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A B S T R A C T   

Purpose: To investigate the displacement forces and image artifacts associated with passive medical implants for 
recently-developed low-field (<100 mT) MRI systems, and to compare these with values from higher field 
strengths used for clinical diagnosis. 
Methods: Setups were constructed to measure displacement forces in a permanent magnet-based Halbach array 
used for in vivo MRI at 50 mT, and results compared with measurements at 7 T. Image artifacts were assessed 
using turbo (fast) spin echo imaging sequences for four different passive medical implants: a septal occluder, iliac 
stent, pedicle screw and (ferromagnetic) endoscopic clip. Comparisons were made with artifacts produced at 1.5, 
3 and 7 T. Finally, specific absorption rate (SAR) simulations were performed to determine under what operating 
conditions the limits might be approached at low-field. 
Results: Displacement forces at 50 mT on all but the ferromagnetic implant were between 1 and 10 mN. Image 
artifacts at 50 mT were much less than at clinical field strengths for all passive devices, and with the exception of 
the ferromagnetic clip. SAR simulations show that very long echo train (>128) turbo spin echo sequences can be 
run with short inter-pulse times (5–10 ms) within SAR limits. 
Conclusions: This work presents the first evaluation of the effects of passive implants at field strengths less than 
100 mT in terms of displacement forces, image artifacts and SAR. The results support previous claims that such 
systems can be used safely and usefully in challenging enviroments such as the intensive care unit.   

1. Introduction 

Magnetic resonance imaging (MRI) is a valuable, non-invasive and 
widely applicable imaging technique. Tens of millions of scans are 
performed world-wide each year. Standard clinical field strengths are 
1.5 and 3 Tesla, corresponding to operating frequencies of ~ 63.5 and ~ 
127 MHz, respectively. Normal operation involves transmission of 
kilowatts of power from a body coil built into the bore of the magnet, 
with signal reception via a close-fitting multi-element array of receiver 
coils. Since MR imaging involves placing the patient in a strong static 
magnetic field, transmitting several kilowatts of power into the patient, 
and rapid switching of secondary magnetic fields (produced by the 
gradient coils), there are a number of potential safety issues involved in 
clinical scanning. If implanted devices contain ferromagnetic 

components, they can constitute a safety hazard due to rotational and 
translational forces on the implant when the patient enters the MRI 
through the strong spatial static magnetic field gradient. If the medical 
implant, or associated connecting wires, has a dimension that is a sub
stantial fraction of the wavelength of the transmitted radiofrequency 
(RF) power, there is the possibility of tissue heating and damage due to 
the interaction of the RF energy and the implant [1]. In order to allow 
safe MRI scanning, a substantial number of federal/international 
guidelines must be adhered to, including the magnetically-induced 
displacement force Fm and the specific absorption rate (SAR) [2]. In 
addition, if implanted medical devices are metallic, their interaction 
with the static magnetic field can cause image artifacts which substan
tially reduce the diagnostic quality of the scan, altering the risk/benefit 
analysis for the patient. 
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One disadvantage of MRI as a clinical imaging modality is the 
expense of system, both in terms of purchase cost and continued main
tenance. The magnet must be housed in an RF shielded room, and its 
operation requires highly-trained technicians [3–5]. These factors limit 
its use to late in the healthcare cycle, and its siting to major hospitals. As 
a result it plays little role in screening in the developed world, and it is 
estimated that worldwide ~ 70% of the population has zero access to an 
MRI scan [6,7]. Within the past five years there has been a strong push, 
academically and commercially, to address this issue by developing low- 
field (less than100 mT) MRI systems that have been designed for use in 
the intensive care unit (ICU) [8,9], for pediatric imaging in developing 
countries [10,11] and as point-of-care devices [12]. Each of these sys
tems is based upon permanent magnet technology, using variously a 
yoked C-shape magnet [8,9], a homogeneous Halbach configuration 
[10,11], or a gradient Halbach configuration [13–15]. 

The advantages of low-field MRI include reduced patient contrain
dications, more benign image artifacts, and low SAR, which allows 
efficient data acquisition using, for example, long echo trains of fully- 
refocused turbo (fast) spin echoes (TSE). However, there are currently 
very few if any published quantitative assessments of these safety as
pects or comparisons to standard clinical systems. The American Society 

for Testing and Materials (ASTM) and the National Electrical Manufac
turers Association (NEMA) have written multiple quantification pro
tocols on these aspects; however, many of these protocols cannot be 
directly applied to a Halbach array MRI system due to the transverse 
direction of the main magnetic field B0, and the limited size of the bore, 
i.e. currently head-only as opposed to whole-body. THis study provides 
the first quantitative results for magnetically induced forces and image 
artifacts from passive medical devices with different geometries and 
susceptibilities on a 50 mT Halbach-based system, also discussing ad
aptations of ASTM protocols. In addition we simulate the SAR in terms of 
parameters such as echo train length and inter-pulse times for TSE 
sequences. 

2. Materials and Methods 

The system used in this study, operating at 50 mT (2.15 MHz), has 
been described in detail previously [11] and consists of a Halbach 
magnet of twenty three rings stacked 22 mm apart, with two layers of 
N48 neodymium boron iron (NdBFe) magnets (12 × 12 × 12 mm3) per 
ring. The array has a clear bore of 27 cm, and a length of 50 cm between 
the two outer rings. An additional shim ring filled using 3 × 3 × 3 mm 

Fig. 1. (left) Photograph of the 50 mT Halbach array magnet with clear bore diameter of 27 cm. The x, y and z spatial convention is also shown (top right) Simulated 
magnetic field through the central axes of the magnet in the yx and zx planes. (bottom right) Corresponding calculated plots of the spatial gradient of the mag
netic field. 

Fig. 2. Photographs of the four passive implants used to quantify image artifacts. (left to right) A septal occluder, an iliac stent, a pedicle screw, and an endoscopic 
clip. The scale is in centimeters. 
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N45 NdBFe magnets is used to improve the B0 field homogeneity: the 
value achieved was 2400 parts-per-million (ppm) over a 20 cm diameter 
spherical volume (DSV). The total weight of the magnet, including all 
components, is ~ 75 kg. Fig. 1 shows a photograph of the magnet, the 
simulated magnetic field through the central plane in two axes, and the 
corresponding calculated spatial gradient of the static magnetic field. 
The magnet is positioned inside a 62.5 × 62.5 × 85 cm Faraday cage 
constructed from 2 mm thick aluminium sheets. Gradients coils consist 
of 1.5 mm diameter copper wire pressed and glued into 3D printed 
formers. The efficiencies of the ×, y and z gradient coils are 0.59, 0.95 
and 1.02 mT/m/A, respectively [16]. A triple-axis custom-designed 
gradient amplifier produces an output gain of 1.5 Amps per 1 V input 
from the +/- 10 V 16-bit digital-to-analogue (DAC) gradient drivers of 
the MR console (Magritek Kea 2, Aachen, Germany). The RF pulses 
generated by the MR console are amplified by a custom built 1 kW RF 
amplifier. All experiments on the 50 mT system use a 15 cm diameter, 
15 cm long solenoid transmit/receive coil made with 45 turns of 0.8 mm 
diameter copper wire. 

Four implants, shown in Fig. 2, were used in this study with a wide 
range of magnetic susceptibilities: a septal occluder (Amplatzer, nitinol), 
an Iliac stent (Cordis, S.M.A.R.T. Control, nitinol), a pedicle screw (CD 
Legacy 5.5, Medtronic, stainless steel, non-ferromagnetic) and an 
endoscopic clip (Resolution, Boston Scientific, stainlesss steel, ferro
magnetic). We note that, since it is ferromagnetic, the endoscopic clip 
lies outside the remit of the ASTM protocol [17], which only covers MR- 
Conditional and MR-Safe implants, but is included here as an illustrative 
example. 

For comparison purposes, images were also acquired from clinical 
1.5, 3 and 7 Tesla whole body MRI systems (Philips Healthcare, Best, 
The Netherlands). Displacement forces were also measured on the 7 
Tesla system, following the procedure outlined by van Rijn et al. 
[18,19]. Images for artifact assessment were acquired using body coil 
transmit and head array receive (1.5 and 3 T) and head coil transmit and 
head array receive (7 T). 

2.1. Magnetically induced displacement forces arising from passive 
medical implants 

The assessment of magnetically induced displacement forces, Fm, of 
medical devices is described in ASTM protocol F2052-15 [20]. Sum
marizing, the device is suspended by a string near the entrance to, and 
on the main axis of, the bore of the MRI scanner. The string should be 

less than 1% of the weight of the device and should be long enough such 
that the device hangs freely. The spatial gradient of the static magnetic 
field should be within 20% of its on-axis maximum. The angular 
deflection of the device is measured using a protractor with 1◦ markings. 
The angle of deflection, α, provides the relation between Fm (which is 
proportional to the spatial gradient of B0) and Fg, the gravitational force: 
Fm = Fgtanα. The device must be on-axis with the bore to determine this 
relation, since the protocol is based on the concept that on axis the 

gradient vector field of the scalar B0 is ∇
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dz ẑ. The third 

component in the y-direction is not taken into account, since Fg acts 
along this axis. Unlike for a conventional superconducting magnet, the 
maximum of the spatial gradient is not located along the central axis but 
at a certain radial distance (Fig. 1), and so we adapted the protocol by 
designing a custom-built apparatus, shown in Fig. 3, which can rotate to 
sample different radial locations (we note that a conventional flat sup
port would limit the size, and thus the accuracy, of the measurements 
since the bore of the 50 mT is much smaller than that of clinical scan
ners). For comparison measurements at 7 T, the standard ASTM protocol 
is used [18]. On both systems, the measurement was made in the region 
of highest spatial gradient at the entrance of the bore. The angle of 
deflection α was measured for the pedicle screw, iliac stent and endo
scopic clip outlined earlier, as well as a glucose sensor (Freestyle Libre, 
Abbott) and four different dental retainer wires (Pentacat, Penta One, 
Forestaflex and Remanium) which have been studied at 7 T previously 
[19]. For objects exceeding a 45◦ angle of deflection, a non-magnetic 
(brass) weight was added, according to the method proposed by New, 
et al. [21]. 

2.2. Image artifacts arising from passive medical implants 

ASTM F2119-07 [17] quantifies image artifacts produced by im
plants by acquiring a pair of images with and without an implant in the 
field-of-view. This implant should be immersed in a solution, preferably 
CuSO4-doped water to reduce T1, and the container which holds both the 
implant and solution should be large enough to have at least 4 cm 
clearance around the implant. A reference object that causes no image 
artefacts itself, for example a nylon rod, should be placed in the 

Fig. 3. (left) The setup for the magnetically induced displacement force measurement inside the 50 mT system with the angle of deflection α’, angle of rotation β and 
absolute angle of deflection α indicated. The setup is based on the F2052-15 ASTM protocol with the additional capability of rotating the device to enable mea
surement of the variation along the z-axis. (b) The setup used for comparison measurements on the 7 T system follows the F2052-15 ASTM protocol. 
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container and must be present in both images. Images should be made of 
the implant in all relevant (i.e. depending on the degree of cylindrical 
symmetry of the implant) orientations relative to B0. For all orientations, 
images should be made with all possible phase- and frequency-encoding 
directions. For the worst-case orientation, and corresponding worst-case 
phase- and frequency-encoding combination, a gradient echo image is 
also acquired. 

Fig. 4 shows the setup for the measurements. The container (poly
propylene bottle, diameter 9 cm, height 11 cm) contains a nylon refer
ence rod, placed next to the implant, and is filled with CuSO4 solution. 
The implants were attached to thin nylon strings such that they are 
located in the middle of the container. The reference rod was fixed at the 
edge of the container, leaving as much space around the implant as 
possible. Images were acquired in every unique combination of fre
quency- and phase-encoding direction with respect to B0. Since all the 
used objects were cylindrical symmetric, two sets of scans (swapping 
phase and frequency directions) were run for each implant. 

Imaging experiments were performed on the 50 mT scanner as well 
as a commercial 1.5 T, 3 T and 7 T scanners (Philips, Best, the 
Netherlands). In the first set of experiments, the imaging parameters 
were set to be as close to identical as possible on all four systems, paying 
particular attention to the acquisition bandwidth (Hz per pixel) which is 
the major determinant of image artifact size for a given field strength. In 
this case a bandwidth of 160 Hz/pixel was used, based on typical im
aging parameters used on the 50 mT system. On all systems the spatial 
resolution was 1 × 1 × 1 mm, a 3D non-selective TSE sequence was used 
with no signal averaging. First order shimming was performed prior to 
every scan on the phantom without an implant placed in it, the same 
shim settings were subsequently used for imaging with the implants in 
the phantom. 

Since a 160 Hz/pixel bandwidth is well below the maximum 
attainable on the clinical systems, the second set of experiments ac
quired images with a much higher bandwidth (880 Hz/pixel) to more 
closely resemble standard clinical protocols. 

The definition for an image pixel corresponding to an image artifact 
used in the ASTM protocol [17] is one whose intensity varies by at least 
30% with respect to the corresponding intensity in the reference image 
containing the nylon rod only. As illustrated in Fig. 5, the number of 
distorted pixels is calculated by setting all the pixels to zero which are 
within 30% of the reference image, and summing the remaining pixels. 
This process is performed for the coronal slice containing the biggest 
artifact. In order to account for any slight differences in signal intensity 
between the two scans, normalization is performed for an area of the 
image where distortion does not occur. Any slight shift in position 
(~mm translation or rotation) between the two images produces “ring 
artifacts” around the outside of the cylinder and the nylon rod: these are 
masked out. 

2.3. Simulated specific absorption rate for TSE sequences at low-field. 

T1 relaxation due to dipole–dipole interactions is more efficient at 
lower B0 fields and this means that the optimum TR, in terms of maxi
mizing SNR per square root time, is shorter at lower fields. This means 
that a greater degree of signal averaging can be used at lower field, thus 
increasing the SNR. T2 relaxation times are relatively field-independent. 
At higher magnetic fields, when running TSE sequences, SAR often limits 
the minimum inter-pulse time, the maximum number of echoes ac
quired, and the tip angle of the “refocussing pulse”. At lower field, this is 
much less of an issue, and TSE sequences with a large number of echoes, 
short inter-pulse time and full 180◦ refocusing pulses can be run, all of 

Fig. 4. (left) Photograph of the set up used for measurement of image artifacts. A cylindrical container is filled with CuSO4 doped water. The lid integrates a solid 
nylon rod and the particular device is attached using thin nylon string, and located in the centre of the cylinder. A 3D printed former was designed to locate the 
phantom in the centre of the magnet for reproducible positioning. (centre) and (right) illustrations of the physical set up on the 3 T and 50 mT systems, respectively. 

Fig. 5. Schematic showing the processing steps involved in quantifying the artifact size. (left) Reference image acquired with the nylon rod present as a black hole. 
(centre) Image acquired with implant in place. (right) After correction for any slight positional changes and intensity normalization, the pixels showing > 30% 
change in intensity are displayed, and summed to give the total number of pixels which constitute the artifact size. 
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which which increase the SNR. Most papers on low-field MRI simply 
state that SAR is not problematic at low-fields, given that the SAR is 
proportional to the square of the B0 field. Nevertheless, it is clear that 
there must be some limits in terms of data acquisition parameters, 
beyond which SAR does indeed become an issue. In order to give some 
guidelines on how these values relate to SAR limits, we performed nu
merical simulations based on equations originally derived by Bottomley 
et al. [22] for a coil producing uniform excitation within the imaging 
region-of-interest: 

SAR = 6.81 × 10− 19 ν2R2

ρsTR
∑

i

Ni

τi

(
2θi

π

)2  

where Ni represents the number of RF pulses applied, θi the tip angles of 
these pulses, τi the duration of each pulse; R is the radius of coil, ρ the 
resistivity of the imaged body part, and s its specific gravity. For simu
lations of the brain performed here, R has a value of 0.092 m, ρ2.17 Ωm, 
and s 1.07. Since TSE sequences are commonly used for portable low- 
field MRI systems, and also produce the highest SAR, we simulated 
different pulse durations, echo train lengths, and inter-pulse times. We 
specifically modelled scenarios which lie within the technical limits of 

most current low-field systems. Since most of these indeed result in SAR 
values which produce temperature rises which are well below the values 
required by the National Electrical Manufacturers Association (NEMA) 
protocol for the characterization of the specific absorption rate for 
magnetic resonance imaging systems [23], only simulations were per
formed. We also note that, since all medical implants are much smaller 
than the wavelength (λ ≈ 140 m in air and 20 m if fully immersed in high 
water-content tissue) at 2.15 MHz, essentially identical values of SAR 
would be expected with or without a passive implant. 

3. Results 

3.1. Magnetically induced displacement forces 

Table 1 lists the measured displacement angles and derived 
displacement forces acting on a range of different implants at 50 mT, and 
at 7 T to represent the other extreme of the highest magnetic field used 
clinically. 

Table 1 
Summary of deflection angles and forces exerted on different passive implants at 7 T and 50 mT.    

7 T 50 mT 

Object Weight 
(g) 

Weight added 
(g) 

Deflection angle 
(degrees) 

Force on object 
(mN) 

Weight added 
(g) 

Deflection angle 
(Degrees) 

Force on object 
(mN) 

Iliac Stent  0.2 – 5 0  – 0 0 
Penticle Screw  7.43 – 5 6.38  – 0 0 
Pentacat wire  0.09 2 41 17.77  0.29 9 0.59 
Penta One wire  0.09 2 43 19.02  0.29 10 0.66 
Endoscopic Clip  0.1 4.5 37 34.00  0.98 11 2.06 
Forestaflex wire  0.06 4.15 51 51.00  1.32 13 3.13 
Remanium wire  0.08 4.15 56 61.50  1.9 21 7.46 
Glucose Sensor  3.1 11.25 45 140.77  0.29 14 8.29  

Fig. 6. Images through the centre of each object from a 3D TSE sequence on the 50 mT system with four different objects: the frequency encoding (FE) direction is 
specified in each case. Spatial resolution 1 × 1 × 1 mm and readout bandwidth 160 Hz per pixel. 
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3.2. Image artifacts at 50 mT, 1.5 T, 3 T and 7 T. 

Fig. 6 shows images acquired from four different implants on the 50 
mT system using a TSE sequence with a readout bandwidth of 160 Hz 
per pixel. Four sets of images are shown, with the main axis of the 
implant parallel and perpendicular to B0, and with the frequency and 
one of the phase encoding directions parallel and perpendicular to B0. 
The images show that the artifact size is not greatly influenced by the 
orientation relative to B0, nor by the orientation of the phase and fre
quency encoding directions. Note that since the endoscopic clip is 
ferromagnetic, it naturally aligns along the B0 axis, and so there are no 
data for directions perpendicular to this. 

Fig. 7 provides a direct comparison between the “worst-case” images 
(i.e. the largest artifact size as a function of object orientation with 
respect to B0 and frequency/phase encoding axes) acquired on the 50 
mT system with those acquired using the same acquisition bandwidth 
(160 Hz/pixel) on the 1.5, 3 and 7 Tesla human MRI scanners. In each of 
these scans, the worst case corresponds to the long axis of the device 
placed perpendicular to B0, with the exception of the ferromagnetic clip 
which naturally aligns with B0. As expected the image artifacts become 
larger the higher the value of B0. 

As outlined earlier, the clinical scanners have a much higher normal 
operational mode gradient strength (~40 mT/m) than is currently used 
on the 50 mT system (~8 mT/m), and so in practice a much higher pixel 
bandwidth than 160 Hz/pixel would be used when imaging patients 
with implants. Fig. 8 shows images corresponding to a bandwidth of ~ 
880 Hz/pixel i.e. a bandwidth higher by a factor roughly equal to the 
difference in maximum gradient strengths. Even with the higher pixel 

bandwidth, the images acquired on the clinical systems show consis
tently higher artifacts compared to the low readout bandwidth images 
acquired on the 50 mT system. 

Quantification of the artifact size was performed using the protocol 
outlined previously. Fig. 9 shows the artifact size obtained from both the 
best-case and worst-case situations for all four passive implants. 
Gradient echo images corresponding to the worst-case scenario are 
shown in the supplementary information. As expected the artifacts are 
greater in extent for the gradient echo compared to spin echo experi
ments. The images acquired at 50 mT, despite being relatively low in 
SNR due to the long echo time (15 ms) used, nevertheless show that 
there is still signal very close to (and even within) the implant in the 
cases of the septal occluder, iliac stent and pedicle screw, implying that 
rapid gradient echo sequences might also be feasible to run if the overall 
homogeneity of the B0 field can be improved and sequence optimization 
performed to acquire gradient echo images with shorter echo times. 

3.3. Simulations of specific absorption rate for TSE sequences at 50 mT 

As mentioned earlier, most low-field systems acquire data based on 
extended TSE sequences with full 180◦ refocusing pulses (unlike at 
higher field strengths where pulses typically have much lower tip an
gles), which are either square [10,11] or amplitude and frequency 
modulated to provide sufficient excitation bandwidth [12,15]. For the 
50 mT system used in this study, the typical MR linewidth (frequency 
spread) of a human head placed in the magnet is 1–2 kHz, meaning that 
an excitation pulse of 100–200 μs duration gives uniform excitation. 
Fig. 10 plots the SAR vs. inter-pulse delay for different echo train lengths 

Fig. 7. Comparison of “worst-case” images for each object acquired at four different field strengths. Each image was acquired using a 3D turbo-spin echo sequence, 
spatial resolution 1 × 1 × 1 mm, readout bandwidth 160 Hz per pixel. 
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of a TSE sequence, covering typical values reported in the literature, e.g. 
echo train lengths of 16–32 with inter-pulse times of ~ 10–20 ms. Under 
these conditions one can see that the SAR is roughly one order-of- 
magnitude lower than the allowed value [24] (assuming that there is 
no relaxation delay between successive k-space acquisitions, in which 
case the time-averaged SAR would be even lower). Only if one attempts 
to acquire large amounts of k-space in a single shot (ETL = 256 or 128) 
with an inter-pulse time of less than 10 ms, does the SAR approach the 
limit for the head [24]. Fig. 10 also shows the case for a much shorter RF 
pulse duration, corresponding to higher peak power. This scenario 
would be relevant if the static magnetic field was very inhomogeneous, 
for example when using surface magnets, and much shorter RF pulses 
were required to excite a much larger bandwidth. Fig. 10 shows that in 
the case of a 10 ms pulse, even typical echo train lengths (~32 echoes) 
with inter-pulse times (10–15 ms) can result in SAR values which are 
above the allowed limit. 

4. Discussion 

There has been a recent resurgence in interest in low-field MRI, 
driven by advances in readily-available magnetic materials with high 
remanence, improved magnetic-field modelling and optimization ca
pabilities, and a realization that despite significant technical de
velopments in MRI over the years the price and infrastructure required 
have essentially remained constant, making it still the most expensive 
clinical imaging modality, fully out of range for the vast majority of the 
world. In addition to this consideration, one of the areas in which low- 
field MRI has been postulated to make a signficant difference is in pa
tients who cannot undergo a scan due to the presence of metallic ma
terials, either as medical implants or as foreign objects as a result of 
penetrating trauma, usually shrapnel. In every case, there is a risk/ 
benefit analysis for the patient which involves an evaluation of the 
safety of such a procedure versus the potential benefit, which is directly 
related to the attainable diagnostic image quality of the scan. 

This study provides, to our knowledge, the first semi-quantitative 
overview of different safety aspects and analysis of image artifacts 

Fig. 8. Worst-case images acquired on each of the three clinical scanners with an increased readout bandwidth of 880 Hz per pixel.  

Fig. 9. Plots of the calculated image artifact size (1 pixel corresponds to 1 × 1 
× 1 mm) for (top) the worst case and (bottom) the best case situation at all four 
field strengths. 
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produced by various passive implants at low-field, in this case 50 mT, 
and compares the results to those obtained at conventional clinical field 
strengths (1.5 T and 3 T), as well as ultra-high field strength (7 T) for 
completeness. Since the size of medical implants and associated leads 
are much less than the RF wavelength, and gradient switching times are 
slower than those associated with clinical scanners, the main safety issue 
is the force from the static magnetic field, and the gradient in the static 
magnetic field. We note that, although most of these devices we assessed 
are used in conditions associated with organs other than the brain, and 
are therefore not directy applicable to many of the current (mainly 
neurological) studies performed at low-field, they represent situations 
which will be encountered as low-field systems expand into whole-body 
applications, and also represent some of the extremes of devices which 
will ultimately be encountered. In this work we only assessed trans
lational forces, since these are higher than the rotational ones. The 
maximum translational force occurs in the region where the static 
magnetic field gradient is highest, while the maximum rotational forces 
occur in the region where the magnetic field is uniform and maximum, 
which is normally at the isocenter of the magnet. As shown by the values 
reported in Table 1, the translational forces for all the implants studies 
are very low, and so pose very little risk to the patient. Unlike in a 
conventional superconducting magnet, the patient’s head is quite close 
to the inner bore of the magnet for most of the current low-field systems 
[8–10,12], and implants potentially have to travel through the relatively 
strong spatial gradients in the static magnetic field close to the outer 
bore of the magnet: therefore, we recommend that these types of mea
surement take place in these areas of high spatial gradients rather than 
along the bore of the magnet, which is the case for the ASTM protocols. 

In terms of image quality, the size of image artifacts produced by 
medical implants is a highly non-linear function of field strength, and so 
in this study we included passive implants which produce relatively 
minor artifacts (iliac stent) up to one which is ferromagnetic and pro
duces severe artifacts even at 50 mT (endoscopic clip). For the non- 
ferromagnetic implants, the TSE images at 50 mT show very little arti
fact around the implant, sometimes less than 1 pixel, with no “signal 
pile-up”. This means that useful information can be obtained from tissue 
very close to the implant. As shown in Figs. 7 and 8, the image artifacts 
at 50 mT are substantially smaller than those at higher field strengths, 
even when much larger bandwidths are used at the higher fields. This 
study is limited in the sense that the results show the artifacts produced 
by simple TSE sequences. There are, of course, a number of techniques 
which have been developed for clinical systems to reduce “metallic ar
tifacts” [25–27]. Using these types of sequence artifacts in the images 
acquired on the clinial scanners could potentially be reduced signifi
cantly, but these types of sequence do increase the scanning time at the 
particular field strength, and data acquisition parameters should ideally 

be optimized for each individual case: a detailed study and comparison 
could be the subject of a future study. Finally, it is important to note that 
implants which have substantial ferromagnetic components, or even 
magnetic ones such as cochlear implants, produce very large artifacts 
even at very low fields, resulting in images which will still be non- 
diagnostic. 

The results of the SAR simulations suggest that under the vast ma
jority of operating conditions limits will not be reached. TSE sequences 
with full refocussing pulses were analyzed, with different pulse dura
tions, echo train lengths, and inter-pulse times – which can also be 
reformulated in terms of duty cycle and flip angle in terms of maximum 
power. As shown in Fig. 10, these limits might only be reached in cases 
where very short, very high power RF pulses have to be used to over
come very significant B0 inhomogeneities. 

In this study, we have looked at a relatively small number of 
implantable devices, and so we hope that the protocols developed will 
encourage other researchers to add to this list. Results were obtained at 
50 mT since this represents the order-of-magnitude of magnetic field 
which is currently the focus for many academic and commercial groups, 
but it would be very instructive to consider higher field strengths (~0.2 
T) associated with human field-cycling systems [28,29] and portable 
systems for extremity imaging [30]. 

5. Conclusion 

Quantitative measures of displacement forces and image artifacts, as 
well as simulations of SAR, provide support for low-field MRI becoming 
a clinical imaging method for non-conventional settings such as the ICU 
and field hospitals dealing with head trauma, where conventional field 
strengths are inappropriate due to contra-indications. As discussed 
above, such low-field MRI systems may also constitute a low-budget 
solution for underdeveloped and/or developing countries. 
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Appendix A. Supplementary data 

Supplementary data to this article can be found online at https://doi. 
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Fig. 10. Calculated specific absorption rate (SAR) as a function of the inter-pulse time (t) for a TSE sequence with different echo train lengths (ETLs). The pulse 
durations are (left) 100 μs and (right) 10 μs. The head SAR limit (10 W/kg) (24) is shown by the dashed line. 
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