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Noise Amplification in Parallel Whole-Head Ultra-LowField Magnetic Resonance Imaging Using 306 Detectors
Fa-Hsuan Lin,1,2* Panu T. Vesanen,2 Jaakko O. Nieminen,2 Yi-Cheng Hsu,3
Koos C.J. Zevenhoven,2 Juhani Dabek,2 Lauri T. Parkkonen,2 Andrey Zhdanov,2
and Risto J. Ilmoniemi2
In ultra-low-field magnetic resonance imaging, arrays of up to
hundreds of highly sensitive superconducting quantum interference devices (SQUIDs) can be used to detect the weak magnetic fields emitted by the precessing magnetization. Here, we
investigate the noise amplification in sensitivity-encoded ultralow-field MRI at various acceleration rates using a SQUID array
consisting of 102 magnetometers, 102 gradiometers, or 306
magnetometers and gradiometers, to cover the whole head.
Our results suggest that SQUID arrays consisting of 102 magnetometers and 102 gradiometers are similar in g-factor distribution. A SQUID array of 306 sensors (102 magnetometers and
204 gradiometers) only marginally improves the g-factor. Corroborating with previous studies, the g-factor in 2D sensitivityencoded ultra-low-field MRI with 9 to 16-fold 2D accelerations
using the SQUID array studied here may be acceptable. Magn
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MRI can noninvasively delineate human anatomical
structures and functional activity with a high spatial
resolution. Even with its great success in clinical medicine and biomedical research, MRI still faces significant
challenges. First, a strong magnet is usually required to
generate sufficiently large magnetization to be detected.
The cost of a high-field magnet (1.5 T, 3 T, or even 7 T)
constitutes a major part of the cost of an MRI system.
Second, because of potential mechanical or electrical
hazards, acquiring MR images from patients with metallic objects is difficult. However, imaging patients with
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wounds caused by metallic objects or with interventional
devices (e.g., in the intensive care unit or the emergency
room) is clinically desirable.
Recently, methods of performing MRI at ultra-low-fields
(ULFs) have been developed to mitigate challenges
described above (for review, see Ref. 1). Different from
commercially available ‘‘low-field’’ MRI with B0 ! 0.2 T,
ULF-MRI systems usually use magnetic field strength in
the range of microteslas or milliteslas. ULF-MRI systems
have the advantages of metal compatibility (2), low hardware cost, and high T1 contrast (3), which may allow
accurate discrimination between healthy and cancerous
tissue (4,5). However, the SNR in ULF MRI is poor
because of limited magnetization. The challenge of low
SNR at low field strengths can be mitigated by two
approaches. First, magnetization is produced by a higher
‘‘prepolarizing field’’ Bp; then, a lower ‘‘measurement
field’’ Bm is applied separately to allow the desired magnetization precession. This is different from high-field
MRI, where the same strong magnet is used for magnetization and magnetization precession. ULF-MRI systems
have been demonstrated with Bp of the order of 10–100
mT and Bm in the 10–200 mT range (6,7). Second, unlike
high-field MRI with narrow-band tuned radiofrequency
(RF) coils for signal excitation and reception, ULF MRI
uses the highly sensitive superconducting quantum interference devices (SQUIDs) to detect the weak magnetic
fields (8). The combination of these techniques makes the
signal of a ULF system to be linearly proportional to the
polarizing field and independent of the measurement
field. These two techniques are not used in high-field
MRI, because (1) a high field generates sufficient magnetization for signal detection, and (2) SQUIDs cannot tolerate the high-field environment (saturation effects).
The feasibility of measurement of ULF MRI and magnetoencephalography (MEG), a method to detect the weak
magnetic fields generated by coherent postsynaptic currents in human brain, with a single device has also been
demonstrated (9,10). This is particularly important for neuroscience research as in this case spatial registration is no
more needed to combine anatomical and electrophysiological measurements. Despite this progress, ULF MRI is faced
with a major technical challenge: the data acquisition is
relatively inefficient: acquiring a 9 " 9 cm2 2D image with
a spatial resolution of 0.7 mm by 0.7 mm takes about 5 min
(1). Specifically, more than 80% of the ULF-MRI acquisition is spent on magnetically polarizing the sample (11).
The MRI acquisition time can be shortened only fractionally by the echo-train technique or partial Fourier
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acquisitions (12). More accelerated MRI acquisitions are
made possible by the parallel MRI (pMRI) (13,14) method
using RF array technology (15): by combining RF sensitivity information from, for example, a 32-channel RF coil
head array, the data acquisition time can be reduced twofold to fourfold without much sacrificed quality (16). An
ULF-MRI study with a seven-channel SQUID system demonstrated the feasibility of threefold acceleration (11).
pMRI achieves acceleration at the cost of signal-to-noise
ratio (SNR) due to the loss of data samples and the reconstruction associated noise amplification (13). While the
former loss is inevitable in acceleration, the latter loss can
be compensated for by regularized reconstruction methods (17,18) and by increasing the number of parallel detectors. It has been shown that with many elements one can
approach the ultimate performance. But even with many
elements, at about fivefold acceleration in one dimension,
the SNR efficiency is already half of that of the unaccelerated case (19,20).
In this article, we investigate the SNR penalty of accelerated ULF MRI. Specifically, we use the g-factor to
quantify the relative SNR efficiency of accelerated ULF
MRI at different acceleration rates and array geometries
based on the empirically measured noise covariance matrix from a whole-head MEG system. The goal of this
study is to quantitatively evaluate the g-factor distribution in accelerated ULF MRI. These numbers may suggest the acceptable noise amplification penalty and thus
the acceleration rate, if ultimately the loss of SNR due to
reduced number of samples is practically tolerable.
METHODS
Coil Arrays
In ULF MRI, broadband SQUIDs rather than narrow-band
tuned RF coils are used as magnetic field detectors. When
an ULF-MRI system is built around an existing modern
MEG system, pMRI techniques can be realized using the
multichannel SQUID sensor array geometry already available in the MEG system. These SQUID sensors are not spatially overlapping as there is no need to minimize the mutual inductance as in tuned RF coils in high-field MRI
arrays (15). The number of SQUID sensors in a wholehead MEG system ranges from 122 to 306 (21). This
exceeds the number of RF channels in present RF head
coil arrays in high-field MRI with 32 (16), or maximally 96
channels (22). Body coil arrays with up to 128 channels
have also been developed (23,24). While increasing the
number of sensors indefinitely will eventually cause oversampling of data (only correlated rather than independent
measurements are collected), a MEG system with 306
channels (102 units of combined one magnetometer and
two gradiometers) is still within a reasonable range (25).
We studied an array geometry designed to allow 102
elements to cover the whole head evenly, based on a
306-channel MEG system (VectorView, Elekta Oy, Helsinki, Finland). Specifically, we used either 102 channels of magnetometers (planar circular loops, denoted as
array102), 102 channels of gradiometers (planar figureeight loops, denoted as array102x or array102y), or the
combination of both (denoted as array306) to cover the
whole head. These arrays are shown in Figure 1.
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FIG. 1. The geometries of the arrays of 102 or 306 pick-up coils
to cover the whole head. Each pick-up coil can be a circular loop
similar to the ‘‘magnetometer’’ in MEG (array102), a figure-eight
loop similar to the ‘‘gradiometer’’ in MEG (array102x and
array102y), or the combination of both (array306). Orthogonal slices for g-factor calculation are illustrated by translucent planes.
[Color figure can be viewed in the online issue, which is available
at wileyonlinelibrary.com.]

g-Factor Calculation
Given a coil array geometry, we used the Biot–Savart law
to calculate the magnetic fields generated by a unit coil
current on each element separately. As our system has
the measurement field Bm oriented along the y-axis, the
x-z plane will be the plane of the rotating magnetization.
Figure 2 shows our ULF-MRI setup. Details of this system have been described in Ref. 10. Accordingly, the
magnetic field components in the x and z directions consist of the real and imaginary parts of the coil sensitivity
maps. However, with our measurement-field Bm coils,
consisting of two pairs of equiplanar square coils, the
measurement field is not exactly aligned along the y-axis
over the 256-mm field of view (FOV). Therefore, we
defined the metrics hx, hz, and hxz to quantify how
much Bm deviates from the y-axis:
*

*

*

*

*

*

hx ð r Þ ¼ jBgx ð r Þj=jBgy ð r Þj
hz ð r Þ ¼ jBgz ð r Þj=jBgy ð r Þj
qffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
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g *
g *
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g *
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Here, Bx ð r Þ, By ð r Þ, and Bz ð r Þ represent the x-, y-, and
*
z-components of the magnetic field at location r
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FIG. 2. The setup of ULF MRI. Two pairs of square coils (black)
generate the measurement field. Gradient coils in the x and z
directions are two pairs of loops colored red and orange, respectively. The gradient coils in the y direction consist of the two blue
loops. A volumetric FOV of 256 mm is shown by the cyan box at
the center of the ULF-MRI setup. [Color figure can be viewed in
the online issue, which is available at wileyonlinelibrary.com.]

generated by two pairs of equiplanar square coils, respec*
*
*
tively. Ideally, hx ð r Þ, hz ð r Þ, and hxz ð r Þ should be 0, that
is, Bm aligned exactly with the y-axis.
In sensitivity-encoded pMRI formulation, the g-factor
accounts for the relative SNR efficiency during an accelerated scan (13):
SNRaccelerated
r

1
¼ pffiffiffi
g
R
SNRfull
r
r
qffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
gr ¼ ½ðEH C)1 EÞ)1 (r;r ðEH C)1 EÞr;r

½2(

The subscript r indicates the voxel to be reconstructed,
and the superscript H denotes the conjugate transpose. R
denotes the factor by which the number of samples is
reduced (the acceleration rate). The encoding matrix E
consists of the product of the aliasing operation due to
subsampling of the k-space data and complex-valued coil-

sensitivity maps. C is the receiver noise covariance matrix
across channels of the receiver array. The double subscript
r,r denotes the diagonal element at location r. In this study,
C was empirically measured from a whole-head MEG system (VectorView, Elekta Oy, Helsinki, Finland) with 306
SQUID sensors as described in Figure 1. The measurement
for noise covariance matrix had 1000-Hz sampling rate and
its duration was 5 min with a subject inside the MEG
shielded room with the subject’s eyes open during the measurement, in order to suppress spontaneous alpha oscillation. This measurement was further high-pass filtered at
100 Hz in order to suppress spontaneous brain activity in
beta and gamma bands to avoid spurious coupling between
sensors in the noise covariance matrix estimation.
We first studied the spatial distribution of the SNR of
different coil array geometries. Specifically, the SNR
map is related to the magnetic fields and the noise covariance matrix C:
qffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
*
*
*
)1
SNRr ð r Þ / ðBH
xz ð r ÞC Bxz ð r ÞÞr;r
*

*

*

Bcxz ð r Þ ¼ Bcx ð r Þ þ jBcz ð r Þ
2
* 3
B1xz ð r Þ
6
7
*
. 7
Bxz ð r Þ ¼ 6
4 .. 5
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where Bcx ð r Þ and Bcz ð r Þ denotes the x- and z-component
*
of the magnetic field at location r for channel c respec*
tively, and nc is the number of channels. As Bcx ð r Þ and
c *
Bz ð r Þ were calculated based on array the geometry and
W was empirically measured, we arbitrarily scaled the
maximum SNR of the array 102 to be 100.
In this study, we targeted on acceleration in two dimensions (along the x- and y-axes; Figure 2), since the spatial
arrangement of the channels was approximately symmetric in the horizontal plane. Such an acquisition can be
realized in 3D MRI pulse sequences with two phase
encoding directions along the x- and y-axes and the
frequency encoding along the z direction. We calculated
g-factor maps at R ¼ 2 " 2, 3 " 3, 4 " 4, 6 " 6, 8 " 8, and
10 " 10, as more channels allow a higher acceleration
rate. The spatial distribution of the g-factor was calculated
at the mid-sagittal slice, the mid-coronal slice, and a
transverse slice approximately above the eye brows. We

FIG. 3. The spatial distribution of the hz, hx, and hxz indices describing the deviation of the measurement field away from the y-axis.
Only regions smaller than 0.05 (less than 2.9* from the y-axis) were color coded within the 256-mm FOV. [Color figure can be viewed in
the online issue, which is available at wileyonlinelibrary.com.]
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reported the average, standard deviation, the maximum,
and the minimum of g-factors in our calculation.
The simulations were implemented by MatLab (Mathworks, Natick, MA) on a workstation with Intel 2.0 GHz
Xeon CPU and 32 Gbytes memory. Calculations for all
coil arrays and all acceleration rates used an image matrix of size 64 " 64 " 64. A digital head phantom was
created from high-resolution 3D T1-weighted structural
MRI data acquired on a 3T MRI scanner using the
MPRAGE pulse sequence (pulse repetition time/echo
time/flip angle ¼ 2530 ms/3.49 ms/7* , partition thickness
¼ 1.0 mm, matrix ¼ 256 " 256, 256 partitions, FOV ¼
256 mm " 256 mm).

at the x-z plane and thus the x- and z-components of the
magnetic fields of each pick-up coil can constitute the
effective B1 field maps.
Figure 4 shows the spatial distribution of the full SNR
for different array geometries. All geometries have high
SNR close to the scalp. Particularly, the array using gradiometers (array 102x and array 102y) shows very fast
decay of the SNR profile as the location is away from the
scalp. This is because the gradiometers take the spatial
derivate of the measurements and thus they are exquisitely sensitive to the cortical signal (21). This calculation was found consistent with a previous study (21).
The difference between arrays using magnetometers
(array 102 and array 306) was visually indistinguishable.
Figure 5 shows the spatial distribution of 1/g at R ¼ 2 "
2, 3 " 3, 4 " 4, 6 " 6, 8 " 8, and 10 " 10 over the FOV of
256 mm " 256 mm " 256 mm. An increased g-factor penalty was observed at a higher acceleration rate. The g-factor is smaller (showing a higher 1/g value) at superficial
locations in all acceleration rates. The average, standard
deviation, maximum, and minimum of g-factors are
reported in Table 1. Interestingly, arrays with gradiometer
pick-up coils (array102x or array102y) show a similar gfactor distribution to the array with magnetometer pick-up
coils (array102). A combination of both gradiometer and
magnetometer pick-up coils (array306) can slightly
improve the g-factor at image locations closer to the array
elements. In all geometries, image locations away from
pick-up coils show a larger g-factor in general.

RESULTS

DISCUSSION

Figure 3 shows the spatial distribution of hz, hx, and hxz
within the 256-mm FOV. Most of the volume was covered with hz, hx, and hxz smaller than 0.05, which equals
a deviation of the measurement field (Bm) of 2.9 degrees
or less from the y-axis. This result suggests that over this
FOV the magnetization precession plane is dominantly

We investigated the noise amplification penalty in accelerated ULF MRI quantified by the g-factor in four different whole-head SQUID sensor array geometries. Using
the same number of SQUID pick-up coils, we found
that there is no clear difference between arrays using
magnetometers and gradiometers. An array using 306

FIG. 4. The spatial distribution of SNR in mid-sagittal, mid-coronal, and one axial slice with array102, array102x, array102y, and
array306 geometries.

FIG. 5. The spatial distribution of 1/g-factor in mid-sagittal, mid-coronal, and one axial slice with array102, array102x, array102y, and
array306 geometries at R ¼ 2 " 2, 3 " 3, 4 " 4, 6 " 6, 8 " 8, and 10 " 10 over the FOV of 256 mm " 256 mm " 256 mm.
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Table 1
Average, Standard Deviation, Maximum, and Minimum of g-Factors in array102 (A), array102x (B), array102y (C), and array306 (D)
(A) Acceleration rate (R)
Average
Standard deviation
Max
Min
(B) Acceleration rate (R)
Average
Standard deviation
Max
Min
(C) Acceleration rate (R)
Average
Standard deviation
Max
Min
(D) Acceleration rate (R)
Average
Standard deviation
Max
Min

2"2
1.0
0.0
1.1
1.0
2"2
1.0
0.0
1.2
1.0
2"2
1.0
0.0
1.1
1.0
2"2
1.0
0.0
1.1
1.0

3"3
1.1
0.0
1.5
1.0
3"3
1.1
0.1
2.1
1.0
3"3
1.0
0.0
1.5
1.0
3"3
1.0
0.0
1.5
1.0

gradiometers and magnetometers only slightly improves
the g-factors. In a 3D MRI acquisition with two phase
encoding directions, the highest acceptable acceleration
rate suggested by the average g-factor may range between
9- and 16-fold (using an arbitrary threshold of average
g-factor ¼ 1.4). This g-factor calculation was in fact consistent with previous high-field MRI studies using electromagnetic dynamics (26) and empirical validation at
high field (27). In ULF MRI, most of the time is spent on
preparing the magnetization. A 3D acquisition with 64 "
64 " 64 voxels needs 4,096 independent measurements.
With pulse repetition time ¼ 1 s, this amounts to more
than an hour of acquisition time. Using a coil array of
102 elements and ninefold acceleration, when ignoring
the SNR loss due to reduced samples, the data acquisition can be completed in approximately 7 min. However,
as suggested by our results, spatially varying noise
amplifications (i.e., g-factor) could be significant at 9and 16-fold acceleration, resulting in inhomogeneous
image quality deterioration.
It is important to remember that SNR always degrades
as the number of data samples is reduced. The g-factor ¼
1 condition only ensures that no additional noise is
introduced in the image reconstruction, while the SNR
still becomes, for example, 1/3 in ninefold acceleration
(13). Such an SNR penalty may not be tolerable in ULF
MRI with the present instrumentation. Yet, with the
increasing prepolarization to obtain stronger magnetization and with more sensitive SQUIDs to minimize noise,
trading off SNR for a faster data acquisition rate may be
feasible in future ULF MRI.
Low g-factor penalty may suggest repeating accelerated
ULF-MRI acquisitions such that the total number of data
samples, and thus the SNR, approximates the unaccelerated acquisition. One benefit of this approach is that
images can be acquired in a shorter interval to minimize
motion artifacts. Specifically, when transient motion
occurs, only a small fraction of data needs to be discarded. Images can be reconstructed and averaged from

4"4
1.1
0.2
2.9
1.0
4"4
1.3
0.4
4.8
1.0
4"4
1.1
0.2
2.6
1.0
4"4
1.1
0.2
2.6
1.0

6"6
1.9
1.1
11.9
1.0
6"6
3.3
3.0
32.6
1.0
6"6
2.0
1.2
14.2
1.0
6"6
1.9
1.1
11.7
1.0

8"8
6.9
9.4
113.2
1.0
8"8
17.0
28.0
312.6
1.0
8"8
7.6
10.7
124.7
1.0
8"8
6.9
9.3
111.8
1.0

10 " 10
29.0
50.8
468.1
1.0
10 " 10
66.1
105.7
828.0
1.0
10 " 10
30.4
49.4
529.8
1.0
10 " 10
29.0
50.6
462.0
1.0

multiple intact accelerated acquisitions. As the noise
amplification is minimal, the final image still has comparable SNR as the unaccelerated acquisition. Without
doing this, a transient motion artifact can deteriorate the
whole data acquisition, which is a considerable risk as
the ULF MRI can take more than one hour with present
technology.
In our calculations, we explicitly ignored the magnetic
fields from the gradient coils, which can further deviate
the measurement field away from the y-axis, depending
on the time diagram of each gradient coil element. In
fact, gradient coils produce concomitant fields and make
a notable image distortion in ULF MRI (28–31). Considering a gradient strength of 100 mT/m in 2D imaging
(11), there should be a field of 12.8 mT at the boundary
of a 256-mm FOV. The measurement field in our system
was designed to have a Larmor frequency of 2000 Hz,
corresponding to 47.0 mT. Supposing the concomitant
field strength in the x and z directions is about the same
magnitude as in the y direction, these numbers suggest
that the measurement field will deviate 15* . At such an
angle, we may still use x- and z-components of the magnetic field in a pick-up coil for B1 sensitivity.
Our calculations show that an array of 102 SQUID
pick-up coils may be sufficient to minimize the g-factor.
However, for a hybrid system targeting at measuring both
MEG and ULF MRI (9), an array of 204 gradiometers and
102 magnetometers may be still desirable for MEG measurements. This is the target of our prototype system.
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