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Low-Cost High-Performance MRI
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: Magnetic Resonance Imaging (MRI) is unparalleled in its ability to visualize anatomical structure and
Received: o5 May 2015 . function non-invasively with high spatial and temporal resolution. Yet to overcome the low sensitivity
. inherent in inductive detection of weakly polarized nuclear spins, the vast majority of clinical MRI
scanners employ superconducting magnets producing very high magnetic fields. Commonly found
at 1.5-3 tesla (T), these powerful magnets are massive and have very strict infrastructure demands
that preclude operation in many environments. MRI scanners are costly to purchase, site, and
maintain, with the purchase price approaching $1 M per tesla (T) of magnetic field. We present here a
remarkably simple, non-cryogenic approach to high-performance human MRI at ultra-low magnetic
field, whereby modern under-sampling strategies are combined with fully-refocused dynamic spin
control using steady-state free precession techniques. At 6.5 mT (more than 450 times lower than
clinical MRI scanners) we demonstrate (2.5 X 3.5 X 8.5) mm?3 imaging resolution in the living human
brain using a simple, open-geometry electromagnet, with 3D image acquisition over the entire
brain in 6 minutes. We contend that these practical ultra-low magnetic field implementations of
MRI (<20 mT) will complement traditional MRI, providing clinically relevant images and setting new
standards for affordable (<$50,000) and robust portable devices.
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Magnetic Resonance Imaging (MRI) is a powerful, non-invasive technique for revealing the internal
structure and function of the human body with a rich range of biological contrasts. Despite considerable
improvements in imaging quality and speed, the underlying technology remains remarkably unchanged
compared to the first generation scanners that emerged on the market 30 years ago. The fact that very
strong magnetic fields are needed to overcome the intrinsic lack of sensitivity of NMR-based methods
continues to dominate scanner construction, and drives both pricing and scanner siting requirements.
MRI scanners are built around massive superconducting magnets with a nominal cost of $1 M per tesla
of magnetic field. With 1.5 tesla (T) and 3T scanners in common use, and increasing demand for 7T,
the extreme cost of these devices limits the number of scanners on site and requires hospitals to carefully
prioritize patients. Additionally, these massive scanners are strictly confined to the MRI suite within a
hospital thus precluding mobile operation in many environments including surgical intervention, triage
and primary care suites.

Undeniably, one of the next revolutions in health care will center on cost-effectiveness. Thus the
prospect of low-cost (<$50.000) but high-performance MRI systems to complement traditional MRI
scanners is compelling. A promising solution is MRI at very low magnetic field where scalable electro-
magnets become practical. Operation at low magnetic field enables imaging in environments where high
magnetic fields would be contraindicated (such as in the presence of nearby ferrous materials), and raises
the potential for scanners to be built at significantly reduced total cost, and with open geometry designs
that ease patient handling and positioning.

The unique role that very low magnetic field MRI scanners can play in neurocritical care was rec-
ognized 30 years ago in the pioneering work of Sepponnen, et al.!, who explored the clinical validity of
brain MRI acquired in a 20 mT scanner located in a hospital emergency department. These early images
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were acquired at the lowest field strength reported in clinical MRI at that time, and although limited to
a single 15mm slice, were obtained with good contrast in a reasonable four minute acquisition.

In an effort to improve the performance of very low field MRI systems, Macovski and Conolly intro-
duced the concept of pre-polarized MRI (also known as PMRI) in 19932, which employs a strong, inho-
mogeneous pulsed magnet field to generate increased nuclear polarization, and a second much weaker
homogeneous magnetic field for signal detection. This PMRI strategy has been the acquisition strategy
for nearly all very low field MRI systems since its introduction. In 2006, PMRI in human subjects with
metal implants was reported in vivo in human wrists®, where a 0.4 T field was used for pre-polarization,
and a 54mT field used for signal detection.

The ultra-low field (ULF) MRI regime is defined* when the magnetic field used for signal detection
is below 10 mT. In 2007, PMRI was demonstrated with detection in the ULF regime, orders of magnitude
lower than reported in Venook et al.%, using arrays of very sensitive superconducting quantum interfer-
ence devices (SQUIDs)® as magnetometers to measure the spatially encoded nuclear spin precession®.
Pre-polarized cryogenic SQUID-detected ULF MRI has been demonstrated in the human brain as well
as in the human hand and wrist by several groups’~'>. Results from late 2013 demonstrate in vivo 2D
images of the human brain (pre-polarized to 80 mT) with (2.5 x 1.9) mm? in-plane resolution over a
(10 x 10) cm? region of interest and a 100 mm thick slice, acquired in ~26 minutes'®. Very recent results
from the Los Alamos ULF effort demonstrate 3D images of the human brain (pre-polarized to 100 mT)
with (2.1 x 2.4 x 15) mm? resolution (5 slices) in 67 minutes'®.

Although SQUIDs are the most technically mature of the non-inductive magnetometers used at ULF,
several alternative detection technologies have been explored. Optical measurement of nitrogen-vacancy
(NV) color centers in diamond'’~!® form the basis of robust solid-state magnetometers with unmatched
magnetic field sensitivity at nanoscale resolutions. As of yet, however, NV-diamond magnetometers do
not provide obvious benefits for human scale MRI. Atomic magnetometers (AM) have also been applied
to pre-polarized NMR* and MRI*??, and improvements in these devices have resulted in a magnetic
field sensitivity approaching SQUID performance® without the need for cryogenics. The first attempt
at imaging the living human brain with an atomic magnetometer was reported in 2013%. In this work,
nuclear spins are pre-polarized at 80 mT and detection is performed at 4 mT. Despite the ultra-high sensi-
tivity and dynamic range of the AM magnetometer, the setup as described provides limited 3D coverage
and significant improvement in resolution and SNR (Signal-to-Noise Ratio) is needed in order to clearly
discern anatomical features, which will inevitably increase the acquisition time.

Independent of which detection technology is used, all pre-polarized ULF MRI suffers from intrin-
sically long acquisition times, most of which is incompressible, that result from the time needed to
generate nuclear polarization. In the present work, we demonstrate fast and efficient brain ULF MRI at
6.5mT with no pre-polarization nor cryogenics, combining under-sampling strategies with a high per-
formance fully refocused steady-state-based acquisition in a simple, inexpensive system. With a novel
inductive single channel detector, we report the fastest 3D MRI of the living human brain in the ULF
regime compared to the state-of-the-art as reported in the literature!1>151624,

Results

Ultra-low field acquisition strategy. High performance imaging at ultra-low magnetic field focuses
on significantly reducing acquisition time using fast imaging techniques. Here, fast imaging was enabled
using 3D balanced steady state free precession sequences (b-SSFP)?. Originally described by Carr in
1958 as a technique for improving the signal-to-noise ratio (SNR) in NMR experiments®, b-SSFP was
implemented as an efficient acquisition strategy for MRI in 1986 by Oppelt et al.”’, and extensively inves-
tigated in the early 2000 s*>2%-32, Unlike traditional gradient- and spin-echo techniques, b-SSFP sequences
dynamically refocus spin magnetization following measurement, eliminating the extra delays typically
used for T, decay and T, recovery. This considerably reduces acquisition times and provides the highest
SNR per unit time of all imaging sequences*>?’. These sequences are very sensitive to the amount of
spin dephasing that occurs between consecutive RF pulses (the pulse repetition time, TR), and typical
banding artifacts are expected to appear within a range of £1/(2*TR) Hz that result from inhomogeneity
in the static magnetic field”. This sets a strict requirement on the absolute field homogeneity over the
field-of-view (FOV), which for operation at 3T is typically at the sub-PPM level.

In the millitesla regime, however, the fractional homogeneity requirement is three orders of magni-
tude lower, significantly easing the engineering burden for low-field magnet design. With a current
TR =22.5ms, our b-SSFP sequence is completely immune to banding artifacts for up to 160 ppm inho-
mogeneity at 6.5mT. Furthermore, magnetic susceptibility differences are significantly reduced at ULE,
preventing off-resonance b-SSFP artifacts. As a result, provided reasonable magnetic field homogeneity,
b-SSEP at very low magnetic field alleviates the necessity of ultra-short TRs and provides good image
quality over a large FOV without the need for sophisticated ultrafast gradient power amplifiers. Our
6.5mT MRI scanner® (Fig. 1) was upgraded for improved B, stability*!, and was used for all the low-field
b-SSFP experiments described here.

RF Coil design. The design of inductive detection coils for use in ULF MRI presents a different set of
challenges to those present in conventional high-field MRI. In particular, issues of coil resistance and
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Figure 1. Ultra-low field MRI system. Custom built biplanar 6.5 mT electromagnet with biplanar gradients
(Gx, Gy, and Gz). The diameter of the outermost By, coil is 220 cm. The subject lays supine in the scanner
and a custom built single channel transmit/receive spiral head coil wound with litz wire for operation at
276KkHz is placed to cradle the head.

225 cm

Figure 2. 3D renderings of the single channel form-fitting head coil. (A) isometric, (B) back, and (C) side
views are shown. The final design was 3D printed on a Fortus 360 mc printer (Stratasys, Eden Prairie, MN,
USA) in polycarbonate using fused deposition modeling technology. The 30-turn spiral was wound with
Type 1 40/38 Litz wire, parallel resonated to 276kHz, and capacitively matched to 50 ohms.

probe bandwidth manifest differently. In conventional MRI, the dominant source of noise is the presence
of small currents in the lossy sample (the so-called “body noise” regime) to which a characteristic sample
resistance Ry is attributed. Both the sample and the coil contribute to Johnson noise but in practice Ry is
much larger than the coil resistance R (i.e. Rg>>R.), and thus R can be neglected in SNR calculations.
However, at low field, Rg becomes much smaller and R becomes the dominant noise contribution (i.e.,
the so-called Johnson noise dominated regime). To minimize the coil resistance in a simple design, larger
diameter wire or stranded litz wire can be used, but one needs to consider the impact this has on coil
bandwidth. Given the maximum imaging gradient strength of ~1 mT/m attainable in our 6.5mT electro-
magnet Low Field Imager (LFI), a 20cm (head-sized) FOV will span a frequency encode bandwidth of
~10kHz. This sets the minimum bandwidth needed for the detection circuit so as to not significantly
convolve the coil response function with the object being imaged. At our Larmor frequency of 276 kHz,
this corresponds to a maximum coil Q of ~30. A single channel inductive coil for operation at 276 kHz
(Fig. 2) was designed and built using 3D printing fused deposition modeling technology and multi-strand
litz wire®*. A 30-turn 3D Archimedean spiral with an aligned turn-to-turn distance of 5.6 mm guided
wire placement, thus ensuring that E; produced by the spiral pattern is everywhere orthogonal to the
main magnetic field B,. The hemispheric spiral design results in a very homogeneous magnetic field*?”
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Figure 3. 3D images of the living brain acquired in 6 minutes at 6.5mT in (a) axial, (b) coronal, and (c)
sagittal orientation. The corresponding maximum SNRs are a. 15, b. 21, and c. 16. Acquisition matrix:
64 x 75 x 15, voxel size: a. (2.5 x 3.5 x 8.5) mm?, b. (2.5 x 3.5 x 11.5) mm?, and c. (2.5 x 3.5 x 14.4) mm>.

over the volume of interest, making it suitable for both RF transmit and receive. The number of turns in
the coil was chosen to obtain the inductance needed to achieve the desired Q. Litz wire was preferred in
this low frequency application due to its lower AC resistance compared to solid copper wire of the same
physical size.

Image reconstruction and processing. MRI images are reconstructed from frequency- and
phase-encoded information in the k-space formalism®*. Previously, we described our use of under-
sampling strategies to accelerate low-field imaging®!. We make use of this here by randomly sampling
50% of k-space using a variable density Gaussian pattern. The variable density Gaussian sampling pat-
tern emphasizes sampling in the center of k-space, where most of the information is located, and ran-
domly skips lines near the edges. The resulting images do not exhibit coherent artifacts, such as typical
wrap-around ghosts due to FOV contraction. Missing values in the acquired k-space were set to zero. The
standard deviation of the sampling pattern as a fraction of the FOV was optimized to preserve adequate
high-frequency information. Once reconstructed, the images were apodized and processed using Perona
and Malik anisotropic diffusion filtering***! (ADF). ADF is a powerful denoising filter that convolves
images of interest with adaptive Gaussian kernels. The Perona and Malik approach works as an iterative
multi-scale smoothing and edge detection process that removes noise but prevents image blurring by
adjusting filter sharpness as a function of signal intensity gradients.

In vivo brain MRI at 6.5 mT. Three-dimensional under-sampled images acquired at 6.5mT in 6 min-
utes are shown in Fig. 3 for each of the three spatial orientations (axial, coronal, and sagittal). The max-
imum image SNR was computed from the ratio of maximum signal amplitude to the standard deviation
over a user defined noise region; SNR of 15, 21, and 16 were measured in axial, coronal, and sagittal
orientations respectively. With a maximum gradient strength of ~1 mT-m™' and maximal slew rate of
0.7mT-m™'ms™!, no artifacts from concomitant field effect are seen over the 20cm field of view. The
sinuses are easily recognizable in black on the images, as well as the skull. Surrounding the brain, we can
identify the dura in bright grey on the coronal and sagittal images (Fig. 3b,c). In the brain, the two hem-
ispheres and the cerebellum are distinct, and cortical tissue can be distinguished from white matter.
Liquid compartments, here CSF, appear in bright grey and white. Images acquired in the axial orientation
are compared to images acquired in the same subject at high magnetic field (3T) using traditional T,
T,, and proton density (PD) weighted sequences (Fig. 4). In b-SSFP, contrast is related to the T,/ T, ratio
of the imaged sample®. At high field, liquids and tissue typically have rather different relaxation times
but at 6.5mT their ratio (T,/T;) is of order unity resulting in the distinct PD-weighted contrast of Fig. 4b.
Most of the anatomic features seen at 3 T can be identified in the ultra-low-field scans. Figure 5 compares
b-SSFP at 3T to 0.0065T.
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Figure 4. Comparison of single channel ULF MRI to 32-channel high magnetic field scans. (a) b-SSFP at
6.5mT. (b-d), PD, T,, and T; weighted contrast at 3T, respectively. Most of the anatomic features seen at
higher magnetic field can be identified on the ultra-low field scans. At low field, T, approaches T;, and the
resulting image contrast in (a) is very similar to PD-weighting (b).

The maximum SNR in the high field (HF) b-SSFP image is 317. In order to interpret the difference
in SNR between the HF and the ULF scans, we scale the HF image SNR by a factor corresponding to
the difference in the ULF spatial resolution (2.5 x 3.5 x 8.5 in the axial orientation), and by a second
factor to account for signal averaging as done at ULF (Fig. 5b, NA=160). The SNR in the downscaled
HF scan is equivalent to 317 X (2.5 x 3.5 x 8.5) X /160 = 300000, which gives the ratio

SIS\II\;R” ~ 8300 in the axial orientation. If we assume similar coil performance, and neglect the differ-
0.0065

ence in magnetization at steady state for the two magnetic fields, the resulting 8300-fold difference in
SNR agrees reasonably well with the simplified approximation that SNR increases with magnetic field to
the 3/2 power*?, here 460**= 9866. Strong banding artifacts appear at high field (Fig. 5a, yellow arrows),
mainly due to magnetic susceptibility differences at the air-tissue interface. At 276kHz, on the other
hand, no imaging artifact is seen over a 20 cm FOV despite a 3 x longer TR (Fig. 5b). Our results demon-
strate excellent immunity to magnetic field inhomogeneity of the order of £22 Hz, i.e., 160 ppm at 6.5mT.

Discussion

The work presented here demonstrates the shortest acquisition times and highest SNR per unit time in
ULF MRI to date owing to our use of modern sparse sampling strategies and a fully refocused sequence
in an optimized electromagnet scanner. These images were acquired without pre-polarization techniques,
at a fixed magnetic field and with a simple single channel inductive detector. With an eye towards opti-
mization, we note that for a given spatial resolution, the minimum TR—and consequently the total scan
time—is limited by the maximum attainable time-integrated gradient strength. The maximum gradient
strength in the LFI is currently ~1mT-m™!, resulting in a minimum TR of ~23ms. Weak gradients
especially impact phase encoding in balanced sequences like b-SSFP, as every phase-encode pulse is
paired with an opposite polarity rewinding pulse. An increase in gradient strength would allow shorter
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sagittal

Figure 5. Comparison of b-SFFP images at (a) 3T and (b) 6.5mT. Strong banding artifacts appear at high
magnetic field (yellow arrows) in all orientations (coronal, sagittal, and axial) whereas no artifact is seen in
the images acquired at ultra-low field.

phase encode pulses, thus decreasing total imaging time while maintaining SNR, provided that image
distortion from non-linear magnetic fields that accompany the desired encoding gradient (the so called
“concomitant field” artifacts*®) can be mitigated. At 6.5mT, an increase in gradient strength in the range
of 2-5 x , combined with efficient strategies to eliminate concomitant field artifacts*~*¢, can reasonably
be envisioned. Additionally, improvements in the electronic noise floor can go a long way to improving
scanner sensitivity. In our system, the scanner noise floor is dominated by poor filtering of the high cur-
rent lines from the gradient power amplifiers into the RF shielded enclosure of the LFI. More effective
filtering of electronic noise coming from our gradient power amplifiers would reduce our system noise
floor by a measured factor of 3, thus decreasing the total acquisition time by another factor of 3*=9. As
SNR increases with magnetic field to the 3/2 power?, a simple doubling of magnetic field would result
in a sequence about 8 times faster with similar SNR. In the case of human brain imaging, images with
similar resolution and SNR as presented here could be then acquired in less than 3seconds in such an
optimized scanner.

A key challenge in obtaining clinically relevant MRI images at ULF is the ability to acquire T, and/or
T, relaxation-weighted images, and thereby provide contrast to different types of tissue. Typically, mag-
netization prepared gradient-echo, and spin-echo sequences are used to obtain relaxation-weighted
images, but these types of imaging experiments become prohibitively time consuming at ultra-low mag-
netic fields where signal averaging and recovery of the longitudinal magnetization are required. We have
investigated a new strategy to provide contrast based on b-SSFP called “magnetic resonance fingerprint-
ing” (MRF)¥, and have successfully started its implementation at 6.5 mT.*®

Finally, theoretical frameworks exist that allow image reconstruction of highly undersampled datasets
with multiple channel acquisition**-%. Acquisition schemes combining high undersampling rates with
parallel imaging techniques such as SENSE® or GRAPPA%® could reduce the total acquisition time even
further, to less than a second. Recent work from Murphy et al.*® successfully mitigates the computational
expense by exploiting massively parallelized computing.

We contend that ULF MRI scanners operating at this expected level of performance could comple-
ment traditional MRI by relieving hospital congestion and shortening triage delays. Outside of the radi-
ology suite, mobile ULF scanners might be deployable during military conflicts or during sport events
and enable the acquisition of immediate after-trauma knowledge, typically in the case of traumatic brain
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injuries. Finally, ULF MRI technology may allow resource-poor environments access to MRI systems,
without the strict siting requirements and high costs of conventional scanners.

Methods

Consent and IRB. Informed consent was obtained from each healthy human volunteer prior to the
experiment in accordance with the Human Research Committee of the Massachusetts General Hospital
(MGH). All MRI imaging was performed in accordance with approved guidelines and regulations, using
experimental protocols that were approved by the MGH Human Research Committee.

Ultra-low field MRI. All ULF MR images were acquired at 6.5mT in a healthy human volunteer
with the 30-turn single channel well-fitting spiral head coil described above (Fig. 2). The subject was
placed supine, head first into the electromagnet. The b-SSFP 3D sequence with under-sampling rate of
50%, acquisition matrix of 64 X 75 X 15, at a spatial resolution of (2.5 x 3.5 x 8.5) mm?, (2.5 x 3.5 x 14.4)
mm? and (2.5%3.5% 11.5) mm?, was used in axial, sagittal and coronal orientations, respectively.
TR=22.5ms, TE=11ms. Total acquisition time was 6 minutes for images with number of averages
(NA) =30 (Fig. 3), and 32 minutes with NA =160 (Figs 4 and 5). All acquired data were processed using
anisotropic diffusion filtering and interpolated in Fourier domain in two dimensions to a 96 X 96 matrix.

High field MRI.  Reference high magnetic field images of the head were acquired in the same subject
at 3T on a standard whole-body scanner (Skyra, Siemens Healthcare) using a 32-channel head receiver
coil with the subject in a supine position. All high field sequences were acquired with an acceleration
factor of 2. Proton density, T,, and T, weighted sequences were acquired with matrix =256 x 256 x 176
at a spatial resolution of (1 x 1 x 1) mm?, with total acquisition times of 10 minutes, 5 minutes and 6 min-
utes respectively. A b-SSFP sequence was acquired with matrix =256 x 256 x 192 at a spatial resolution
of (1 x 1 x 1) mm? and NA = 1. The total acquisition time was ~3 minutes.

References
1. Sepponen, R. E,, Sipponen, J. T. & Sivula, A. Low Field (0.02T) Nuclear Magnetic Resonance Imaging of the Brain. Journal of
Computer Assisted Tomography 9, 237 (1985).
2. Macovski, A. & Conolly, S. Novel approaches to low-cost MRI. Magnetic Resonance in Medicine 30, 221-230 (1993).
3. Venook, R. D. et al. Prepolarized magnetic resonance imaging around metal orthopedic implants. Magnetic Resonance in
Medicine 56, 177-186 (2006).
4. Robert Kraus, J., Espy, M., Magnelind, P. & Volegov, P. Ultra-Low Field Nuclear Magnetic Resonance. (Oxford University Press,
2014). doi: 10.1093/med/9780199796434.001.0001/med-9780199796434.
5. Clarke, J. & Braginski, A. 1. The SQUID Handbook: Fundamentals and Technology of SQUIDs and SQUID Systems, Volume 1.
(Wiley-VCH Verlag GmbH & Co. KGaA, 2004).
6. Clarke, J., Hatridge, M. & Mofile, M. SQUID-Detected Magnetic Resonance Imaging in Microtesla Fields. Annu. Rev. Biomed.
Eng. 9, 389-413 (2007).
7. Zotev, V. S. et al. Parallel MRI at microtesla fields. Journal of Magnetic Resonance 192, 197-208 (2008).
. Zotev, V. S. et al. Microtesla MRI of the human brain combined with MEG. Journal of Magnetic Resonance 194, 115-120 (2008).
9. Zotev, V. S. et al. SQUID-based microtesla MRI for in vivo relaxometry of the human brain. Applied Superconductivity, IEEE
Transactions on 19, 823-826 (2009).
10. Savukov, L. et al. Non-cryogenic anatomical imaging in ultra-low field regime: Hand MRI demonstration. Journal of Magnetic
Resonance 211, 101-108 (2011).
11. Magnelind, P. E. et al. Co-Registration of Interleaved MEG and ULF MRI Using a 7 Channel Low-Tc SQUID System. Applied
Superconductivity, IEEE Transactions on 21, 456-460 (2011).
12. Vesanen, P. T. et al. Hybrid ultra-low-field MRI and magnetoencephalography system based on a commercial whole-head
neuromagnetometer. Magnetic Resonance in Medicine 69, 1795-1804 (2012).
13. Espy, M., Matlashov, A. & Volegov, P. SQUID-detected ultra-low field MRI. Journal of Magnetic Resonance 228, 1-15 (2013).
14. Savukov, L, Karaulanov, T., Wurden, C. J. V. & Schultz, L. Non-cryogenic ultra-low field MRI of wrist-forearm area. Journal of
Magnetic Resonance 233, 103-106 (2013).
15. Espy, M. A. et al. Progress Toward a Deployable SQUID-Based Ultra-Low Field MRI System for Anatomical Imaging. Applied
Superconductivity, IEEE Transactions on 25, 1-5 (2015).
16. Inglis, B. et al. MRI of the human brain at 130 microtesla. Proceedings of the National Academy of Sciences of the United States of
America 110, 19194-19201 (2013).
17. Maze, J. R. et al. Nanoscale magnetic sensing with an individual electronic spin in diamond. Nature 455, 644-647 (2008).
18. Taylor, J. M. et al. High-sensitivity diamond magnetometer with nanoscale resolution. Nat Phys 4, 810-816 (2008).
19. Devience, S. J. et al. Nanoscale NMR spectroscopy and imaging of multiple nuclear species. Nat Nano 10, 129-134 (2015).
20. Savukov, I. M. & Romalis, M. V. NMR detection with an atomic magnetometer. Phys. Rev. Lett. 94, 123001 (2005).
21. Xu, S., Rochester, S. M., Yashchuk, V. V., Donaldson, M. H. & Budker, D. Construction and applications of an atomic magnetic
gradiometer based on nonlinear magneto-optical rotation. Review of Scientific Instruments 77, 083106 (2006).
22. Xu, S. et al. Magnetic resonance imaging with an optical atomic magnetometer. Proceedings of the National Academy of Sciences
103, 12668-12671 (2006).
23. Kominis, I. K., Kornack, T. W,, Allred, J. C. & Romalis, M. V. A subfemtotesla multichannel atomic magnetometer. Nature 422,
596-599 (2003).
24. Savukov, I. & Karaulanov, T. Magnetic-resonance imaging of the human brain with an atomic magnetometer. Applied Physics
Letters 103, 043703 (2013).
25. Scheffler, K. & Lehnhardt, S. Principles and applications of balanced SSFP techniques. European Radiology 13, 2409-2418 (2003).
26. Carr, H. Steady-State Free Precession in Nuclear Magnetic Resonance. Physical Review 112, 1693-1701 (1958).
27. Oppelt, A. et al. FISP—a new fast MRI sequence. Electromedica 54, 15-18 (1986).
28. Plein, S. et al. Steady-state free precession magnetic resonance imaging of the heart: Comparison with segmented k-space
gradient-echo imaging. Journal of Magnetic Resonance Imaging 14, 230-236 (2001).

=

SCIENTIFIC REPORTS | 5:15177 | DOI: 10.1038/srep15177 7



www.nature.com/scientificreports/

29. Scheffler, K., Heid, O. & Hennig, J. Magnetization preparation during the steady state: Fat-saturated 3D TrueFISP. Magnetic
Resonance in Medicine 45, 1075-1080 (2001).

30. Deshpande, V. S. et al. 3D magnetization-prepared true-FISP: A new technique for imaging coronary arteries. Magnetic Resonance
in Medicine 46, 494-502 (2001).

31. Miller, K. L. et al. Functional brain imaging using a blood oxygenation sensitive steady state. Magnetic Resonance in Medicine
50, 675-683 (2003).

32. Schmitt, P. et al. Inversion recovery TrueFISP: Quantification of T1, T2, and spin density. Magnetic Resonance in Medicine 51,
661-667 (2004).

33. Tsai, L. L., Mair, R. W,, Rosen, M. S., Patz, S. & Walsworth, R. L. An open-access, very-low-field MRI system for posture-
dependent *He human lung imaging. Journal of Magnetic Resonance 193, 274-285 (2008).

34. Sarracanie, M., Armstrong, B. D., Stockmann, J. & Rosen, M. S. High speed 3D overhauser-enhanced MRI using combined b-
SSFP and compressed sensing. Magnetic Resonance in Medicine 71, 735-745 (2014).

35. LaPierre, C. D., Sarracanie, M., Waddington, D. E. ]. & Rosen, M. S. A single channel spiral volume coil for in vivo imaging of
the whole human brain at 6.5mT, Presented at the International Society of Magnetic Resonance in Medicine, 5902, Toronto
(2015).

36. Harpen, M. D. The spherical birdcage resonator. Journal of Magnetic Resonance (1969) 94, 550-556 (1991).

37. Everett, ]. E. & Osemeikhian, J. E. Spherical coils for uniform magnetic fields. J. Sci. Instrum. 43, 470 (1966).

38. Ljunggren, S. A simple graphical representation of fourier-based imaging methods. Journal of Magnetic Resonance (1969) 54,
338-343 (1983).

39. Twieg, D. B. The k-trajectory formulation of the NMR imaging process with applications in analysis and synthesis of imaging
methods. Med Phys 10, 610-621 (1983).

40. Perona, P. & Malik, J. Scale-space and edge detection using anisotropic diffusion. IEEE Trans. Pattern Anal. Machine Intell. 12,
629-639 (1990).

41. Weickert, J. In Lecture Notes in Computer Science (eds Haar Romeny, ter, B., Florack, L., Koenderink, J. & Viergever, M.) 1252,
1-28-28 (Springer Berlin Heidelberg, 1997).

42. Hoult, D. I. & Richards, R. E. The signal-to-noise ratio of the nuclear magnetic resonance experiment. Journal of Magnetic
Resonance 24, 71-85 (1976).

43. Sica, C. T. & Meyer, C. H. Concomitant gradient field effects in balanced steady-state free precession. Magnetic Resonance in
Medicine 57, 721-730 (2007).

44. Myers, W. R., Moflle, M. & Clarke, J. Correction of concomitant gradient artifacts in experimental microtesla MRI. Journal of
Magnetic Resonance 177, 274-284 (2005).

45. Volegov, P. L., Mosher, J. C., Espy, M. A. & Kraus, R. H., Jr. On concomitant gradients in low-field MRI. Journal of Magnetic
Resonance 175, 103-113 (2005).

46. Nieminen, J. O. & Ilmoniemi, R. J. Solving the problem of concomitant gradients in ultra-low-field MRI. Journal of Magnetic
Resonance 207, 213-219 (2010).

47. Ma, D. et al. Magnetic resonance fingerprinting. Nature 495, 187-192 (2013).

48. Sarracanie, M., Cohen, O. & Rosen, M. S. 3D Balanced-EPI Magnetic Resonance Fingerprinting at 6.5 mT, Presented at the
International Society of Magnetic Resonance in Medicine, 6266, Toronto (2015).

49. Block, K. T., Uecker, M. & Frahm, J. Undersampled radial MRI with multiple coils. Iterative image reconstruction using a total
variation constraint. Magnetic Resonance in Medicine 57, 1086-1098 (2007).

50. Liang, D., Liu, B., Wang, J. & Ying, L. Accelerating SENSE using compressed sensing. Magnetic Resonance in Medicine 62,
1574-1584 (2009).

51. Otazo, R, Kim, D., Axel, L. & Sodickson, D. K. Combination of compressed sensing and parallel imaging for highly accelerated
first-pass cardiac perfusion MRI. Magnetic Resonance in Medicine 64, 767-776 (2010).

52. Trzasko, J. D. et al. Sparse-CAPR: Highly accelerated 4D CE-MRA with parallel imaging and nonconvex compressive sensing.
Magnetic Resonance in Medicine 66, 1019-1032 (2011).

53. Ying, L. & Sheng, J. Joint image reconstruction and sensitivity estimation in SENSE (JSENSE). Magnetic Resonance in Medicine
57, 1196-1202 (2007).

54. Knoll, E, Clason, C., Bredies, K., Uecker, M. & Stollberger, R. Parallel imaging with nonlinear reconstruction using variational
penalties. Magnetic Resonance in Medicine 67, 34-41 (2012).

55. Huang, F. et al. A rapid and robust numerical algorithm for sensitivity encoding with sparsity constraints: Self-feeding sparse
SENSE. Magnetic Resonance in Medicine 64, 1078-1088 (2010).

56. Lustig, M. & Pauly, J. M. SPIRIT: Iterative self-consistent parallel imaging reconstruction from arbitrary k-space. Magnetic
Resonance in Medicine 64, 457-471 (2010).

57. Pruessmann, K. P, Weiger, M., Scheidegger, M. B. & Boesiger, P. SENSE: sensitivity encoding for fast MRI. Magnetic Resonance
in Medicine 42, 952-962 (1999).

58. Griswold, M. A. et al. Generalized autocalibrating partially parallel acquisitions (GRAPPA). Magnetic Resonance in Medicine 47,
1202-1210 (2002).

59. Murphy, M. et al. Fast L1-SPIRIiT Compressed Sensing Parallel Imaging MRI: Scalable Parallel Implementation and Clinically
Feasible Runtime. Medical Imaging, IEEE Transactions on 31, 1250-1262 (2012).

Acknowledgements

This work was supported by the U.S. Army Medical Research and Materiel Command (USAMRMC),
Defense Medical Research and Development Program (DMRDP) award W81XWH-11-2-0076
(DM09094). N.S. was supported by the Swiss National Science Foundation (P300P2_147768). D.E.J.W.
was supported by ANSTO and the Australian-American Fulbright Commisson. This research was carried
out at the Athinoula A. Martinos Center for Biomedical Imaging at the Massachusetts General Hospital,
using resources provided by the Center for Functional Neuroimaging Technologies, P41EB015896, a
P41 Biotechnology Resource Grant supported by the National Institute of Biomedical Imaging and
Bioengineering (NIBIB), National Institutes of Health. The authors thank Bruce Rosen and Ronald
Walsworth for their comments on this manuscript.

Author Contributions
M.S., CD.L, N.S,, D.EJ.W,, T.W. and M.S.R. all contributed significantly to the work presented in this
manuscript.

SCIENTIFIC REPORTS | 5:15177 | DOI: 10.1038/srep15177 8



www.nature.com/scientificreports/

Additional Information
Competing financial interests: The authors declare no competing financial interests.

How to cite this article: Sarracanie, M. et al. Low-Cost High-Performance MRI. Sci. Rep. 5, 15177;
doi: 10.1038/srep15177 (2015).

This work is licensed under a Creative Commons Attribution 4.0 International License. The

M i mages or other third party material in this article are included in the article’s Creative Com-
mons license, unless indicated otherwise in the credit line; if the material is not included under the
Creative Commons license, users will need to obtain permission from the license holder to reproduce
the material. To view a copy of this license, visit http://creativecommons.org/licenses/by/4.0/

SCIENTIFIC REPORTS | 5:15177 | DOI: 10.1038/srep15177 9


http://creativecommons.org/licenses/by/4.0/

	Low-Cost High-Performance MRI

	Results

	Ultra-low field acquisition strategy. 
	RF Coil design. 
	Image reconstruction and processing. 
	In vivo brain MRI at 6.5 mT. 

	Discussion

	Methods

	Consent and IRB. 
	Ultra-low field MRI. 
	High field MRI. 

	Acknowledgements

	Author Contributions
	﻿Figure 1﻿﻿.﻿﻿ ﻿ Ultra-low field MRI system.
	﻿Figure 2﻿﻿.﻿﻿ ﻿ 3D renderings of the single channel form-fitting head coil.
	﻿Figure 3﻿﻿.﻿﻿ ﻿ 3D images of the living brain acquired in 6 minutes at 6.
	﻿Figure 4﻿﻿.﻿﻿ ﻿ Comparison of single channel ULF MRI to 32-channel high magnetic field scans.
	﻿Figure 5﻿﻿.﻿﻿ ﻿ Comparison of b-SFFP images at (a) 3T and (b) 6.



 
    
       
          application/pdf
          
             
                Low-Cost High-Performance MRI
            
         
          
             
                srep ,  (2015). doi:10.1038/srep15177
            
         
          
             
                Mathieu Sarracanie
                Cristen D. LaPierre
                Najat Salameh
                David E. J. Waddington
                Thomas Witzel
                Matthew S. Rosen
            
         
          doi:10.1038/srep15177
          
             
                Nature Publishing Group
            
         
          
             
                © 2015 Nature Publishing Group
            
         
      
       
          
      
       
          © 2015 Macmillan Publishers Limited
          10.1038/srep15177
          2045-2322
          
          Nature Publishing Group
          
             
                permissions@nature.com
            
         
          
             
                http://dx.doi.org/10.1038/srep15177
            
         
      
       
          
          
          
             
                doi:10.1038/srep15177
            
         
          
             
                srep ,  (2015). doi:10.1038/srep15177
            
         
          
          
      
       
       
          True
      
   




