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Abstract

Purpose: In this work we investigated how the position of the radiofrequency (RF) shield can 

affect the signal-to-noise ratio (SNR) of a receive RF coil. Our aim was to obtain physical insight 

for the design of a 10.5 T 32-channel head coil, subject to the constraints on the diameter of the 

radiofrequency (RF) shield imposed by the head gradient coil geometry.

Method: We used full-wave numerical simulations to investigate how the SNR of an RF receive 

coil depends on the diameter of the RF shield at ultra-high magnetic field (UHF) strengths (≥ 7 T).

Results: Our simulations showed that there is an SNR-optimal RF shield size at ultra-high 

magnetic field strength, whereas at low field the SNR monotonically increases with the shield 

diameter. For a 32-channel head coil at 10.5 T, an optimally-sized RF shield could act as a 

cylindrical waveguide and increase the SNR in the brain by 27% compared to moving the shield as 

far as possible from the coil. Our results also showed that a separate transmit array between the RF 

shield and the receive array could considerably reduce SNR even if they are decoupled.

Conclusion: At sufficiently high magnetic field strength, the design of local RF coils should be 

optimized together with the design of the RF shield to benefit from both near field and resonant 

modes.
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INTRODUCTION

In magnetic resonance imaging (MRI), a local radiofrequency (RF) shield is often used in 

RF coil design to prevent dissipation of RF power via radiation, as well as signal wrapping 

from unwanted regions (1–4). Mirror currents that form on the local shield causes 

conductive losses that decrease the signal-to-noise ratio (SNR) of the receive coils. 

Therefore, at low magnetic field strength, for which the RF wavelength is normally larger 

than the target anatomy and the radiation of RF coil is low, it is desirable to place the shield 

as far as possible (but still inside the gradient coil) from the RF coil in order to limit losses 

due to RF heating on the conductive shield and achieve high SNR (5). As the magnetic field 

increases, radiation losses become more significant and could impact performance if the 

shield is too distant. Ong et al. showed that the distance between a surface coil and a 

rectangular RF shield could be optimized with respect to SNR at 4 T by measuring the 

unloaded and loaded quality factor on the unshielded side of the coil (4). However, the 

differences were negligible in vivo because sample losses were dominant. At ultra-high 

magnetic field (UHF) strengths (≥ 7 T), it was shown that a remote RF shield near the 

system gradient coil is large enough to behave as a waveguide and enable traveling wave 

excitation and reception using an antenna placed at the open end of the bore, away from the 

subject (6–8). The same configuration was also used to generate only the excitation, while 

employing a local receive array for high sensitivity (9,10), or in combination with z-oriented 

local coils for large FOV leg muscle imaging (11). However, due to poor transmit efficiency 

(12), this traveling wave MRI technique has not been widely applied and local coils are 

typically used for excitation and reception in UHF MRI systems (13–19). The performance 

of local coils can also be affected by the RF shield at UHF. In fact, as the RF wavelength 

decreases for higher main magnetic field strengths, RF shields with smaller diameters could 

begin to support traveling waves, create interference patterns within the imaging field of 

view, or act as cavity resonators. For example, Avdievich et al. showed that by bending the 

elements of a 9.4 T head dipole array surrounded by an elliptical RF shield, it is possible to 

excite additional resonance modes to increase the SNR in a region of interest (20). Although 

this previous work suggests that the location and dimension of the RF shield should be 

carefully considered when designing RF coils, especially for UHF, a thorough analysis on 

such topic has not been yet performed. Given the growing interest in ultra-high field MRI 

systems, the aim of this work was to investigate how coil SNR depends on the size of the RF 

shield at different UHF strengths.

METHODS

Simulations

All simulations were performed using Microwave Studio (Computer Simulation Technology, 

CST, Darmstadt, Germany), a numerical electromagnetic (EM) field solver based on the 

finite integration technique method. Conductive materials were modeled as perfect electric 

conductors. The Microwave Studio transient solver calculated the time-varying EM field 

distribution resulting from excitation with a Gaussian pulse at the input ports. The EM field 

behavior at the frequency of interest was then derived by Fourier transformation. To ensure 

convergence and avoid truncation error in the Fourier transformation, for all simulations a 
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relative attenuation threshold of −40dB was set for the amplitude of the signal at the input 

ports at the end of the simulation time interval. We truncated the numerical body model 

“Duke” from the Virtual Family (21) to include only the head and the neck (Figure 1). The 

voxel resolution was 5 mm3 and 31 tissue types were included, for which we updated the 

electrical properties at each simulated frequency.

Single coil simulations

For the first series of simulations, we modeled an 80 mm-diameter loop coil with 3 mm 

conductor width. The coil was placed at the back of the head model, tilted by 30 degrees to 

conform to the curvature of the head, ensuring at least 20 mm between the conductor and the 

head (Figure 1a). The coil was segmented by inserting eight 4 mm gaps evenly distributed 

on the coil. Six gaps were connected with fixed capacitors, whereas the remaining two gaps, 

opposite to each other, were each connected to a 50 Ohm port for matching and tuning, 

respectively, in co-simulation. The capacitance was the same for all fixed capacitors and was 

updated at each simulation to ensure that the individual values were similar to the tuning 

capacitance at the port in co-simulation, to obtain an evenly distributed surface current on 

the coil for all field strengths and simulation setups. The head model was placed at the 

isocenter of a local cylindrical RF shield. The RF shield was modeled with 500 mm length 

and 12 different diameters. In particular, we used 345 mm, 365 mm, 385 mm, and then from 

400 mm to 640 mm we uniformly increased the diameter by 20 mm steps. All setups were 

simulated for main magnetic field strength equal to 3 T (123.2 MHz), 7 T (297.2 MHz), 9.4 

T (400 MHz), 10.5 T (447.06 MHz), 11.7 T (498.15 MHz), and 14 T (594.5 MHz). For the 

14 T case, additional diameter values were simulated, extending the range from 305 mm to 

920 mm, in order to include more than one RF wavelength. The 14 T simulation was 

repeated after moving the coil 20 mm away from the head model, which constrained the 

smallest possible shield diameter to be 325 mm in this case. The calculated EM field was 

exported and the SNR of the loop coil for every voxel of the head model was estimated by 

dividing the absolute value of the receive sensitivity B1
−  by the square root of the intrinsic 

noise power, estimated as the integral over all voxels of the product of the electric 

conductivity and the absolute value squared of the electric field (σ |E|2). The SNR estimation 

was performed in Matlab (The MathWorks, Natick, MA, USA).

10.5T 32-channel receive head coil simulations

We simulated a 32-channel receive head coil (Figure 1b), arranging its elements on the 

surface of a holder consisting of a 240 mm-diameter half sphere and a cylinder with 240 mm 

diameter and 160 mm length. The array consisted of two crossed dipoles (105 mm in length 

and 5 mm in width) at the top of head, followed by one row of 6 loops (84 mm in diameter), 

a second row with 12 loops (84 mm in diameter), a third row of 10 loops (90 mm in 

diameter). While the first two rows encircled the head, the third row had an opening in the 

front to avoid covering the face. Two additional 90 mm loops were placed at the back of the 

head to cover the low brain stem region. Geometric overlap was used to decouple adjacent 

loop elements (22,23). Each loop was evenly segmented with 8 gaps. Fixed capacitors were 

then placed on 6 of the gaps for tuning. For identical coils, all fixed capacitors had the same 

capacitance, which was determined by simulating single 84 mm and 90 mm loops. A 50 
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Ohm port was placed in each of the two remaining gaps, then one port was used for tuning 

and the other one for matching in the co-simulation environment. Simulations for individual 

coil elements of the array were performed separately, leaving one gap open in each of the 

other coil elements to mimic preamplifier decoupling (22). Simulations were repeated by 

placing the head model at the isocenter of a RF shield for three different diameters, 

corresponding to available design options currently under considerations for the integration 

of a 32-channel receive coil within the head gradient insert of a 10.5 T MR system. In 

particular, we simulated a 640 mm diameter RF shield lining the inner surface of the body 

gradient, a 400 mm diameter shield lining the inner surface of the insertable head gradient, 

and a 345 mm diameter minimum diameter shield intended to be positioned just inside the 

head bore liner. The length of the RF shield was 500 mm in all cases.

To evaluate eventual shielding effects associated with the use of an external transmit array 

on the receive array performance, the 32-channel head coil was placed inside a transmit 

array (14), where all lumped elements had been removed. The transmit array was designed 

on a 320 mm-diameter cylindrical substrate (εr = 1, σ = 0 S/m), and consisted of 15 

rectangular coils (85 mm × 115 mm), arranged in two staggered rows (45 degrees offset 

between the two rows) with 8 coils on the top row and 7 on the bottom row. The two rows 

were separated by a 20 mm gap in z direction. Each coil was segmented with 16 evenly 

distributed gaps. The conductor width of the transmit elements was set to 6 mm and 12 mm 

in two different simulation setups. The receive array together with the integrated external 

transmit array were placed at the isocenter of the 400 mm diameter RF shield for the 

simulation.

Electric and magnetic fields were exported from CST for each coil. The electric fields were 

employed to calculate the intrinsic noise covariance matrix (22,24), the magnetic field to 

calculate the receive coil sensitivities. The SNR was then estimated at every voxel using the 

following optimal matching filter combination of the coils’ contributions (22,24), as a metric 

to compare relative array performance for the different simulation setups.

SNR rn ∝ ω0M0

S rn
HΨ−1S rn

−1 , (1)

where M0 is the equilibrium magnetization, ω0 is the Larmor frequency, S (rn) is a vector 

that contains the complex-valued receive sensitivities associated with each coil at the target 

voxel position rn, the superscript H indicates the conjugate of the transpose. ψ is the noise 

covariance matrix that accounts for coupling effects between the coils, whose elements were 

calculated as

Ψm, m′ = V ∑n = 1
Nvoxels σ rn Em rn ⋅ Em′* rn , (2)

where the indices m and, m′ indicate the coil elements, V is the voxel volume, the sum is 

performed over all voxels (Nvoxels) of the model, σ is the electric conductivity, E is the 

electric field and the superscript * indicates the complex conjugate.
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RESULTS

Figure 2 shows the SNR of the single coil, averaged over all voxels of the head model, as a 

function of the shield diameter. At 3 T and 7 T, the SNR monotonically increased with the 

size of the shield. At higher magnetic field strengths, the SNR peaked for a particular value 

of the shield diameter: 465 mm, 420 mm, 378 mm and 345 mm, for B0 = 9.4 T, 10.5 T, 11.7 

T and 14 T, respectively. At 14T, the SNR reached a minimum for shield diameter between 

440 mm and 540 mm, with the middle point at 490 mm, and began to grow again for larger 

diameters. After extending the 14 T plot to include diameters of the RF shield between 305 

mm and 920 mm (covering two wavelengths at 14 T in free space), the SNR exhibited an 

undulatory behavior (Figure 3a). In particular, the highest SNR corresponded to the smallest 

diameter (305 mm), and then the SNR oscillated between minima and maxima. The distance 

between a SNR minimum and the following SNR maximum, as well as their amplitudes, 

decreased for larger shield diameters. After the RF coil was moved additional 20 mm away 

from the head model, to weaken the perturbation due to the head model, the SNR behavior 

as a function of the shield diameter followed the curvature of a Bessel function (Figure 3b). 

Note that the location of the minima and maxima remained the same as for Figure 3a, which 

means that the particular position of the coil element had no effects on the values of the 

shield diameter that optimize SNR. Figure 4 shows the EM field distribution and B1
– created 

by the single coil element at 10.5 T for the three 32-channel array setups in Figure 1b. We 

can see that the EM field was local for the small shield diameter (345 mm) that yielded the 

lowest SNR (Figure 2d), whereas when the diameter was large enough to allow the 

propagation of the first cylindrical resonant mode, the EM field traveled along the RF shield 

and was reflected back at the opening due to the impedance mismatching, resulting in 

overall higher SNR.

Figure 5 compares the SNR of the 10.5 T 32-channel head array for the three different RF 

shield sizes in Figure 1b. As suggested by the single coil simulations (Figure 2d), a shield 

diameter of 400 mm yielded higher SNR than both smaller and larger diameters. In 

particular, the average SNR inside the head was 17% and 27% times larger than when the 

shield diameter was 345 mm and 640 mm, respectively. Moreover, when the diameter of the 

RF shield was 400 mm, a resonance effect created a SNR hotspot at the center of the head, 

in addition to a substantial SNR increase in the peripheral region. As a result, the central 

SNR was 1.6 and 2.03 times higher for the 400 mm diameter compared to 345 mm and 640 

mm diameters, respectively.

Figure 6 shows how the SNR of the 32-channel head array for the case of the 400 mm 

diameter shield was affected by the presence of a 15-channel detuned transmit array 

arranged on a 320 mm-diameter cylindrical former. When the copper width in the transmit 

array was 6 mm, central SNR dropped by approximately 30%. When the copper width was 

doubled, the central SNR dropped even further, becoming 50% of the SNR in case without 

the transmit array. Note that the SNR hotspot at the center of the head disappeared when the 

transmit array was included.
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DISCUSSION

In UHF MRI systems where the RF wavelength is smaller than the human-sized sample, 

traditional RF array designs are not necessarily optimal in terms of SNR. For example, 

theoretical (25,26) and experimental (27–32) work has shown that novel RF coil designs are 

needed to fully exploit the potential of UHF MRI. In this work we instead investigated how 

the design of the RF shield can affect the performance of receive coils at UHF. While for 

field strengths ≤ 7 T, we confirmed the validity of the standard design approach of placing 

the RF shield as far as possible from detector coils, we found that at higher field strength, an 

optimal size for the shield exists within the space allowed by the bore of the MR scanner. 

This is due to the fact that, at sufficiently high frequency, the RF shield behaves as a 

cylindrical waveguide and contributes to the total EM field detected by the receive coils. For 

a length of 50 cm, the optimal shield diameter that maximized SNR for a single was about 

470 mm and 420 mm at 9.4 T and 10.5 T, respectively (Figure 2). Note that the ratio of these 

two optimal diameters is 1.12, which is also the ratio of the operating frequencies of the two 

field strengths (10.5 T/9.4 T). This is consistent with the cylindrical resonator theory, in 

which the diameter of the waveguide is inversely proportional to the resonance frequency of 

the first mode (33). As a result, the optimal shield diameter is inversely proportional to the 

main magnetic field strength.

It is worth noting that the length of the shield could affect such proportion. In this work, we 

set the absorbing boundary right at the open end of the RF shield to eliminate reflection due 

to characteristic impedance mismatch. This allowed us to focus on the shield diameter, 

without having to consider the effect of its length. While allowing reflection from the end of 

the shield would have a minor effect on our results because more than 99% of the RF power 

is absorbed by the sample, this effect should instead be modeled in the case of smaller loads, 

when a non-negligible amount of power would be reflected. In such case, the optimal 

diameter of the RF shield would likely depend on its length, since constructive and 

destructive interferences between forward and reflected EM waves would happen at different 

positions depending on the RF wavelength.

Our setup in Figure 1a included only the head of the Duke model to enable us to position the 

model at the center of the RF shield for all diameters considered in our simulations. Such 

truncation has an effect on the propagation of the EM field within the shield. However, when 

we included also the shoulders in the simulation, which required moving the model away 

from the center of the RF shield, we found that the results were minimally affected (Figure 

7). In particular, the overall trend for 10.5 T was the same as in Figure 2d, but the optimal 

shield diameter decreased from 420 mm to 400 mm, with a minor effect on the SNR.

For the case of traveling wave MRI (6) the highest transmit efficiency is associated with a 

bore diameter that is equal to or barely larger than the size that supports the cut-off 

frequency of the first traveling wave mode (12). For the case of the RF shield resonating 

effect described above, the SNR begins to increase after the shield size allows the first 

resonant mode, which is a transverse electrical mode (TE11) (8–10,12,34) and reaches its 

maximum before the second mode, which is a transverse magnetic (TM01) mode, kicks in. 

At the same time it is still desirable to place the shield far from the coil to reduce inductive 
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losses, conforming to 3 T and 7 T cases in Figure 2, but not far enough to support higher-

order modes, which would negatively affect SNR by increasing the electric field within the 

sample. Unlike the traveling wave system, where the basic mode is excited from the open 

end of the scanner and, therefore, its cutoff frequency depends only on the diameter of the 

empty bore, for the local resonating system created by the cylindrical shield, the cutoff 

frequencies depend also on the dielectric properties of the object inside. Therefore, due to 

the inhomogeneous load within the shield, the cutoff frequency for the second resonant 

mode cannot be analytically calculated for MRI applications, but one could still predict a 

suitable shield geometry with full-wave electrodynamic simulations. For example, based on 

the equivalence between the ratio of main magnetic field strengths and the ratio of the 

optimal shield diameters (see above), using the 10.5 T results, we could estimate that the 

optimal shield diameter should be approximately 377 mm and 307.5 mm at 11.7 T and 14 T, 

respectively. These values are, in fact, in agreement with the diameters associated with the 

largest SNR in the corresponding plots in Figure 2. Note that the optimal shield diameter 

derived from the single coil simulation was similar to the diameter that yielded the largest 

SNR for the 32-channels array. While this suggests that single coil simulations can provide 

reasonable predictions, simulations with the full array are needed to account for interactions 

between coil elements and accurately estimate the shield size that maximizes SNR.

We showed that at UHF the behavior of the SNR as a function of the diameter of the RF 

shield follows the curvature of a Bessel function (Figure 3), which also describes the radial 

dependency of the EM field inside a cylindrical waveguide (34). This suggests that the RF 

shield of given dimension indeed acts as a local waveguide that supports resonant modes at 

UHF. The minima and maxima of the SNR occurred for the same values of the RF shield 

diameters both when the coil was close and at some distance from the head model, although 

only in the latter case the curve closely resembled the shape of a Bessel function. This 

suggests that the overall behavior of the SNR as a function of the shield diameter does not 

depend on the distance of the RF coil relative to the sample. However, it is worth noting that 

this particular SNR behavior was only observed when the coil was tilted in the z-direction. 

In fact, in the single coil simulation setup, when the coil was laid down flat on a cylindrical 

substrate, in which case its axis was pointing in the left-right direction in Fig. 1a, even at 

UHF the SNR monotonically increased with the shield diameter. We validated this finding 

using both numerical simulations with a human head model and full-wave analytic 

calculations with a uniform cylindrical phantom (25). This result suggests that in order to 

excite the given resonance mode effectively, a z-component of H field is needed, which is 

consistent also with the findings in (20).

At 3 T and 7 T, the SNR of the single coil monotonically increased with shield diameter, but 

it only changed by 4% and 8%, respectively, in the range of shield diameters between 345 

mm and 640 mm. In contrast, at higher field strengths, when the RF shield with optimal 

diameter acted as a resonator at operating frequency, the SNR for a single coil element could 

change by as much as 20% (Figure 2). In the case of the 10.5 T 32-channel array, the SNR at 

the center of the head was twice as large for the 400 mm-diameter shield (the optimal value 

when including the shoulders in the single coil simulation – see Figure 7) than for the more 

distant 640 mm-diameter shield and 60% larger than for the close-fitting 345 mm-diameter 
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shield. These results show that the size of the RF shield could play a critical role for SNR 

performance at UHF and, therefore, it should be taken into account when designing coils.

Figure 4 shows that, once the diameter of the RF shield was large enough, a resonating mode 

appeared and reduced the electric field distribution in the head, while enhancing the B1 field. 

As a result, the SNR was higher. However, when the shield diameter was considerably larger 

than the optimal diameter, the electric field increased and seemed to travel around the head, 

which resulted in lower SNR. This could be explained by the appearance of the second 

resonant mode, which is a TM01 mode. Due to presence of the dielectric load of the sample, 

its exact cutoff frequency cannot be calculated analytically to confirm such hypothesis. The 

high SNR at the center of the head associated with the optimal shield diameter (Figure 5) 

could be the result of constructive interference created by the TE11 mode of the resonator.

In conclusion, we demonstrated that at sufficiently high magnetic field strength, the design 

of the local RF coils should be optimized together with the RF shield and to benefit from 

both near field and resonating effects of the shield. This work provided an insight for 

choosing the most suitable shield size (i.e., 400 mm diameter), among three potential design 

choices, for an RF shield that we plan to integrate with a 32-channel receive array and a 

head gradient system at 10.5 T. Our simulations showed that using a separate transmit array 

between the RF shield with the optimal diameter and the receive array could considerably 

reduce SNR, due to the shielding effect of the conductors in the transmit array.
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Figure 1. 
a) Single coil simulation setup. An 80 mm diameter loop coil was placed at the back of the 

5mm×5mm×5mm Duke head model, which was positioned at the isocenter of a 500 mm 

long RF shield for different diameter values (D1= 345 mm, 365 mm, 385 mm, then 

increased from 400 mm to 640 mm by 20 mm steps) in diameter; b) Setup for the 10.5 T 
head coil simulations. An encircling 32-channel receive loop array was simulated by 

varying the diameter of the RF shield (D2 = 345 mm, 400 mm and 640 mm).
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Figure 2. Average coil SNR within the head model as a function of the RF shield diameter.
The SNR of the setup in Figure 1 was calculated for shield diameters ranging from 345 mm 

to 640 mm, and at the MR frequencies of 3T (a), 7 T (b), 9 T (c), 10.5 T (d), 11.7 T (e) and 

14 T (f). SNR values were normalized by the maximum SNR for each plot independently.
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Figure 3. Average SNR of the single coil element vs the diameter of the RF shield at 14 T.
A similar behavior was observed both when the coil was close-fitting (a) or moved 20 mm 

away from the head model (b) to reduce the perturbation due to the head. In the latter case, 

the smallest shield diameter was increased to 325 mm to enclose both the coil and the 

sample at the isocenter. SNR was normalized by its maximum value for each plot 

independently.
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Figure 4. Amplitude of the electromagnetic field E and H, as well as B1− generated by the single 
coil at 10.5T for different sizes of the RF shield respectively.
For the smallest shield (G345), the field was locally distributed near the coil, whereas for the 

larger diameters (G400 and G640) the RF shield acted as a cylindrical resonator, allowing 

field propagation and reflection at its open end.
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Figure 5. SNR maps for the 32-channel head array for different sizes of the RF shield.
Images in SNR units for a central coronal section of the head model are compared for shield 

diameter equal to 345 mm, 400 mm and 640 mm. The SNR at the center of the brain is 

reported for each case.
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Figure 6. Effect of the encircling transmit array on the SNR of the 32-channel receive array.
Images in SNR units for a central coronal section of the head are compared for the cases 

with the receive array alone (left), combined with a 15-channel detuned transmit array with 

6 mm (middle) and 12 mm (right) conductor width. The transmit array conductors were 

arranged on a 320 mm-diameter cylindrical former surrounding the head and placed at the 

isocenter of a 400 mm diameter RF shield.
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Figure 7. Average SNR within the head model for a loop coil as a function of the RF shield 
diameter at 10.5 T.
An 80 mm diameter loop coil was placed at the back of the head of the 5mm×5mm×5mm 

Duke anatomical model, which included head, neck and shoulders. The setup was positioned 

inside a 500 mm long RF shield, shifted from isocenter to accommodate the shoulders in all 

simulated cases. The coil was tuned for 10.5 T and the average SNR within the head was 

calculated for different diameters of the RF shield (D1= 345 mm, 365 mm, 385 mm, then 

increased from 400 mm to 640 mm by 20 mm steps). SNR values were normalized by the 

maximum SNR.
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