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Abstract— Magnetic resonance imaging (MRI) is the state-of-
the art clinical method for imaging soft-tissue anatomy. Because
signal scales with the applied magnetic field, the overwhelming
trend in MRI has been to high magnetic fields, typically 1.5 or
3 T. However, there has been recent interest in ultra-low field
(ULF) MRI using 10-100 puT magnetic fields. At ULF there are
opportunities for novel imaging applications such as MRI
combined with magnetoencephalography (MEG) in a single
device, imaging through or in the presence of metal, and
enhanced spin-lattice tissue contrast. Loss in signal is mitigated
by sensitive detectors such as superconducting quantum
interference devices (SQUIDs) and sample pre-polarization,
typically from 10-100 mT. There have been several proof-of-
concept demonstrations based on this approach. However, ULF
MRI image quality still suffers from one or more of the following
disadvantages compared to HF MRI: lower signal-to-noise ratio,
poor spatial resolution, and longer imaging time. Here we present
recent progress toward “clinically relevant” ULF MRI
parameters: voxel SNR > 10, voxel size < 2x2x4 mm?. Data and
simulations from a single channel system are presented and
discussed.

Index Terms— SQUID MRI, ULF MRI, MEG, SQUID array.

I. INTRODUCTION

AGNETIC RESONANCE IMAGING (MRI) is the state-of-the

art clinical method for imaging soft-tissue anatomy. The
fundamental principle behind MRI is to magnetize (polarize) a
sample with non-zero nuclear spin in a large magnetic field.
This magnetization can then be manipulated by subsequent
application of magnetic fields to produce a measurable signal
at a unique (Larmor) frequency ay, which is specific to the
measurement (readout) magnetic field B, and the type of
nuclei,

@, = 7By, Q)

where yis the gyromagnetic ratio.

In traditional high field (HF) anatomical MRI, which we
define as that using a polarization field > 1 Tesla, the sample
is typically the spin % protons found in water inside the body,
y =42.6 MHz/T. The subject is placed inside a large, highly
uniform (ppm), fixed strength, usually superconducting
magnet of 1.5 or 3 T. The polarization, B, and measurement,
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B, magnetic field are the same, with a proton Larmor
frequency of ~ 64 — 128 MHz.

Practically, the higher the polarizing magnetic field
achieved the better, in terms of signal. This is because the
sample equilibrium magnetization, M, scales as

N’y*I(I+1)B,
- 3k, T

where N is the number of spins in a voxel, y is the
gyromagnetic ratio (rad/T-sec form), / is the spin number, kg
is the Boltzmann constant (1.381x10% J/K) and T is the
temperature. The increased signal can be used for faster
acquisition and higher resolution images.

An additional motivation for high magnetic fields is that the
performance of Faraday coils used as detectors in HF MRI,
increases with magnetic field strength [1]. Thus trying to
perform conventional MRI at lower magnetic field strengths

. @

results in a penalty in acquired signal that scales as ~ a)g .

However, there remain numerous MRI applications where
high field is not an option. Examples include performing MRI
simultaneously with brain imaging methods such as
magnetoencephalography (MEG) [2] which is simply not
possible in a HF MRI machine due to the large mismatch in
magnetic fields; MRI in the presence of metal [3,4] where
heating or distortions increase with applied fields; or imaging
applications where a large and expensive magnet might be
impractical.

In the early 2000’s John Clarke’s group at UC Berkeley
significantly advanced the concept of SQUID-based MRI at
ultra-low fields (ULF), with readout magnetic fields as low as
at 1 — 100 uT [5]. The approach relied on pulsed pre-
polarization [6] at higher fields (0.01 - 0.1 T) to increase
signal.

Numerous applications of SQUID-based ULF MRI using
this approach have been demonstrated by us and others,
including imaging the human brain [2,7,8]. However, ULF
MRI image quality still suffers from the following
disadvantages compared to HF MRI: lower signal-to-noise
ratio (SNR), poor spatial resolution, and longer imaging times.
These arise not just from low polarization but also from
unique challenges presented by instrumentation, tissue
contrast, and other realities of the ULF regime. It is worth
mentioning that ULF MRI simply cannot compete with HF
MRI in terms of image quality on its own. One should pursue
the ULF regime only when the benefits outweigh the
drawbacks. In this paper we will discuss many of the



challenges of imaging in the ULF regime, in the context of our
own quest to improve the quality of ULF MRI images for
brain imaging.

II. IMAGING BASICS

A. General MRI considerations

In general, the physical principles used for ULF MRI are
very similar to those used for traditional MRI. The primary
differences with ULF include: 1) less signal and lower
bandwidth; 2) different requirements for generation and
manipulation of magnetic fields (which enable novel pulse
sequences, but also introduce new demands); 3) differences in
detector technology (i.e. the SQUID vs. Faraday coil); and 4)
differences in 7 contrast. Here we briefly review some
fundamental concepts in MRI that will be helpful in
highlighting the differences between HF and ULF approaches
discussed in the next section. An excellent and far more
complete description of conventional MRI can be found in
Ref. [9].

The principal aim of all MRI is to spatially encode the
NMR properties (e.g. Ty, T», or spin density) underlying the
information available in the images. In MRI such encoding is
based on the fact that the Larmor frequency over the sample
depends on the spatial profile of the applied magnetic field
over the sample, see (1).

If we wish to spatially encode we intentionally apply a
magnetic field gradient G(f) (assumed to be a linear gradient
for these discussions) that causes the local Larmor frequency
to vary in a known way, such that

a(r,t) = w, +yG(0)-r €)

Neglecting relaxation effects for the moment, the NMR
signal S(f) in a single voxel (dV) will be

dS(t) o«c p(r) exp(ij o(r,t")dt")dV, 4)

where p(r) is the spin density, and a(r,t’) is the Larmor
frequency over the sample during the measurement. In (4) we
assume that the primary Larmor frequency established by By
does not vary with time or position during the signal
measurement time. However, the ability to manipulate the
measurement field in strength and orientation between
measurements to extract different information from the image
is a key feature of the ULF MRI approach that typically differs
from high field approaches.

The signal from the sample becomes
t

S(t) = exp(ip()[[Jq(r)exp(i[y G(t")-rdr'), (5)

0
where ¢(r) is the contrasted spin density that is proportional to
the local spin density p(r) and, when a suitable preparatory
sequence is used, the relaxation times 77(r) and 75(r), and on
the diffusion coefficient D(r). The integral over the main
Larmor frequency is expressed as a time-varying phase

jwo(f')dt' = (1) .

In the approach of (5) we are assuming that the signal is
obtained from the entire sample. We next introduce the
concept of the reciprocal space vector [10,11]

7/ t
k="—|G{#dt 6
27[! (t") (©6)

and following the outline in Callaghan [9] we re-write (5) as

S(K) =exp(ip(V)[[[g(rexp(i2nk -rdV  (7)

and

q(r) = exp(ip(®)]] S(K)exp(-i2nk - Nd’k . (®)
Equations (7) and (8) are a Fourier transform pair showing
that the signal and spin density are mutually conjugate. This is
a fundamental formulation underlying MRI. In MRI the pulse
sequence is typically thought of as the trajectory through k-
space, where the gradient is like the velocity term. How we
apply the gradients will determine the course [12].

B. Imaging at ULF: The challenges

Thus far the published ULF MRI images of the brain [2,7,8]
have had voxel dimensions of 3-4 mm at best. The imaging
times have been long, > 60 minutes, and averaging (of 4 or
more images) has been required to improve the SNR to > 10.
While the definition of “clinically relevant” is subjective (i.e.
it is relevant if there is a clinical application in which it is
used), it is generally accepted that an image of the brain ought
to be able to resolve key anatomical features (e.g. cerebellum).
Somewhere around a voxel size of 2 x 2 x 4 mm® and SNR >
10 is where images meet these criteria. HF MRI images of the
brain with 1 x 1 x 3 mm® and SNR ~ 100 are routinely
achieved in < 20 minutes. While we reiterate that the point of
ULF MRI is not to compete with HF, we might consider
meeting these basic criteria as an imaging goal.

What issues have thus far prevented ULF MRI from
meeting these basic criteria? The first is the obvious problem
with low magnetization (hence SNR) illustrated in (2). The
second is related to the low strength of the imaging gradients;
they limit bandwidth and dictate long acquisition times on par
with relaxation times (which are typically shorter at ULF).
Thus at the same time that we are required to acquire for
longer, we are running out of signal. The third is related to the
requirement for very low noise signal generation, which has
thus far kept pulse sequences rather inefficient.

To help frame the discussion, in Fig. 1 we present a
schematic of the ULF MRI system which was used to acquire
our first brain images, as well as the images presented later in
this paper. B, are the magnetic field coils to generate the
sample magnetization, in this example along the x-axis. By,
denotes the measurement magnetic field coils, along the z-
axis. The additional G, coils are for gradient encoding in the
B./dx,y,z directions respectively. In HF MRI there is a single
fixed field providing both B, and B, typically provided by a
large superconducting magnet. In ULF MRI the field
generation is typically produced by simple electromagnets.



This allows for different field orientations and strengths
provided by separate B, and By, coils. Fig. 2 shows the Fourier
Imaging pulse sequence used.

Low magnetization seems to have an obvious solution;
build more powerful pulsed pre-polarization fields. In some
ways ULF MRI has advantages, the B, does not have to be
highly homogeneous, which simplifies the magnet
requirements. But it is not trivial to make a pulsed field at
> 50 mT. The coil will experience heating, the energy must be
removed, and the proximity of a large amount of conductor
near the SQUIDs can introduce noise. Use of appropriate
materials, such as Litz wire can reduce this. Further, the coil
can be physically disconnected with a switch. We have built
pulsed B, coils using resistive copper cooled by Fluorinert at
room temperature, and also liquid nitrogen (LN) [13]. The LN
coil has the benefit of 7x lower resistance, but requires the
complexity of an additional cryostat. Both designs are still
rather large (weighing hundreds of pounds). Neither design
has operated in excess of ~ 100 mT. Recently a group in
Finland has shown a self-shielded [14] pulsed superconducting
coil [8] for ULF MR, integrated directly into the cryostat with
the SQUIDs. However, in that work the superconducting wire
appeared to become magnetized if too high a current (> 12 A)
were applied, producing gradients that influenced the image
quality, and presently limiting B, to <24 mT.

While the optimal conductor choice for B, remains to be
seen, the use of a self-shielded design as proposed in [14] is
likely critical. This is because a very serious problem,
especially for combined MEG/MRI applications, is that the
pulsing fields can cause huge transients in nearby conducting
materials. The magnetically shielded room required for MEG
can support transients with components that can persist for
hundreds of msec [15]. The fields from such transients are
hard to de-convolve from the MEG [8]. Even when not
measuring MEG, these transients can impose a long dead-time
between pulsing and acquisition while waiting for them to
decay. As we mentioned, if 7} is short (as is often the case at
ULF) this means valuable signal is being lost while we wait.
An adiabatic removal of B, (dB/dt << yB,,’) can help further
minimize transients. However, given these issues, to generate
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Figure 1. Schematic of ULF MRI field generation coil system.
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Figure 2. ULF MRI pulse sequence.
and remove a field > 100 mT over a large volume like the
head is non-trivial.

For our discussion of the issues presented by low gradients
we remind the reader of a few additional imaging concepts.
Equations (7) and (8) define the relationship between the
spatial and frequency domain by a Fourier transform pair.
From the Nyquist theorem it follows that for any real signal
(using the x-direction as an example)

Ax = 1/2Wx = 1/2(kx,max - kx,min)’ (9)
and

Akx = 1/2Lx = l/z(xmax - xmin )’ (10)
where W, is the extent of the image in the k-space domain and
L, is the extent of the image in the spatial domain.

What (9) and (10) illustrate is that the extent of the image in
the spatial domain or field-of-view, FOV, is related to the
resolution in the k-space domain. And conversely, the spatial
resolution is related to the extent of the image in the k-space
domain.

Assuming that the gradient does not change over the
acquisition time (6) becomes (along x, which is our readout
direction)

k. o=k

-1

amx =(7)'yG.1,. (a1
where ¢, describes the time during which the gradient is
switched on, the acquisition time. Thus we can describe the

spatial resolution as
Ax=27(2yGt,)" (12)

Spatial resolution in other directions is arrived at similarly.
What is immediately obvious from this equation is that in
order to improve the spatial resolution, one either has to make
the gradient or the acquisition (or encoding) time large. But in
ULF MRI the gradients are not large. They are typically on the
order of 107" T/m, about 100x smaller than high field MRI.
Thus one has to have acquisition times proportionally longer.
Further, one cannot just turn up the gradient strength due to
problems with concomitant gradients (see for example [16]).
The low magnetic fields also present bandwidth limitations.
From the Nyquist theorem sampling should be at

p = (13)
2A®
For an object 10 cm across, (using the gyromagnetic ratio ~
42.6 MHz/T for protons and typical 102 T/m gradients found
in HF MRI) we have a frequency spread of about 42 kHz
across. If we take a typical 100 encoding steps to image we
have Aw = 420 Hz, and an acquisition time of ~ 1.2 ms per

x,min



step. In a ULF MRI system the 100-fold lower gradients
again lead us to commensurately longer acquisition, i.e. 120
ms. But at ULF the 7} and 7, times for many interesting
tissues are approximately this long [17], so we are also
running out of signal at the same time. To increase the
gradient strength would widen the frequency spread across the
object, but with a low central frequency, we are then
measuring in a challenging low frequency regime.

Now let us briefly return to the discussion of field-of-view
(FOV). FOV is related to the spatial resolution by the number
of steps as

L =(N, -DAx. (14).

Given the longer time to take each step compared to HF
MRI, one very important time-saving approach is to use
multiple sensor arrays to reduce the steps required. This
enables imaging acceleration methods [18]. The ULF MRI
method lends itself quite naturally to a multiple sensor
approach [19]. In ULF MRI combined with MEG, a dense
sensor array is available anyway. MEG-like dense sensor
arrays have been used even in HF MRI and shown significant
acceleration [20].

Finally, it is worth mentioning that the Fourier Imaging
sequence shown in Fig. 2 is extremely inefficient for ULF
MRI. Significant time is spent encoding, while signal is
relaxing away. Also only one echo per pre-polarization
excitation is typically possible, further increasing imaging
time. But such an approach is expedient because in this case
only the minimal magnetic fields (B,, and G,) need to be on
during readout, minimizing noise coupled to the SQUIDs.

III. RESULTS OF A SINGLE CHANNEL SYSTEM

To determine the feasibility of achieving the desired metrics
for image resolution (SNR > 10, voxel size < 2x2x4 mm’ ) we
next describe a modeling and experimental effort to evaluate
the performance of a single channel ULF MRI system.

A. System Simulation

Fig. 3 shows the simulation set-up of the 7-channel ULF
MRI system we used to perform the ULF MRI experiments
described below. The properties of the system have been
described elsewhere [21]. The inset shows the actual acrylic
phantom, filled with water, used for the work. The holes are
3 mm in diameter, 6 mm deep, and spaced 5 mm apart. The
simulation code was written in MATLAB, based on the Biot-
Savart-LaPlace formulation of magnetostatics and the
reciprocity principle. Such an approach, while not general,
allows for computationally efficient modeling of our ULF
MRI system. In Fig. 4 we show the results of a simulation
with the parameters listed in the second column of Table 1.
For this image we assumed a noise of 1 fT/N(Hz).

B. Imaging a water phantom

Fig. 5 shows an experimentally measured ULF MRI of the
acrylic phantom filled with water. The pre-polarization field
was ~ 100 mT, the readout field 94 uT. The voxel size is 0.9 X
0.9 x 6 mm’. An SNR of ~ 12 was achieved in a single 8
minute scan. Data were taken with the system shown in Fig. 1

X, m
Figure 3. System simulation showing locations of gradiometer coils
(circles), and the position of the phantom. Inset shows the acrylic
phantom, with holes 3 mm in diameter and 6 mm deep.

and pulse sequence in Fig. 2. Only the central channel of a 7
SQUID gradiometer array was used as a surface-coil detector
with a FOV of ~ 5 cm. The noise of this channel had been
experimentally measured to be ~ 1.2 fT /N(Hz), in the presence
of un-energized MRI coils. Additional imaging parameters are
summarized in the third column of Table 1.

The image shown in Fig. 5 is consistent with our model for
the signal from water (not shown) but only when we assume a
noise level of 3 fT/(Hz). This additional noise arises from the
fact that when the MRI coils are active, there is added noise
that must be accounted for.

C. Imaging tissue

Because the image shown in Fig. 5 was based on water, the
relaxation time was long (~ 3 sec). Thus rather long encoding
and acquisition times of 76 and 150 ms, respectively, were
possible. However, the relaxation times of tissue are on this
order (100 — 200 ms) at ULF and thus one critical requirement
towards imaging a biological object is slightly increased
gradients for shorter times.

New gradient coils were fabricated allowing us to increase
from ~8 Hz/mm to ~18 Hz/mm. Also, new gradient coil
current supplies with water-cooled current limiting resistors

Figure 4. Simulation of the phantom. 7, was set to ~ 150 ms to mimic
the properties of tissue. The imaging parameters are listed in Table 1.



Table 1. Parameters for measured and simulated images.

Fig. 4 Fig. 5 Fig. 6 Fig. 7
T, [s] 0.150 3 0.150 0.150
t, encoding [ms] 25 76 25 25
Voxel size [mm’] | 1.1x1.1x6 | 0.9x0.9x6 | 0.9x0.9x6 | 0.9x0.9x6
N, (read-out 73 89 89 89
N. (phase steps) 55 81 81 81
Nave 1 1 10 10
t, acquisition 50 150 50 50
Gy, [Hz/mm] 18 8 18 18
B, [mT] 100 100 75 50
SNRimage [a.0.] 27 12 16 17

were developed to drive the four coils.

Using this new system, we were able to reduce the encoding
and acquisition time to 25 and 50 ms, respectively. However,
shortly after we acquired the image in Fig. 5, we had a
significant failure in our B, amplifiers which also appeared to
compromise the B, coil. Interestingly, after recovery from the
failure we also observed a ~ 3-fold increase in noise in the
imaging system. We hypothesize that this excess noise was a
result of magnetization of some component of the cryostat or
gradiometer probes. The noise was resolved by a complete
thermal cycle of the system. But it highlights an interesting
problem when using pulsed pre-polarization especially as we
drive towards higher fields: the potential for magnetization of
components must be considered, yet many ULF MRI systems
rely on cryostats that are re-purposed from other approaches
(e.g. MEG) and never intended to experience such conditions.
At the time of this writing we were only able to recover to a
pre-polarization field of 75 mT, limited by the noise increase.

To mimic the properties of real tissue, we doped the water
in the phantom with CuSO, to reduce the relaxation time to
~0.15 s. The resulting image is shown in Fig. 6. The imaging
parameters are given in the fourth column of Table 1.

The image in Fig. 6 appears of similar quality, compared to
Fig. 5 (our other experimentally acquired image). However,
the image is for 10 averages. To fully understand if the

mm
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Figure 5. ULF MRI measured for water at 94 puT. The imaging
parameters are listed in Table 1.

differences between the images in Figs 5 and 6 are consistent,
we first introduce a method for comparing images via the
concept of device SNR (or imaging efficiency) [22].

The acquired signals and reconstructed image, for a single
voxel, are linked by

SNRvoxel = v NxNzNavg (S% ja

where N, . is the number of pixels (readout and phase encode
steps, we neglect the N, step here for a 2D image). S, is the
signal in the time domain (for example a sine-wave from
precessing magnetization, neglecting relaxation). S, is
proportional to the voxel volume, V, and the magnetization
(magnetic field)

So=V-xy=V-B,. (16)

The noise in the acquisition bandwidth, oy, can be expressed

o, = aj-N%, (17)

where o, is system noise, N, is the number of readout steps,
and ¢, the acquisition time. The relation N,/t, is the acquisition
bandwidth.

Putting Equations (15), (16), and (17) together we find that
we can describe the SNR of a device as

BP oC SNRvoxel . (1 8)
Jo? av- [N, N1,

Using the numbers in Table 1, we would expect the SNR of
the image in Fig. 6 to be ~ 16.4. This is in excellent agreement
with our observed SNR of 16.

When we model the expected image at 75 mT and with 3
fT/(Hz), it is quite similar to the image in Fig. 6. This image
is shown in Fig. 7. Here we find that our result is entirely
consistent with the model. Ten averages and a longer than
desired scan time of 40 minutes were both required to achieve
our SNR and spatial resolution goals at B, = 75 mT and 3
fT/\(Hz) noise. The result is consistent with scaling from Fig.
5 using the concept of device SNR, or through modeling.

(15)

IV. TOWARDS A “HIGH RESOLUTION” IMAGE

To achieve the desired image properties it appears 100 mT

y (mm)
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Figure 6. ULF MRI measured for CuSO,4 doped de-ionized water.
T, was ~ 150 ms. The image is an average of 10 scans.



Figure 7. Simulation of the phantom with 75 ~ 150 ms, 50 mT

polarization, and 3 fT/Y(Hz). Imaging parameters are listed in Table 1.
and 1 fT/N(Hz) are minimal requirements. These will be
challenging to obtain over a large field of view such as the
human head. The short 7, times of tissue will be a confound
given the requirement for longer acquisitions. We often
assume that the SQUID noise is as measured in zero field.
This fails to take into account the inevitable noise increase
associated with the MRI fields, or the influence of stray
magnetic fields on the image quality. Further, ULF MRI often
relies on instrumentation not originally intended for the
application, such as cryostats designed for MEG. This can
only add to the noise. Additionally, very simple
instrumentation (i.e. batteries) are a work-around to the issue
of noise introduced by the imaging coils, but will greatly limit
the pulse sequences available.

V. DISCUSSION AND CONCLUSIONS

ULF MRI will not compete with HF MRI in terms of image
quality as defined by SNR and spatial resolution, for a given
scan time. It is also clear that with the exception of the
contrast, which may need to be measured; almost every aspect
of a ULF MRI system can, and should be modeled. With
realistic values for polarization and noise, the image quality
can be determined a priori. We hope our discussion in this
paper will motivate the further use of such realistic modeling.

Although there are challenges, we remain optimistic that
there are applications where the unique contrast or capabilities
of ULF MRI remain distinct and advantageous. If it is
possible to achieve the requisite polarization and noise,
reasonable image quality is possible. There is a fundamental
reality that the images are going to take longer. However, the
use of multiple sensors lends itself especially to ULF MRI
(coupling issues from parallel arrays that arise in HF MRI are
not a problem since the sensors are not highly tuned coils).
The sensor array approach is capable of performing image
acceleration using the spatial sensitivity of the array instead of
encoding steps. This is likely the only way to reduce the long
imaging times.
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