We have built a prototype PET/ 
MRI body coil with a special design of the PET detector shieldings aimed 
at reducing these adverse effects. 

The purpose of this study was to evaluate the B1
+ uniformity, B1

+ ef-
ficiency, and specific absorption rate (SAR) of our new body coil design 

with RF shields for integrated PET detectors. The novelty in our body 
coil design was that the PET detectors and shielding are positioned in the 
gap between the gradient RF shield and the RF body coil. Compared to 
other designs, in which this gap contains no conductive materials for 
efficiency reasons, this strategy reduced the amount of bore diameter 
that needed to be compromised to accommodate PET components. 

2. Materials and methods 

2.1. Design of the wide-bore PET/MRI body coil 

Our high-pass quadrature birdcage (~64 MHz) body coil design, 
shown in Fig. 1A, had 38 RF rungs of length 45 cm. While 38 could not 

Fig. 1. Design and physical prototype of the wide-bore 1.5 T MR body coil with 19 integrated PET modules. (A) Body coil carrier with all 19 PET module housings in 
place. (B) Physical prototype of the body coil carrier with 19 empty PET module housings and RF shield (slightly retracted to show the housings). (C) A single PET 
module housing, designed to accommodate 2 separately shielded scintillation crystal rows (“fingers”) and the corresponding SiPM detectors with cooling and readout 
electronics. (D) Physical prototype of empty PET module housing. (E) Detail drawing of the body coil design. 
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be divided such as to provide a perfect 90-degree drive, the deviation 
was very subtle maintaining low RF coupling between ports and close to 
circular polarization. The body coil was mounted on a body coil carrier, 
which was a glass fiber cylinder with an inner diameter of 65 cm and 
axial length 103.5 cm (Fig. 1B). 

The body coil was designed to accommodate 19 integrated MRI- 
compatible PET detector modules constructed from the Hyperion III 
platform (the successor of the electronics used in the Hyperion I [17] 
and Hyperion IID inserts [7]). The PET detector modules were enclosed 
in 0.5 mm thick glass fiber housings (Futura Composites, Heerhugo-
waard, the Netherlands), of which the inner surface was covered with a 
0.3 mm thick layer of phosphor-bronze mesh to provide RF shielding 
(Fig. 1C and D). Phosphor-bronze mesh has been shown to effectively 
shield RF fields and block gradient-induced eddy current artifacts [18]. 
The phosphor-bronze mesh was tested regarding the shielding effec-
tiveness and the distortion of the main and gradient magnetic field with 
the characterization methods described in [19]. Even though it was not 
separated by capacitors, it still provided a high gradient transparency. 

To reduce the eddy currents induced in the phosphor-bronze 
shielding during gradient switching and RF transmission [16], the de-
tector module housings were split up over the axial length to allow the 
insertion of two rows of scintillation crystals (“fingers”), such that each 
finger was enclosed individually in separate shielding. The gaps between 
two fingers were 4 mm wide and the rungs of the body coil were located 

behind these gaps at a radial distance of 5 mm away from the PET de-
tector housings (Fig. 1E). The height (radial dimension) of the housings 
was 36 mm. The gradient RF shield, which was essentially the same as 
the RF shield used in the Philips Ingenia (Best, the Netherlands), fitted 
tightly around the PET shields, with no significant distance between the 
gradient RF shield and the PET detector shields (Fig. 1B). 

2.2. Simulations 

The effects of the PET detector housings on B1
+ uniformity and SAR 

were studied by performing finite difference time domain simulations 
using Sim4Life (Zürich Med Tech, Zürich, Switzerland). We simulated 
the PET/MRI body coil with and without the presence of PET detector 
housings, and compared the results with simulations of the standard 
body coil of a clinically available wide-bore MRI system (Philips Ingenia 
1.5 T). The PET detector housings were modelled as perfect electric 
conductors, without PET detectors or readout electronics inside. The 
birdcage was tuned with 38*2 capacitors (156 pF) at both end-rungs. 
The electronic losses in the transmit chain were simulated by adding 
resistors parallel to the capacitors, with resistance values chosen such as 
to match the B1

+ efficiency of the simulated clinical body coil to the 
measurement. The simulations of the other body coils were done using 
the same resistance values. 

For assessing the B1
+ uniformity, the body coil was loaded with a 

Fig. 2. Simulated and measured B1
+ transmit field maps (central transaxial and coronal slices) and image profiles. The yellow lines in the B1

+ maps indicate the 
locations of the image profiles. 
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Table 1 
B1
+ uniformity in the pelvis phantom.   

Simulations Measurements  

Transaxial slice Coronal slice Central volume Transaxial slice Coronal slice Central volume 

Clinical body coil  83.3%  72.2%  89.2% 82.6% 73.9% 80.1% 
PET/MRI without PET housings  86.2%  66.3%  90.5% not determined not determined not determined 
PET/MRI with PET housings  80.5%  51.6%  85.6% 74.1% 46.3% 79.6%  

Fig. 3. Results of SAR simulations. (A) Maximum intensity plots of 10 g averaged SAR. (B) Histograms of SAR values in all non-zero voxels. (C) Positioning of 
phantom in PET/MRI body coil during SAR simulations. 
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pelvis-mimicking phantom consisting of a plastic case with outer di-
mensions 41 × 21 × 41 cm3 and an inner compartment filled with 
polyvinylpyrrolidone (PVP) [20] (Supplemental Fig. 1A and B). B1

+ maps 
were generated and normalized to achieve a reference B1

+ field strength 
of 1 μT in the isocenter. 

To evaluate the impact on SAR, the body coil was loaded with the 
human voxel model “Duke” from the Virtual Family (IT’IS Foundation, 
Zurich, Switzerland) [21]. According to IEC guidelines [22], 10 g 
averaged SAR (SAR10g) maximum intensity projection images were 
calculated for the PET/MRI body coil with PET housings and for the 
clinical body coil. B1

+ maps were again normalized to achieve a B1
+ field 

strength of 1 μT in the isocenter. 

2.3. Experiments 

We built a prototype of the proposed body coil and positioned it in a 
wide-bore 1.5 T MRI system (Philips Ingenia 1.5 T). B1

+ maps were ob-
tained with the actual flip angle method [23] using the prototype PET/ 
MRI body coil (with detector housings) and using the clinical body coil, 
both loaded with the pelvis-mimicking phantom (Supplemental Fig. 1C) 
and with a healthy volunteer. The study was approved by the internal 
review board and written informed consent was obtained from the 
volunteer. During the experiments, 2 prototype PET modules were 
present inside 2 of the 19 housings. For this study on body coil RF 
performance, the effect of these PET modules was assumed to be 
negligible. We recorded the RF input power, which was automatically 
adjusted by the MRI system to achieve a specified reference B1

+ field 
strength in the isocenter of the scanner (11 μT for all scans). The B1

+

efficiency was expressed as B1
+ in the isocenter per square root of input 

power. For easy comparison with the simulations, the experimental B1
+

maps of the pelvis phantom were normalized to achieve a reference B1
+

field strength of 1 μT in the isocenter. 

2.4. Data analysis 

For both the simulated and experimental B1
+ maps of the pelvis 

phantom, central transaxial and coronal slices were compared visually. 
For the experimental data, voxels outside the phantom were set to zero 
based on a mask obtained by thresholding the magnitude image. B1

+

uniformity was quantified by defining regions of interest (ROIs) and 
calculating the following formula: 

Uniformity(%) =

(

1 −
Smax − Smin

Smax + Smin

)

× 100  

where Smax and Smin are respectively the maximum and minimum B1
+

value of all voxels in the ROI. Three ROIs were defined per scan:  

1) Central transaxial slice: all non-zero voxels in the transaxial slices 
shown in Fig. 2  

2) Central coronal slice: all non-zero voxels in the coronal slices shown 
in Fig. 2  

3) Central volume: all voxel values within a 12 × 12 × 12 cm3 cubic ROI 
centered on the isocenter of the scanner, excluding voxels corre-
sponding to the air channel (we excluded all voxels in a cylinder with 
radius 3 cm centered on the air channel having radius 2 cm). 

3. Results 

3.1. B1
+ uniformity in pelvis phantom 

The experimentally measured B1
+ transmit field maps in the phantom 

agreed well with the simulations (Fig. 2), which was confirmed by the 
quantitative data in Table 1. The coronal cross-sections showed that the 
PET/MRI body coil (with housings) resulted in a more asymmetric B1

+

profile along the longitudinal axis, and to areas of increased intensity in 
the corners, close to the body coil, at the end where the RF birdcage 

Fig. 4. B1
+ maps and image profiles of volunteer scans. (A) Central transaxial slices through the volunteer’s brain. (B) Central transaxial slices through the volunteer’s 

pelvis. Yellow lines indicate the locations of the image profiles. 
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rungs extend beyond the PET detectors (shown left in Fig. 1A and B). The 
simulations of the PET/MRI body coil without PET housings showed that 
these differences were mostly due to the addition of the PET housings, as 
the effects of changing only the body coil design (more rungs and a 
slightly smaller diameter) were much smaller. 

3.2. SAR maps in human body model 

The maximum-intensity plots (MIPs) and histograms of the SAR 
maps simulated in the Duke phantom demonstrated that the SAR dis-
tributions were similar for both the clinical and the PET/MRI body coil 
with housings, with the hot spots located approximately at the same 
positions in the body (Fig. 3). The SAR histograms indicated that there 
were differences in local SAR, mostly in regions where SAR values were 
low. The maximum achieved local SAR values were almost equal for 
both body coils: 0.96 W/kg for the clinical body coil vs 0.99 W/kg for the 
PET/MRI body coil with detector housings. The mean voxel value was 
0.14 W/kg for both body coils. 

3.3. B1
+ uniformity in volunteer 

The B1
+ maps acquired in vivo in the brain and the pelvis showed that 

in both the brain and the pelvis, the distributions obtained with the 
prototype PET/MRI body coil were almost the same as those obtained 
with the clinical body coil (Fig. 4). This was also confirmed by the image 
profiles, which were similar in shape. To achieve the same reference B1, 
the PET/MRI body coil required approximately twice the power as the 
standard (Ingenia) body coil in both the brain and the pelvis. 

3.4. B1
+ efficiency 

For respectively the pelvis phantom, the volunteer pelvis and the 
volunteer brain, the experimentally determined B1

+ efficiency was 38%, 
30%, and 32% less efficient for the prototype PET/MRI body coil than 
for the clinical body coil (Table 2). The variation in measured B1

+ effi-
ciencies between different loadings was larger for the clinical body coil. 

4. Discussion 

In this study, we introduced a new strategy to increase the inner bore 
diameter of whole-body simultaneous PET/MRI systems: positioning the 
PET detectors in the gap between the body coil conductors and the RF 
shield. Simulations of a prototype body coil based on this strategy 
showed that it can achieve nearly the same B1

+ field uniformity as the 
body coil of a clinical wide-bore MRI system (Fig. 2) and a similar SAR 
distribution with the peak value well within the safe range (Fig. 3). The 
observed differences in uniformity were relatively small, located mostly 
at the periphery of the FOV and mainly resulting from the addition of the 
PET detector housings. The uniformity findings were confirmed by 
phantom and human volunteer measurements (Fig. 4). The B1

+ efficiency 
was 38% lower compared to the clinical body coil. 

Compared to the inner bore diameter of the standard wide-bore 
Ingenia body coil, our body coil design compromised only 3 cm, 
whereas currently available simultaneous whole-body PET/MRI systems 
compromised at least 10 cm compared to the MRI systems on which they 
were based [13,14]. One of these existing designs used a similar but 

different approach to reduce the amount of empty space between the RF 
conductors and the RF shield, by introducing an inward dip into the RF 
shield [14]. The distance between the birdcage and the RF shield was 1 
cm in this system, but its inner bore diameter was still 5 cm smaller 
compared to our design. The bore diameter is the result of an optimi-
zation of several factors, including the thickness of the PET detector 
crystals and readout electronics. For our design, we assumed that the 
combination of crystal plus readout electronics was 35 mm thick. 
Comparing the impact on bore diameter between systems was not 
possible for each factor separately, since not all details were available in 
the literature (e.g. the space occupied by the readout electronics was not 
stated by Delso et al and Levin et al. [13,14]). Nevertheless, this study 
may be useful for future designs, as it demonstrated that the space be-
tween the birdcage and the RF shield could be utilized to achieve a 
better trade-off between bore size and PET detector thickness. 

Whereas Levin et al. [14] reported a 24% increase in B1
+ efficiency of 

its body coil compared to the MRI body coil without PET detectors, our 
body coil was 38% less efficient. The expected reduction in efficiency 
was most likely overcompensated by a larger efficiency increase due to 
the 10 cm reduction in bore diameter, which in our design was only 5 
cm. The lower efficiency of our PET/MRI body coil could have an effect 
on the maximum B1

+ that could be obtained given a specific RF amplifier 
and sample inside the body coil. In cases where the B1

+ cannot be ob-
tained, the RF pulses could be lengthened to obtain the desired flip 
angle, yet this could affect the minimum echo time that can be achieved. 
An alternative would be to add an additional RF amplifier and combine 
the RF power to the body coil, which is a standard procedure in 3 T MRI 
systems. The results of the SAR simulation (Fig. 3) suggested that RF 
power could be safely increased, as the peak SAR values for the PET/MRI 
body coil and the Ingenia were almost identical for an equal B1

+ in the 
isocenter. The main hurdle for increasing the RF input power seemed to 
be the cost of additional RF amplifiers. 

Our B1
+ homogeneity maps had a similar appearance as those re-

ported by Delso et al. [13], with flip angle values also increasing towards 
the birdcage rungs. In our design, the PET detector shields did not cover 
the entire length of the birdcage rungs (Fig. 1A and B). The effect of this 
was reflected in the more hyperintense areas in the front corners of the 
coronal slice, close to the body coil (Fig. 2). Especially these hyperin-
tense areas caused a B1

+ uniformity reduction of the central coronal slice 
by 29% in the simulations and by 37% in the measured data, compared 
to the clinical body coil (Table 1). This reflected only a local effect at the 
periphery of the FOV; in the central volume, the B1

+ uniformity was 
reduced by only 4% in the simulations and 0.6% in the measurements 
(Table 1). 

The 3-D distribution of SAR in the Duke phantom was essentially the 
same between the two body coil designs (Fig. 3). The small local dif-
ferences between the SAR maps were most likely an effect of the addi-
tion of the housings, since the B1

+ transmit field maps were not 
significantly different between the clinical body coil and the PET/MRI 
body coil without housings (Fig. 2). Simulations with different human 
models at different locations inside the body coil would provide more 
insight on RF safety. However, the aim of the current SAR simulations 
was to test whether the extra power required in the PET/MRI body coil 
would lead to SAR increases in the patient, and studying differences in 
RF safety between the coils was beyond the scope of this work. 

This study focused on the effects of the PET shielding on the RF 
performance of our body coil design. To conclude about the feasibility of 
building a simultaneous PET/MRI system based on this design, a 
comprehensive study would be required on MRI gradient field and PET/ 
MRI imaging performance, with all PET detectors present in the detector 
housings, including cabling and cooling system components, as in e.g. 
[7,12–14]. Experiments with physical PET detector prototypes could 
also demonstrate whether the shielding would be thick enough to pro-
tect the PET components from interference by strong RF pulses and 
gradient switching [16], or whether other methods should be included 
to reduce the RF interference [24]. 

Table 2 
B1
+ efficiency in the isocenter.  

Body coil Pelvis 
phantom 

Volunteer 
pelvis 

Volunteer 
brain 

Clinical body coil  0.227  0.195  0.209 
PET/MRI with PET 

housings  
0.140  0.137  0.142 

Values expressed in μT/√W. 
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In PET/MRI-guided radiotherapy planning, severe localization errors 
could result from differences in patient positioning between planning 
and therapy [1,2]. If certain requirements on patient positioning during 
radiotherapy (e.g. arms up, the use of large immobilization and posi-
tioning aids, or special RF coils or coil holders [3,4]) would not be 
achievable during PET/MRI due to space restrictions, larger radiation 
margins would be necessary to compensate for this, or the patient could 
not be eligible for PET/MRI-guided therapy planning at all. Moreover, 
experience and studies with 60 cm bore MRI systems have shown that a 
considerable proportion of patients are too obese to physically fit into 
the scanner (e.g. one study found that 10% of the patients did not fit 
[25]), and that the proportion of patients that cannot be imaged or 
require sedation due to claustrophobia was also substantial [26]. 
Increasing the inner bore diameter, even in the order of a couple of 
centimeters, would be highly beneficial because it would increase the 
percentage of obese and claustrophobic patients that could be imaged on 
the system, while reducing discomfort for all patients. 

Our conclusion from this study was that the inner bore diameter of 
PET/MRI systems could be increased by positioning shielded PET de-
tectors between the body coil and the RF shield, while maintaining B1

+

field uniformity with a negligible increase of SAR. The 38% B1
+ efficiency 

reduction compared to the clinical body coil could be compensated by 
adding a second RF amplifier to achieve the desired flip angle. This 
could be an important step towards achieving simultaneous PET/MRI 
with a relatively wide bore, which is a big advantage for application in 
radiotherapy planning. 
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