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Abstract 

Background  Magnetic resonance images can be affected in a number of ways by magnetic field inhomogeneity. 
The study aimed to optimize the main magnetic field homogeneity (MFH) by assessing how magnetic field inho-
mogeneity affects the signal-to-noise ratio (SNR) and geometric distortion of images acquired along the diameter 
of a spherical volume phantom from the isocenter of the MRI scanner.

Results  The MFH ranged between 0.10 and 0.60 ppm. The best MFH and the maximum SNR were determined 
in the isocenter at 400 mm field of view with the application of shim. However, for all the phantom positions, geomet-
rical distortion in images acquired at 200 mm field of view was generally better and worse at 400 mm field of view. 
MFH could be optimized to reduce geometrical distortion and increase SNR by increasing the receiver bandwidth 
and the number of excitations whiles complementing it with shimming during image acquisition. According to Chi-
square independent test, there were no significant differences (p > 0.05) in the MFH, SNR, and geometrical distortion 
values. Compared to findings at higher field strengths, it was observed that MRI systems of higher field strengths 
(greater than 1.5 T) could offer superior magnetic field homogeneity and SNR without causing observable geometri-
cal distortion.

Conclusions  The optimal field of view for the fast field echo (FFE) sequence required to maximize MFH, SNR, 
and reduce distortion during image acquisition may vary across MRI systems of different field strengths. To determine 
the appropriate field of view, the method and results of this study could serve as a guide for medical physicists as part 
of their routine quality assurance test procedures.
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Background
Fast field echo (FFE) also known as gradient echo is 
a magnetic resonance (MR) pulse sequence widely 
employed in the acquisition of MR images, especially in 
applications such as cardiac magnetic resonance imag-
ing (MRI) and contrast-enhanced MR angiography [1]. 
FFE imaging reduces both imaging time and motion 
artifacts and is useful for evaluating critically ill, anx-
ious, or reluctant patients [2]. The magnetic field gen-
erated by an MRI scanner at the isocenter or magnet’s 
center is highly homogeneous. Away from the isocenter 
(i.e., towards the edges of the magnet), the magnetic field 
homogeneity decreases which could affect the quality of 
the images that are produced. This phenomenon occurs 
more frequently in investigations that involve large fields 
of view (FOV) when FFE sequences are employed [3]. 
The variations in tissue magnetic susceptibility also con-
tribute to the main magnetic field’s (B0) inhomogeneities 
[4]. Because of these effects, FFE sequences are not fre-
quently used in brain imaging [5].

The challenge of establishing homogeneous excitation 
and homogeneous signal reception across large fields of 
view (FOV), particularly across torso anatomy (which 
cannot be completely encircled by a small birdcage trans-
mit coil), is a significant limitation for musculoskeletal 
imaging at high field strength [6]. Even if it would be 
possible to position the patient so that the body compo-
nent being scanned is at the isocenter, some positions 
can be uncomfortable and painful, resulting in motion 
artifacts, extended acquisition periods, or repeated scan-
ning [3]. Also, at low field strengths, inhomogeneities can 
decrease image signal uniformity, increase wrap artifacts, 
compromise signal-to-noise ratio (SNR) and cause geo-
metrical distortion [7].

The geometrical distortion and loss in SNR in the FFE 
sequence are due to the effect of magnetic field inhomo-
geneity at the Larmor frequency of the hydrogen nuclei 
[8–10]. Geometric distortions in MRI are frequently 
minimal. As a result, they are generally disregarded in 
diagnostic procedures. However, distortions could affect 
image geometry procedures such as the planning of tan-
gential whole breast intensity-modulated radiation and 
stereotactic radiosurgery. Reducing geometric distor-
tions may help improve treatment outcomes by lowering 
the overall inaccuracy in these image geometry processes 
[11].

Some of the well-established techniques used to meas-
ure magnetic field homogeneity (MFH) include band-
width difference (ΔBW), resonance frequency mapping, 
full width at half maximum (FWHM), and phase shift 
mapping methods [9]. The ΔBW approach takes advan-
tage of the dependence of spatial distortion on gradi-
ent strength and field homogeneity to estimate MFH by 

comparing the spatial distortion observed at the same 
FOV for both low and high bandwidths in the frequency-
encoding direction [7]. The bandwidth difference method 
has the benefit of allowing for the measurement of vari-
ous diameters of spherical volumes in a single phantom. 
It is more practical and typically more adaptable to rou-
tine clinical MRI performance evaluations. Additionally, 
the technique has been tried on seven distinct clinical 
MRI system models, with consistent outcomes [9].

Chen et  al. [9] investigated the accuracy of the band-
width difference method for evaluating magnetic field 
homogeneity (MFH) by comparing it with the full width 
at half maximum (FWHM) and phase difference method. 
In another study, Jang et  al. [12] compared SNR and 
geometrical distortion between a 3  T conventional and 
wide-bore MRI system. However, both studies were con-
ducted with a single FOV. Also, the influence of MFH 
on image quality was not discussed. This paper aims to 
optimize magnetic field homogeneity resulting from the 
fast field echo (FFE) pulse sequence on a 1.5 T MRI scan-
ner using a spherical quality control phantom. To achieve 
this aim, we evaluated how changes in FOV and phan-
tom positions from the isocenter could influence MFH 
measurements on geometrical distortion (GD) and sig-
nal-to-noise ratio (SNR) using the bandwidth difference 
technique.

Methods
The phantom used for this study was spherical of 15 cm 
diameter containing 0.019 M Nickel Chloride solution in 
1.44 L of water, manufactured and supplied by the manu-
facturer of the MRI system (Philips, Amsterdam, Neth-
erlands). Spherical phantoms are ideal for evaluating the 
homogeneity of the B0 field because they can be main-
tained at a constant position within the magnetic bore for 
each plane (i.e., axial, sagittal, and coronal) without any 
rotation [4].

On the MRI couch, the anterior body coil was placed 
over the phantom near the bore of the magnet (Fig.  1) 
and padded to the isocenter. Using a matrix size of 
256 × 256 for different FOVs and setting the bandwidth to 
the lowest value, the first scan was performed in the axial 
plane while keeping the sequence parameters constant 
in the frequency-encoding direction. This was followed 
with a second scan in the same plane using the highest 
bandwidth value. The procedure was repeated in the sag-
ittal and coronal planes. There was no table motion dur-
ing the low and high bandwidth scans in each of the three 
planes. The entire procedure was then repeated for differ-
ent phantom positions (i.e., 20, 40, 60, 40, 60 and 80 mm) 
from the isocenter. After the scans were completed, the 
diameter of the image sphere was measured and recorded 
in millimeters. The MFH was then calculated from Eq. 1 
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[9]. The sequence parameters utilized for the scan are 
shown in Table 1.

where BW1 = low bandwidth in Hz, BW2 = high band-
width in Hz, (x1 − x2) = diameter of sphere in mm, 
Y= Bo = center of frequency in MHz, FOV  = field of view in 
mm, γ = gyromagnetic ratio.

In order to investigate the influence of MFH on image 
quality for each phantom position, the SNR and geo-
metrical distortion were determined according to the 

(1)MFH(ppm) =
BW1 ∗ BW2 ∗ (x1 − x2)

Y= Bo ∗ FOV ∗ (BW2 − BW1)

(2)Y= =
γ

2π

method described in ACR Report 2015 [7] and AAPM 
Report 100 [13]. For the SNR measurement and using 
the RadiAnt DICOM viewer (64-bit), the mean signal 
intensity and standard deviation from the region of inter-
est in elliptical shapes with a roughly 50 cm2 area were 
acquired. Also, the distance tool was used to estimate 
the phantom image’s internal and external diameters. 
To evaluate image SNR and geometrical distortion, the 
results from each slice for the different phantom posi-
tions and their related FOVs were compared. Equations 3 
and 4 were used to calculate the SNR and geometrical 
distortion respectively.

where I  is the mean signal intensity from the ROI con-
taining 75% of the phantom area, σbn is the standard 
deviation of the measured signal intensity, lx is the exter-
nal diameter of the phantom image and ld is the internal 
diameter of the phantom image.

The data analysis was performed using the Statistical 
Package for the Social Sciences (SPSS) software (version 
20, IBM Corp., USA). The Chi-square test for independ-
ence was utilized to examine whether a significant rela-
tionship existed between magnetic field homogeneity 
(with and without active shimming), signal-to-noise ratio 
and, geometrical distortion. Statistical significance was 
set at alpha value of p < 0.05.

Results
The images for MFH measurements from the spheri-
cal NiCl2 homogeneous phantom for both high and low 
bandwidths in the frequency-encoding direction are 
shown in Fig.  2. The image representing SNR measure-
ment is shown in Fig.  3. Measurement of internal and 
external diameters of the phantom image is also shown 
in Fig. 4. From the high bandwidth images, the isocenter 
location at 400  mm FOV had the highest mean signal 
intensity, whereas the 60 mm phantom position from the 
isocenter had the lowest mean signal intensity.

Additionally, for the images acquired with the smaller 
bandwidth, the maximum mean signal strength was 
discovered at 400  mm FOV and 40  mm from the iso-
center while the lowest mean signal intensity at the 
same phantom position was recorded at 200  mm FOV. 
Although the lowest mean signal intensity was recorded 
at 200 mm FOV, the magnetic field uniformity was found 
to be better across all the phantom positions investigated 

(3)SNR =
I

σbn

(4)GD =

∣

∣ld − lx
∣

∣

lx

Fig. 1  Phantom placed at the center of the anterior coil. (a) anterior 
coil, (b) spherical phantom, (c) support, (d) phantom stand

Table 1  Image acquisition parameters used for the bandwidth 
magtic field homogeneity measurements

FFE, Fast field echo; NEXT, Number of excitations; FOV, Field of view; BW1, low 
bandwidth value; BW2, high bandwidth value

Parameter Description

Sequence type FFE

TR 50 ms

TE 9 ms

Flip angle 25º

FOV 200, 250, 300, 350, 400 mm

Acquired voxel size 0.78/0.78/6.00 mm

Acquisition matrix 256 × 256

Number of slices 23

Scan time 1 min:06 s

NEXT 1

Slice thickness 5 mm

BW1 10.95 kHz

BW2 88.00 kHz
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(0.40 ≤ MFH ≤ 0.60  ppm) with and without the applica-
tion of shim at 200 mm FOV except at the 400 mm FOV 
which had the best uniformity (0.10 ≤ MFH ≤ 0.56 ppm).

As the phantom position was increased from the 
isocenter, the homogeneity of the magnetic field 
worsened; the FOV was also increased until a sharp 

improvement in MFH was achieved at a FOV of 
400  mm. The variation of MFH with phantom posi-
tions at various FOVs without and with the application 
of shim is shown in Figs.  5 and 6 respectively. There 
was no particular variation observed with geometrical 
distortion and SNR measured for both high and low 

Fig. 2  Measurement of MFH in the frequency-encoding direction using the bandwidth difference method. A Diameter of axial image 
of the phantom acquired with low bandwidth. B Diameter of axial image of the phantom acquired with high bandwidth

Fig. 3  Measurement of SNR with high bandwidth. Mean signal 
intensity measured at isocenter using a ROI of approximately 50 cm2 
in area Fig. 4  Geometrical distortion measurement from internal 

and external diameter of the phantom image
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bandwidths as the phantom position were changed. 
However, it is obvious from Tables 2 and 3 that as FOV 
increased, the SNR and geometrical distortion also 
increased.

No statistical differences were observed in the MFH 
values between with and without the application of 
shimming as the phantom positions and FOV were var-
ied. Likewise, as the field of views (FOVs) and phantom 
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Fig. 5  MFH at different phantom positions for various FOVs without the application of shim

0

0.1

0.2

0.3

0.4

0.5

0.6

50 60 70 80 90 100 110 120 130 140

M
FH

 (p
pm

)

Distance from isocenter (mm)

FOV 200 mm FOV 250 mm FOV 300 mm FOV 350 mm FOV 400 mm
Fig. 6  MFH at different phantom positions for various FOVs with the application of shim

Table 2  SNR measurements at different FOVs and phantom positions for high bandwidth (HBW) and low bandwidth (LBW)

Position (mm) FOV at HBW (mm) FOV at LBW (mm)

200 250 300 350 400 200 250 300 350 400

Isocenter 31.98 37.98 39.6 42.72 43.06 12.44 17.85 22.74 27.48 31.55

20 30.79 36.45 37.2 37.52 37.98 12.99 17.44 22.63 27 31.27

40 29.69 37.7 40.59 40.92 41.14 12.32 16.55 23.03 27.49 32.71

60 28.52 33.17 38.06 34.52 36.25 12.73 17.19 22.76 26.47 30.97

80 31.26 34.69 35.82 36.94 35.62 13.97 19.72 25.19 28.57 31.54
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positions were varied, no statistically significant differ-
ence was found in the signal-to-noise ratio (SNR) values 
(p = 0.24) and geometrical distortion values (p = 0.27) 
between the high and low bandwidths.

Discussion
In MRI, direct comparisons amongst MRI vendor speci-
fications are somewhat complicated due to the differ-
ent ways that MFH values are specified. For instance, 
throughout a range of DSV values, some suppliers report 
MFH using spectral peak-to-peak while others report in 
volume root-mean-square (VRMS) metrics. Depending 
on the manufacturer’s requirements for image quality 
and the available DSVs, usable DSVs often range from 16 
to 49 cm. When a 40 cm DSV is used on 1.5 T systems, 
the B0 homogeneity varies between 0.35 and 5 ppm, and 
between 0.2 and 1.4  ppm on 3  T systems [4]. Also, the 
B0 inhomogeneity over a 35  cm DSV in current cylin-
drical superconducting magnets used for routine imag-
ing should not exceed 0.5 ppm and 0.1 ppm for ultrafast 
imaging or spectroscopy applications [13].

In this study, the magnetic field homogeneity (MFH) 
was observed to range between 0.6 and 1.3 ppm. When 
active shimming was applied at all field-of-view (FOV) 
settings and phantom positions up to 60  mm from the 
isocenter, the estimated MFH values fell within the range 
of 0.10 to 0.50 ppm, consistent with findings by Jackson 
et al. [13]. However, without the use of active shimming, 
all MFH values, except for those acquired with a 400 mm 
FOV at all phantom positions and 200–250  mm at the 
isocenter (ranging from 0.51 to 0.60  ppm), were calcu-
lated to be above 0.5 ppm. Although no statistically sig-
nificant difference (p = 0.13) in MFH values was observed 
between active shimming and no shimming, the mag-
netic field appeared more uniform when shimming was 
applied.

In larger FOV settings, shimming may be less effec-
tive due to increased susceptibility variations and larger 
field volumes. It should be noted that MFH measure-
ments beyond 80 cm from the isocenter for FOVs above 

400 mm were not possible in this study because part of 
the phantom appeared to cut off from the image. Nev-
ertheless, the MFH values measured above 0.5  ppm are 
consistent with findings reported by Gach et al. [14]. The 
higher MFH values (above 0.5 ppm) measured away from 
the isocenter can be attributed to the smaller size of the 
phantom DSV (15  cm) used in this study. According to 
Sandgren [15], phantom volumes smaller than 24  cm 
may not be sufficient for evaluating the homogeneity of 
whole-body scanners and might not adequately identify 
insufficient magnetic field homogeneity [15].

Based on a study conducted by Chen et  al. [9], the 
magnetic field homogeneity (MFH) on a 1.5  T Philips 
MRI scanner, measured using the bandwidth differ-
ence method, varied from 0.8 to 1.3 ppm for a range of 
DSV sizes from 13 to 22.6 cm. The smaller DSV (13 cm) 
showed a worse MFH value of 1.3 ppm compared to the 
larger DSV (22.6  cm) that measured a MFH value of 
0.8 ppm [9]. A small DSV phantom may not cover a suf-
ficient volume of the MRI scanner’s imaging space. This 
limited coverage could lead to an incomplete assessment 
of the magnetic field homogeneity across the entire imag-
ing region. Inhomogeneities outside the small phantom’s 
volume may go undetected, potentially affecting image 
quality and diagnostic accuracy for clinical exams that 
extend beyond the phantom’s boundaries.

In this current study, using a 15  cm DSV at the same 
field strength, the MFH values ranged from 0.13 to 
0.6  ppm, which were relatively better than the values 
reported by Chen et  al. [9]. This suggests that using a 
DSV greater than 22.6  cm could have further reduced 
the MFH values in the current study. A lower ppm 
value indicates better field uniformity, which is essen-
tial for obtaining high-quality images and precise diag-
nostic information. Possible factors contributing to the 
improved MFH values in the current study may be attrib-
uted to technological advancements and improvements 
in MRI systems over time, as well as the pulse sequence 
parameters employed in this study.

Table 3  Geometrical distortion (GD) measurements at different FOVs and phantom positions for high bandwidth (HBW) and low 
bandwidth (LBW)

Position (mm) GD (%) ± 0.10 at HBW GD (%) ± 0.13 at LBW

200 250 300 350 400 200 250 300 350 400

Isocenter 0.28 0.30 0.31 0.33 0.41 0.29 0.30 0.35 0.41 0.58

20 0.28 0.37 0.42 0.42 0.48 0.33 0.35 0.48 0.49 0.57

40 0.24 0.28 0.30 0.41 0.46 0.30 0.34 0.42 0.66 0.67

60 0.26 0.35 0.36 0.37 0.40 0.37 0.48 0.49 0.49 0.56

80 0.10 0.25 0.35 0.46 0.67 0.14 0.47 0.50 0.66 0.67
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Magnetic field inhomogeneities often result from coil 
winding inaccuracies, external ferromagnetic objects’ 
disturbances [16], and tissues with high magnetic suscep-
tibility [17]. These inhomogeneities cause several artifacts 
in MR images, leading to spatial distortion, visual blur-
ring, and reduced signal intensity. For example, tissues 
with varying magnetic susceptibilities, such as air-tissue 
interfaces, can cause susceptibility artifacts. These arti-
facts can lead to signal loss and geometric distortions in 
the images, impacting the accuracy of measurements and 
anatomical localization. Consequently, the usefulness of 
MRI scans may be limited due to obscured regional soft 
tissues, caused by signal voids and geometric distortion 
[18].

MRI scanners are designed to have the least distor-
tion at their isocenter, with homogeneity and gradient 
linearity degrading as the radial distance from the center 
increases [19]. In this study, the minimum distortion at 
all the FOVs was found at the isocenter. According to sev-
eral researchers, the geometric distortion brought on by 
a gradient nonlinearity is minimal in the magnet’s center 
but becomes more pronounced as one moves outward 
from the isocenter [12, 20, 21]. The degree of image dis-
tortion is caused by the spatial variations that occur dur-
ing spatial encoding and inhomogeneity of the magnetic 
field [22]. These distortions are related to the sampling 
time, which includes the BW and the size of the FOV 
used. The sampling process proceeds more quickly with 
a high BW, and there are fewer k-space phase changes 
between the first and last rows, which reduces image dis-
tortions. Similarly, when the FOV is smaller (Table 3), the 
sampling time decreases and the geometrical distortions 
decrease [23]. A larger field-of-view (FOV) should be 
employed to quantify the distortions in accordance with 
guidelines for MRI scanners used in radiation treatment 
planning [11]. This is due to the possibility of artifact and 
geometric distortion when using wider FOVs for these 
systems [4] as observed in this study.

The total system-related distortions in an MRI simula-
tion of external beam radiotherapy should be less than 
2 mm in a 25 cm DSV, according to the American Asso-
ciation of Physicists in Medicine (AAPM) 2021 Report. 
In planning target volumes with diameters of 2  cm 
or > 2 cm respectively, it has been reported that a maxi-
mum distortion of 1 mm or 1.5 mm is adequate for ste-
reotactic radiosurgery [11]. For FFE acquisitions with a 
240 mm FOV, 5 mm slice thickness, and 100 kHz effec-
tive bandwidth, the geometrical distortion measured 
in the frequency encoding direction should be less than 
3% [13]. These requirements are also in good agreement 
with the results in this study. The maximum distortion in 
the phantom image determined from both low and high 
bandwidth acquisitions was ≤ 0.67% for all the phantom 

positions and FOVs. However, distortions measured at 
400 mm FOV from the low bandwidth were much greater 
in the phantom image compared to images acquired with 
the high bandwidth.

The discrepancy in MFH values between images 
obtained with and without the use of shimming is shown 
in Fig. 5. Shimming therefore is one of the reliable meth-
ods for reducing magnetic field inhomogeneity and cor-
recting various geometrical distortions [15]. Excellent 
field homogeneity standards for MRI systems are ideal, 
but they are insufficient if the MRI system is unable to 
effectively shim the field when a human body is present. 
It may be necessary to use effective shimming tech-
niques, such as active shims with high current capacities 
and higher order terms at high field strengths, in areas of 
high susceptibilities, such as tissue/air interfaces or metal 
implants, which will cause significant field inhomogenei-
ties [4].

The average distortion at the 400 mm FOV can also be 
reduced by increasing the receiver bandwidth but at the 
cost of SNR. As a result of this, the number of excitations 
during image acquisition may need to be increased in 
order to compensate for this decrease in SNR. This might 
be a workaround for phantom studies, but it might not be 
feasible for the acquisition of patient images due to the 
potential increase in scan time and motion artifacts [19]. 
With increasing field strength and gradient, the SNR and 
MFH are improved, thereby decreasing image artifacts 
[2]. This is evident in a study that was conducted with 
comparable sequence parameters to determine SNR and 
geometrical accuracy on a 3 T magnet using a balanced 
FFE sequence. At 450 mm FOV, the SNR was better com-
pared to the values observed in this study [12]. In another 
study, the MFH measured (i.e., 0.13–0.4  ppm) on a 3  T 
system was better when compared to that measured on 
1.9 T (i.e., 0.6–1.0 ppm) [9]. High-field strength MRI sys-
tems may not be able to clearly show geometric distor-
tions brought on by magnetic field inhomogeneity due to 
the high signal-to-noise ratio (SNR) [24]. Dammann et al. 
[25] compared geometrical distortion resulting from Bo 
field between a 1.5 and 7 T system and discovered that, 
for all FFE sequences, the mean distortion remained far 
below the respective voxel size despite the fact that geo-
metrical distortion typically increases with field strength. 
By employing a high receiver bandwidth and making sure 
gradients are properly calibrated, geometric distortions 
in 7 T systems can be reduced to a clinically relevant level 
(errors < 1 mm) without experiencing any major suscepti-
bility-related distortions [26].

The main imaging parameter that determines the over-
all scan time of FFE sequences is the repetition time 
(TR). As a result, imaging with FFE sequences is quicker 
due to the availability of very short TRs (i.e., 20–80 ms). 
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However, a short TR has the downside of reducing the 
time available for T1 relaxation [5]. A longer TR (113–
240  ms) can acquire more slices and enhance SNR [2]. 
This means that when imaging structures with smaller 
FOVs (e.g., 200 to 250 mm), it would be more appropri-
ate to use a long TR to achieve a high SNR while com-
plementing it with shimming. Also, when imaging with 
FFE, it is important to ensure that flip angles or angles 
of excitations between 25° and 45o are used [5, 27]. The 
net SNR may be lowered and saturation may occur when 
bigger flip angles (> 50°) are used. Additionally, because 
the 180-degree pulse is missing from FFE sequences, 
the effect of static field homogeneity brought on by the 
variation in different tissues is not compensated for. As a 
result, the signal (i.e., image contrast of different tissues) 
decays with T2* [5].

According to AAPM Report 100, values of SNR for 
MRI systems are usually specific. Hence, acceptance cri-
teria for SNR cannot be provided in generic terms such 
as RF coil, scan conditions, phantom T1 and T2 values 
among others. The baseline or reference values utilized in 
the ensuing quality assurance program, however, should 
be the SNR measurements recorded during acceptance 
testing [13]. For accurate signal and noise measurements, 
the size of the matrix should be selected to offer a suf-
ficient number of pixels. Typically, a 256 × 256 matrix is 
recommended [7]. A greater matrix size may reduce SNR 
while improving measurement precision [28]. Magnetic 
field homogeneity changes over time, hence quality con-
trol (QC) ought to be conducted at commissioning and 
at least once a year, or after significant maintenance or 
upgrades that can affect field homogeneity. The commis-
sioning data should be used to create a baseline for the B0 
field homogeneity and its variance. The tolerance should 
be determined by variations that have been observed 
over time (i.e., ideally per year) [4]. At the time of this 
study, no baseline information on image quality tests was 
available. This is because, no image quality test was per-
formed during the acceptance testing of the MRI scanner, 
with the exception of measuring insulating resistance, 
AC/DC magnetic field and vibration, and measuring the 
effectiveness of shielding on magnet transfer opening, RF 
door, RF window, and system filter interface. Therefore, 
the findings of this study could be used as part of bench-
marks for future assessments of the whole functionality 
of MRI scanners for measurements of MFH, SNR, and 
geometrical distortion.

Study limitations
According to AAPM Report 100, larger phantoms that 
are at least 35 cm DSV spanning a broader area of space 
are recommended for evaluating MFH [13]. The smaller 
DSV (i.e., 15  cm) used in this study might not measure 

filed homogeneity up to a significant diameter across 
the bore, thus missing out on field characteristics fur-
ther away from the isocenter. Also, the gradient fields are 
assumed to be calibrated accurately for the bandwidth 
approach. Therefore, unless precise gradient calibrations 
(across the test FOV) are validated before this technique 
is utilized to assess MFH, this test is frequently more 
effective for routine quality control than for acceptance 
testing [13].

Conclusions
Magnetic field homogeneity is crucial since it has a 
direct impact on image quality and diagnostic precision 
during clinical MRI examination. Clear, accurate, and 
artifact-free images are necessary for precise diagnosis 
and treatment planning, and a uniform magnetic field is 
important for obtaining these images. In this study, we 
have presented a quality control test that may be used 
as part of routine quality assurance for MRI scanners to 
optimize magnetic field homogeneity, reduce geometrical 
distortion, and increase the signal-to-noise ratio using a 
phantom on a 1.5 T system.

Recommendation
The use of larger DSV phantoms ( ≥ 35 cm ) to investi-
gate the impact of magnetic field homogeneity on image 
quality across MRI systems with different field strengths, 
originating from either the same or different manufactur-
ers is highly recommended for comparison purposes and 
generalization of the findings.
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