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a b s t r a c t

Conventionally implemented MRI is performed in a strong magnetic field, typically >1 T. The high fields,
however, can lead to many limitations. To overcome these limitations, ultra-low field (ULF) [or microte-
sla] MRI systems have been proposed and implemented. To-date such systems rely on low-Tc Supercon-
ducting Quantum Interference Devices (SQUIDs) leading to the requirement of cryogens. In this letter, we
report ULF–MRI obtained with a non-cryogenic atomic magnetometer. This demonstration creates oppor-
tunities for developing inexpensive and widely applicable MRI scanners.

Published by Elsevier Inc.
MRI is widely used and considered a routine and powerful diag-
nostic procedure. Nonetheless, traditional MRI has limitations and
difficulties. For example, wider availability of MRI is impeded by
the high cost of the instrumentation and the need for large and heavy
superconducting or permanent magnets. To solve these problems,
inexpensive systems based on ultra-low field (ULF)–MRI methods
have been proposed where scans can be performed without such
magnets [1]. Experimentally, ULF–MRI systems were implemented
and successfully applied to imaging with low-Tc SQUIDs [2–6],
including imaging of human brain [7]. In addition to the advantages
in simplicity of magnetic field generation, safety, and cost, the open
design of ULF–MRI systems allows more flexible positioning of
patients, a particularly important advantage if such positioning is re-
quired by patient condition, treatment or surgical procedure. More-
over, ULF–MRI is less restrictive for combining with various other
imaging modalities. It also has potential diagnostic and scientific
advantages that can provide totally new information. For example,
ULF–MRI can be effectively combined with magnetoencephalogra-
phy (MEG) to reduce co-registration errors [7]. There is indication
that abnormal tissues such as tumors exhibit greater T1 (longitudinal
relaxation time) contrast at low field, and such anomalies can be re-
vealed without injection of gadolinium-based contrast agents [6],
which can have long term adverse effects [8]. In general T1 of water
and tissues [9,10] depends on magnetic field and NMR frequency,
and differences in T1 (contrast) increase at low fields. ULF–NMR is
also sensitive to processes at ms time scale, including protein fold-
ing, and can be used for studying such processes [11]. Our group is
working on exploiting the idea of direct neural imaging (DNI) with
Inc.
ULF–MRI based on a resonant absorption mechanism that provides
enhancement in sensitivity [12].

Thus far, these multiple applications of ULF–MRI relied on low-
Tc SQUIDs. However, with the advent of ultra-sensitive atomic
magnetometers (AMs) of comparable sensitivity [13] it has become
possible to develop similar applications without SQUIDs and cryo-
gens. The first NMR detection with an AM was reported in 2005
[14]. However, this and the following NMR and MRI experiments
[15,16] were based on liquid flow and were not readily applicable
to biomedical anatomical imaging. Liquid flow was needed to meet
the requirement of prepolarization, which is necessary in low-field
MRI because the signal otherwise would be extremely small. Water
was arranged to flow in a tubing from an external permanent mag-
net through a narrow opening inside a mu-metal shield where the
atomic cell of an AM was located, and such arrangement is impos-
sible for general anatomical imaging, except to image some blood
vessels. However if the magnet is moved inside the shield to locally
spin-polarize a subject (as would be required in MRI of living sub-
jects), the AM would not operate in the proximity of this magnet
due to its sensitivity to magnetic fields and gradients. Even with
a pulsed prepolarizing coil, the operation of the AM will be prob-
lematic because of residual magnetization of the mu-metal shield.
NMR detection with an AM more relevant to anatomical imaging
was demonstrated only in 2007 [17], but this work did not address
the problem of how to detect the AM signal in the presence of mag-
netic gradients required for MRI. The field separation technique
(required because MRI and AM fields have to differ by three orders
of magnitude) was furthermore not conducive to typical MRI of liv-
ing subjects. In this work, we demonstrate MRI with an AM that
can be developed into practical anatomical imaging. Although in
the current demonstration the resolution and signal-to-noise ratio
(SNR) of the MRI are not yet sufficient for clinical applications, it
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Fig. 1. The detection system based on the flux transformer and the atomic
magnetometer.
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constitutes the proof of principle that a non-cryogenic MRI system
based on an AM can be built. A clear path is outlined for achieving
this goal. The requirements for sensitivity and the feasibility of
achieving necessary MRI resolution and SNR are analyzed.

In addition to the most well known and arguably most impor-
tant medical imaging applications, MRI scanners are also used in
other applications including industrial scanning of materials, secu-
rity applications, and many others. The imaging quality required
for most medical applications would need to demonstrate resolu-
tion on the order of 1 mm and SNR per voxel of about 30 for a rea-
sonable imaging time on the order of 10 min [18]. In our previous
demonstration of ULF–MRI, we used a 7-channel SQUID system
with a typical 3 fT/Hz1/2 sensitivity and a 0.03 T prepolarization
field [7]. A 90 min scan was required to achieve a head image with
3 � 3 � 6 mm spatial resolution and SNR �30. By scaling this re-
sult, we estimate that achieving clinically relevant ULF–MRI imag-
ing quality for a reasonable scan time (10 min) would require a
0.1 T prepolarization field, 0.2 fT/Hz1/2 sensitivity using multiple
channel acquisition. Attaining the specified sensitivity is a key to
realizing a practical ULF–MRI system. This is why the most sensi-
tive detectors, such as SQUIDs or AMs, must be employed.
Although it is clear that the higher detector sensitivity the better
is SNR per voxel in MRI, it is less obvious why multi-channel con-
figuration of detectors have to be used. The reason for this is that
smaller-diameter coils generate larger signals without noise in-
crease from small voxels located in the vicinity of the coils, and
hence multiple small-diameter coils can produce better SNR per
voxel than a single larger-diameter coil covering the same sample
area. This can be understood from the principle of reciprocity that
states that the flux through a coil from a source with a given mag-
netization is proportional to the field per unit current produced by
the coil in the voxel location. Because the field of a coil scales in-
versely with the coil diameter, a smaller coil outputs a larger signal
per voxel of MRI sample in its vicinity. In other words, filling factor
for a small voxel is higher for a small than large coil. The drawback
of a small coil is that its field of view is very limited, so a small coil
cannot be used alone to image a large area. Instead an array of coils
has to be used. The solution is an array of coils that can cover the
entire MRI area.

We conducted MRI experiments with an AM to better under-
stand the practical problems of applying AMs in MRI and to show
a practical example of working system. In the experiments we used
our SQUID ULF–MRI system installed inside a double-layer mag-
netically shielded room with the following MRI protocol (see Ref.
[5] for details). The prepolarizing field Bp (35 mT) was applied in
the vertical (y) direction for about 1.5 s to polarize the sample (a
bottle of diameter 2 cm and length 3 cm filled with tap water)
and turned off with a ramp down of 6 ms. After a small delay
(10 ms), a measurement field Bm, which was perpendicular to Bp,
was applied, causing the nuclear spins to precess around Bm as if
excited by a p/2 pulse. Frequency-encoding Gx = dBz/dx and
phase-encoding Gz = dBz/dz gradients were applied for 2D imaging.
The Gx (5 Hz/cm) gradient was turned on simultaneously with Bm,
and its polarity was reversed after 0.5 s to produce a gradient echo
at 1 s. The Gz gradient was applied simultaneously with the posi-
tive lobe of Gx and its value was changed in 17 steps from
�5 Hz/cm to 5 Hz/cm. The MRI pulses, signal acquisition, and data
processing were fully automated.

For the detection of ULF–MRI signals by an AM, we constructed
a portable AM which can be moved in and out of the shielded
room. The AM principles and design are similar to those described
previously [17,19], but some new features were added which are
described below. The AM consists of a 1-cm cubic atomic cell con-
taining a drop of K, 75.5 kPa of 4He, 5.5 kPa of N2; two lasers
(770 nm, 40 mW power) to provide optical pumping of K spins
and to measure their precession; optics, and electronics. The cell
and a glass oven, designed to heat the cell (Fig. 1), are enclosed
in a small ferrite box, which reduces external magnetic field 100
times to make the operation of the magnetometer more sensitive
and stable whether used inside or outside the shielded room. The
ferrite box was used in our MRI experiments to minimize the ef-
fects of MRI fields and gradients when the AM was inside the
shielded room. Ferrite was chosen because of its low magnetic
noise [20]. The AM Zeeman resonance was tuned by applying a bias
field, about 4 � 10�7 T. For optimal performance, the atomic cell
was electrically heated to a temperature 200 �C inside an oven.
Since the current through the heating elements creates significant
magnetic field, it was turned off during measurement time with a
solid-state switch. Except for the first 50 ms after the heater was
turned off, the AM sensitivity was the same as when the heater
was completely disconnected. Batteries were used to power the
heater inside the shielded room to minimize magnetic noise.

A significant impediment to MRI with an AM is that an AM is
sensitive to MRI fields and gradients, and at least one field Bm

and one gradient Gx are present during the data acquisition cycle.
To solve this, we added a flux transformer (FT) to the AM setup
(Fig. 1). The input coil of the FT (230 turns, 7.5 cm diameter,
0.83 mm copper wire diameter, resistance 1.8 X, inductance
3.8 mH) was located near a water phantom, in the center of the
MRI coils. The output coil (40 turns, 5.5 cm diameter, 0.25 mm cop-
per wire diameter, 3 X resistance with connecting ends) was
mounted inside the AM ferrite shield on the external surface of
the oven, slightly above the center so as not to block the probe
and pump beams passing through the cell. These parameters of
the FT were chosen without thorough sensitivity optimization,
which is the future goal, but with some consideration of noise
and geometry. In particular, the input coil was chosen to fit be-
tween the Dewar and prepolarization coil, to allow simultaneous
AM and SQUID recording, and the output coil was chosen to fit in-
side the ferrite shield. We chose the coils’ numbers of turns with a
capacitor added in sequence to have magnetic field amplification
coefficient high enough that AM noise would not exceed the ther-
mal noise of the FT in the output coil. Theory of noise of the
AM + FT system is provided below. The AM was about 1 m away
from the MRI coils. The FT functions in the following way. The
time-varying magnetic flux (DC field does not produce any signal)
from precessing nuclear spins of water produces AC voltage in the
input coil and drives a current through the output coil. The current
generates a magnetic field in the output coil which is detected by
the AM. In the future, we plan to arrange many FTs with a multi-
channel AM to enhance SNR and accelerate MRI. Although we ex-
pect some problem due to interaction between coils, we can solve
this problem by using similar parallel MRI approaches as in Ref. [5].
The coupling between pick-up coils in Ref. [5] was on the order of
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1–2 per cent, and we can arrange our coil to have similar coupling
coefficients. There is also possibility to use current feedback in
coils to minimize interaction between coils.

With the aid of the FT, the AM was used simultaneously with
our 7-channel SQUID system to obtain comparative ULF–MR
images from both sensor systems. The AM was inserted half way
through the window in the shielded room to have its sensitive part,
the atomic cell, inside the room, while keeping the magnetic noise
generating parts, the lasers and their electronics, outside. We also
oriented the input coil of the FT perpendicular to the Bp and Bm

coils to minimize pickup of switching related transients by the
FT and the SQUIDs. With this arrangement we obtained artifact-
free MR images. Initially, we acquired MRIs at 1.945 kHz, a fre-
quency that was far from optimal for the AM, but at which our
SQUID-based ULF–MRI system normally operated. To investigate
if quality of MRI improves with frequency, which is expected
according to Eq. (2), we conducted another MRI experiment at
higher frequency, 3.2 kHz. We found that the quality of the image
obtained with the AM greatly improved and became comparable to
that of the image obtained with the central SQUID (Fig. 2), which
has about 1 fT/Hz1/2 sensitivity. Such rapid improvement with fre-
quency suggests that at high frequencies it should be possible to
exceed the quality of images obtained with our state-of-the-art
commercial SQUIDs. While 2D, 2 mm image resolution demon-
strated here can already be useful for some imaging applications,
the value for general anatomical imaging is suboptimal. Further
significant progress is expected based on the analysis of sensitivity
provided below.

The input sensitivity of the AM + FT system depends on the
noise of the FT (dBFT), its field enhancement coefficient (kFT = Bout/
Bin), and the sensitivity of the AM (d BAM):
Fig. 2. MR images of a water phantom obtained with a SQUID (the top panel) and
an AM (the bottom panel) at 3.2 kHz. Imaging time is 12 min.
dB ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
dB2

FT þ ðdBAM=kFTÞ2
q

: ð1Þ

The noise of the FT is the combined Johnson noise of its two coils,

dBFT ¼
8

xDin

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
kBTinqin

pDinAin

s ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
1þ ToutRout=TinRin

p
; ð2Þ

where Ain, Din, Tin, qin, and Rin are the winding cross-section area,
average diameter, absolute temperature, resistivity, and resistance
of the input coil; Tout and Rout are the temperature and the resis-
tance of the output coils; x is the angular frequency. All quantities
are expressed in SI units. The result does not include skin-depth and
proximity effects, but they can be minimized by using narrow-
gauge Litz wire [17], at least at frequencies below a few MHz. The
Johnson noise of the FT used to obtain the water phantom MRI
was 12 fT/Hz1/2 at 3.2 kHz. The Johnson noise can be substantially
improved over this first proof-of-principle FT. We estimate that a
sensitivity of 0.2 fT/Hz1/2 is possible for a coil with the cross-section
of 10 cm2 at 30 kHz. This is our future goal for creating a competi-
tive MRI scanner. Even further improvement in sensitivity can be
achieved by increasing the frequency and the cross-section, but
there are some limiting factors. In particular, high MRI frequency
requires higher uniformity and stability of the Bm field, which are
not readily achieved. Furthermore, background noise is not neces-
sarily better at higher frequencies as observed in our lab: magnetic
field noise was 10 fT/Hz1/2 at 30 kHz, but significantly increased at
40–60 kHz. We found that 30 kHz frequency is practical for an
MRI scanner. For example, a Helmholtz coil system, among the best
simple systems, of the size 1 m can generate measurement field of
uniformity better than 1 part in 1000 for a 20-cm sample and can be
used for head imaging at 30 kHz, but higher frequency would re-
quire more elaborate field generation.

The number of turn in coils is another important factor that can
affect the coil thermal noise through the effect of distributed
capacitance and self-resonance. Unfortunately, this effect is not
known quantitatively. We conducted several experiments to inves-
tigate this effect. We found that for a given frequency, the intrinsic
coil noise was much greater than that predicted by Eq. (2). We fur-
ther found that at a fixed coil cross-section the noise began to ap-
proach the theoretical value as the number of turns was reduced.
As the result of our investigation, we concluded that a coil of
10 cm2 at frequencies near 30 kHz must have fewer than 50 turns
to prevent adversely affecting its noise performance. Thus there
will be limits on the use of an amplifier, which otherwise might
be a possible alternative. To illustrate this point, consider a practi-
cal coil with intrinsic sensitivity of 0.2 fT/Hz1/2 (Din = 10 cm,
Ain = 10 cm2, copper wire, 50 turns, R = 0.01 X). This coil is ex-
pected to have Johnson noise

ffiffiffiffiffiffiffiffiffiffiffiffiffi
4kBTR

p
¼ 10 pV=Hz1=2, which is be-

low that of the most sensitive commercial amplifiers, such as an
amplifier sold by DL Instruments (Model 565) [22]. With a care-
fully designed and shielded ferrite transformer it has a noise level
0.15 nV/Hz1/2. This amplifier could, in principle, be used by reso-
nating the coil with a capacitor. However, resonant operation of
the pickup would severely limit the use of this sensor by prevent-
ing the use of multiple coils for parallel MRI acceleration and
employing background subtraction techniques using gradiometers
or reference channels. Such limitations are, in our opinion, not
desirable for most MRI scanner applications.

For the optimization of the cross-section, it is necessary to
remember that a coil has a transient time that grows with the
cross-section, s = L/R � 3 � 10�7A/q. (This equation was obtained
using R = pDqN2/A and L � 1.0 � 10�6DN2, where the inductance
expression is the approximation of the expression given in Ref.
[21] in the assumption that the diameter of the coil D is much lar-
ger than the efficient diameter of the cross-section area and that
the slow logarithmic dependence in the expression of Ref. [21]
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can be replaced by the constant equal to the value of the logarithm
for our typical coil of interest with D = 8 cm and A = 4 cm2.) The
large pulses of magnetic field present in MRI can lead to long tran-
sients, which can raise the noise level during acquisition time.
However, substantial suppression of transients can be achieved
with the addition of a resistor (with a switch to disconnect resistor
at measurement time) in parallel to damp transients. The resistor
value must be greater than the coil’s own resistance but smaller
than the impedance of the coil, including a parasitic capacitance.
Because decay time L/R with the resistor can be made much short-
er, the energy would dissipate exponentially to a negligible level
even in a large coil.

The field enhancement kFT of a FT can be found from the ratio of
the output Fout = NoutAoutBout and input Fin = NinAinBin fluxes:

Fout

Fin
¼ jxLout

jxðLin þ LoutÞ þ R� j=xC
; ð3Þ

where Lin, Nin, Ain and Lout, Nout, Aout are the inductances, the number
of turns, and areas of the input and output coils, R is the FT total
resistance, and C is a capacitance optionally added in sequence with
the coils. At resonance x(Lin + Lout) = 1/xC the output flux can be
enhanced Q times compared to the no-capacitance case, where Q
is the quality factor. Resonance would lower demand on the AM
sensitivity, but significant current will flow in the coil and if multi-
ple coils are used, strong coupling will occur. Hence resonance oper-
ation can be used only for a system with a single or weakly coupled
coils. In our experiment, we used a FT with Q = 15 and the field
enhancement was 6. The sensitivity of the system was not limited
by the input coil of the FT.

The sensitivity of an AM at high frequencies was analyzed in
Ref. [19]. From the analysis it follows that an optimized AM with
an atomic cell volume 1 cm3 can have a 0.1 fT/Hz1/2 sensitivity,
provided instrumental and magnetic-field noises are suppressed,
which should be possible at 30 kHz frequency. With FT field
enhancement greater than 1 (readily achievable, even without res-
onant operation), the sensitivity of FT + AM system can be made
0.2 fT/Hz1/2 using the coil of 10 cm2 cross-section analyzed here.
Even higher sensitivity can be achieved, if larger FT coils are used.

In summary, we have demonstrated the first MRI with an AM
that is directly relevant to the demands of practical anatomical
imaging. The quality of images obtained even with our very simple,
poorly optimized system is approaching that of SQUIDs and signif-
icant improvement is possible by increasing the prepolarization
field, NMR frequency, coil cross-section and applying parallel
MRI methods. An MRI–AM scanner based on the principle de-
scribed here will have many advantages over conventional high-
field scanners such as safety, portability, low cost, compatibility
with other systems, flexibility in applications. We believe our ap-
proach is immediately suitable for deployment in many medical,
industrial, and security applications such as detecting liquid explo-
sives in airports or in food inspection.
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