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Abstract: Low-field magnetic resonance imaging (MRI) has become increasingly popular due to cost
reduction, artifact minimization, use for interventional radiology, and a better safety profile. The
different applications of low-field systems are particularly wide (muscle–skeletal, cardiac, neuro,
small animals, food science, as a hybrid scanner for hyperthermia, in interventional radiology and in
radiotherapy). The low-field scanners produce lower signal-to-noise ratio (SNR) images with respect
to medium- and high-field scanners. Thus, particular attention must be paid in the minimization of
the radiofrequency (RF) coil losses compared to the sample noise. Following a short description of
the coil design and simulation methods (magnetostatic and full-wave), in this paper we will describe
how the choice of electrical parameters (such as conductor geometry and capacitor quality) affects
the coil’s overall performance in terms of the quality factor Q, ratio between unloaded and loaded Q,
and coil sensitivity. Subsequently, we will summarize the work carried out at our electromagnetic
laboratory in collaboration with MR-manufacturing companies in the field of RF coil design, building,
and testing for 0.18–0.55 T magnetic resonance (MR) clinical scanners by classifying them between
surface-, volume-, and phased-array coils.

Keywords: magnetic resonance imaging; low-field MRI; RF coils

1. Introduction

Magnetic resonance imaging (MRI) is among the most important non-invasive and
non-ionizing medical imaging techniques for the diagnosis and follow-up of diseases which
affect different organs and tissues. The great increase in availability of MRI scanners in the
last three decades has permitted access to this technology for many radiology departments,
even in small hospitals and clinics.

Although the 1.5 T MR scanner has become the standard clinical system even in
small health care facilities, and despite the increase in the installation of whole-body 7 T
systems (mainly for clinical research studies), in recent years the magnetic resonance (MR)
community has shown an increasing interest towards low-field scanners.

Low-field MRI provides several advantages compared to medium- and high-field
MRI, such as a more convenient and cheaper setting, reduced operating and maintenance
costs, greater patient comfort, and a better safety profile. In MRI studies, the signal-to-
noise ratio (SNR) and the spatial resolution generally increase with the magnetic field
strength. Therefore, low-field MRI scanners produce images with a lower SNR and spatial
resolution when compared to high-field body scanners. However, the worse image quality
does not necessarily reduce diagnostic accuracy in many applications (such as muscle–
skeletal, cardiac, and neurological) and low-field MRI systems are increasingly involved
in a wide range of clinical and research studies, including the use of hybrid scanners for
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hyperthermia, interventional radiology, and radiotherapy, and even in small animal studies
and food science [1,2].

MRI makes use of a strong static magnetic field coupled with radiofrequency (RF)
pulses and gradients for image acquisition. The RF field is generated by the transmit coil
and excites the protons within biological tissues, after which the re-emitted signal is picked
up by a receive coil. Among several other factors, the performance of the RF coils employed
for image acquisition plays a key role in image quality, especially in low-field scanners
where particular attention must be paid to the minimization of the RF-coil losses with
respect to the sample noise [3].

There are three main types of low-field strength MRI: resistive magnets, permanent
magnets, and superconducting magnets. The resistive magnets are light and generate a high
field uniformity but have high energy consumption. However, they only require simple wa-
ter cooling without the use of expensive cryogenics. The permanent magnets do not require
power for generating the magnetic field—only electronics and gradients need power—and
are therefore considered highly energy efficient [4,5]. The development of superconductive
magnets made significantly higher field strengths possible (typically > 0.5 T), but they
require additional high-power facilities and a quench pipe for cryogenic cooling [2]. The
more common, basic geometry of the permanent magnet is a C-shape, which determines
the vertical orientation of the B0 static field. In this configuration, the high-efficiency coil
is a solenoid placed around the head of the thorax with its main axis aligned along the
body length [1]. With the constraint that its axis must be positioned perpendicular to
the main magnetic-field orientation, a loop coil can be optimally positioned around the
body part being imaged for different organ regions. In the case of tunnel-type resistive
or superconductive magnets, the magnetic field (B0) orientation is along the longitudinal
patient axis, and they are ideally suited for the use of multichannel array coils [6].

In this paper, we initially provide a short description of the simulation methods which
are generally employed for low-field coil design according to two different approaches
(magnetostatic and full-wave). Subsequently, we describe how the coils’ overall perfor-
mance (quality factor Q, ratio between unloaded and loaded Q, and coil sensitivity) is
affected by the choice of electrical parameters (the coil conductor geometry and capacitor
quality). Finally, we summarize the work carried out in our research institute’s electro-
magnetic laboratory, which was performed in collaboration with some MR manufacturing
companies in the field of RF coil design, simulation, building, and testing for 0.18–0.55 T
MR clinical scanners by classifying them according to coil geometry (surface-, volume-,
and phased-array).

2. Methods for Coils Design and Simulation
2.1. Magnetostatic Theory

Magnetostatic theory relies on the nearly static field assumption, which is verified
only when the coil sizes are much lower (<1/10) than the wavelength. The estimation of
the magnetic field generated by the currents along the coil conductors can be calculated by
subdividing the coil path into segments to separately evaluate their total field contribution.

The magnetic field produced by a steady electric current I flowing in an arbitrary
closed contour C can be calculated by using the Biot–Savart law:

B(r) =
µ0 I
4π

∫
C

dl × R
R3 (1)

where µ0 = 4π × 10−7 (H/m) is the free space permeability, dl is the infinitesimal vector
tangential to C, and R is the distance between the observation point and the conductor path [7].

The Biot–Savart equation can be used for simulating the B1 RF field distributions of
coils constituted of linear and circular conductor segments. When using such an equation,
the conductor size is neglected when compared to the wavelength and the generated
magnetic field is evaluated by replacing the conductors with very thin wires. Figure 1
shows an example of the magnetostatic simulation of a 5 cm radius circular coil lying on the



Electronics 2022, 11, 4233 3 of 19

x,y plane and centered at x = 0 and y = 0. In particular, Figure 1a refers to the magnetic-field
pattern calculated at a z-coordinate of 2 cm, while Figure 1b shows the profile plot (along
the z-axis) of the magnetic-field pattern as a function of the depth profile.
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In the magnetostatic approach, the inductance L of a conductor can be calculated by
using the following expression:

L =
µ0

4π I2

y

V

y

V

J(r) · J(r′)
R

dvdv′ (2)

where J is the current density in the conductor, I represents the total current in the conductor,
V is the conductor volume, and R = r− r′∨ [7].

For example, the inductance calculation for a loop of radius b, constituted by a strip
with width w, can be carried out using the following expression [8]:

L◦−strip =
µ0

4πw2

∫ w/2

−w/2

∫ 2π

0

∫ w/2

−w/2

∫ 2π

0

cos(θ′ − θ)(b + r)(b + r′)
R

dθdrdθ′dr′ (3)

where

R =

√
[(b + r) cos θ − (b + r′) cos θ′]2 + [(b + r) sin θ − (b + r′) sin θ′]2 (4)

Figure 2 shows a segment of the circular coil strip conductor.
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2.2. Full-Wave Methods

At increasing magnetic-field strengths, the nearly static field assumption is no longer
satisfied, and the magnetostatic theory cannot be employed for coil design. However, even
at low frequencies, developing a sample–coil interaction model can be useful for designing
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a system strictly coupled to the sample in order to minimize the coil noise with respect to
the sample noise.

Full-wave methods have been largely employed for this purpose, with the great
advantage that they permit designing coils that have a complex shape and that are loaded
with models of the body exposed.

Such full-wave methods can be classified according to whether the computation
is performed in the time or frequency domain and if the method is based on integral
or differential equations. The more widely used full-wave methods for the design and
simulation of coils are the finite element method (FEM), the method of moments (MoM),
and the finite-difference time-domain method (FDTD) [9].

The FEM is a differential equation approach based on the discretization of the mesh
elements of the entire computational domain, including the surrounding environment.
FEM divides the region of interest into irregular cells, usually tetrahedral elements, which
accurately model arbitrary geometries. The field equations are written by means of poly-
nomials with unknown coefficients defined on the mesh nodes or along element edges.
The differential equations and the associated boundary conditions are then converted into
an integro-differential formulation by minimizing a function or using a weighted residual
method. By applying this integro-differential formulation to a single element with suitable
weights and interpolation functions, a series of equations is obtained for each element and
for the entire computational domain. A global matrix system is then produced and solved
by inversion or iterative techniques in the frequency domain [10]. The FEM is largely
used in science and engineering applications due to its high geometrical modeling ability.
However, if it is used for an RF coil loaded with an accurate human model, the matrix
equation dimension can be very large.

The MoM is also based on the resolution of integral equations in the frequency domain.
In particular, an integro-differential equation is first formulated in terms of equivalent
current, taking into account the permittivity and conductivity effects of an inhomogeneous
sample. This equation is subsequently discretized using Galerkin’s method to obtain a
matrix equation whose solution provides the numerical solution of the problem. The
electromagnetic problem is then reduced to the solution of a system of linear equations
for which suitable basis functions in each geometric element of the discretization mesh are
chosen:

[Z][I] = [V] (5)

where the impedance matrix [Z] represents the lumped elements, [I] is the current vector to
be determined, and [V] is the voltage vector (including the excitation source) [11]. MoM is
very efficient when dealing with perfectly conducting sources and homogeneous media,
while the computational load can be significantly higher for coil and sample simulations.

The FDTD method solves Maxwell’s equations in the time domain using a discretiza-
tion of the spatial and temporal parameters with the finite difference approximation. To
solve the equation for the electrical and magnetic fields, the sample must be enclosed in a
box and the computational domain is divided into cubic cells (Yee’s cells). The components
of the electric field are assigned at the center of each cell’s edge, while the components of the
magnetic field are assigned at the center of each cell’s face. Starting from the initial values
of the electric and magnetic field and, with a specific excitation, the process iteratively
calculates the field values of each cell using a central finite difference approximation for
resolving spatial and temporal derivatives in Maxwell’s equations. The electric field is
updated using its value in the previous step and the value of the magnetic field at the
intermediate step. Similarly, the magnetic field updates, beginning from the magnetic field
obtained to the previous step and the electric field obtained in the intermediate step [12]. In
order to achieve a highly accurate mesh truncation, it is necessary to choose optimal bound-
ary conditions. In the research activities described in this paper, the perfectly matched
layer (PML) condition was employed. The PML condition is an artificial absorber type,
useful for annihilating the outgoing fields originating from the computational domain in
order to minimize the reflection from the truncation boundary. The computational domain
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boundary condition (cells to simulation area), which is the distance between the PML and
simulated objects, was set to 20. The PML number for all low-frequency simulations was
also set to 20. In conclusion, the FDTD method is currently the most commonly employed
method for obtaining high-resolution electromagnetic-field-distribution maps in numerical
field calculations considering realistic, human electromagnetic body models, since it does
not require solving any matrix equations.

3. Coil Performance Evaluation
3.1. Quality Parameters

The coil quality factor Q can be calculated as [7]:

Q =
2π f0L

Rtot
=

1
Rtot

√
L
C

(6)

where the inductance L stands for the energy stored in the magnetic field, the capacitance
C mainly takes into account the discrete capacitor’s contribution, and the resistance Rtot
represents the total losses in the coil:

Rtot = Rcoil + Rsample (7)

where Rcoil takes into account the losses within the receiver coil conductors and the lumped
element losses and Rsample represents the sample-induced losses caused by RF currents and
electric fields in the sample.

The coil performance can also be characterized by the ratio r between the quality factor
of the empty resonator (Qunloaded) and of the resonator in the presence of the sample (Qloaded)
as in [13]:

r =
Qunloaded
Qloaded

= 1 +
Rsample

Rcoil
(8)

Another parameter describing the coil performance is the efficiency, defined as the
ratio between the intensity of the magnetic field B1 at a given point in space and the
supplied power P [14]:

η =
B1√

P
(9)

The reciprocity theorem [15] allows the use of Equation (9) for characterizing both the
transmit and receive performance of a coil.

3.2. SNR Evaluation

The signal-to-noise ratio (SNR) is an accepted standard for quality assessment in
MRI and is dependent on several factors, including the hardware (particularly the main
field strength and RF coils), the acquisition sequence parameters, and the tissue relaxation
properties. It can be calculated as the ratio between the induced RF signal and the root-
mean-square (RMS) of the thermal noise voltage measured at the coil terminals [16]:

SNRP =
2π f0MVBP√

4kT∆ f Rtot
(10)

where f0 is the Larmor frequency, M is the magnetization, V is the voxel volume, BP is the
receiver coil magnetic field per unit current at the observation point P, k is the Boltzmann
constant, T is the absolute resistance temperature, and ∆f is the receiver bandwidth.

The frequency dependence of the SNR can be analyzed by taking into account the
different contributions of the losses as a function of the frequency f and by considering
a sample of linear size d. In particular, by taking into account the current distribution
in the coil conductor’s cross-section, in which Rcoil ≈ f

1
2 d−1, whereas in the near-field

assumption Rsample ≈ f 2d3 [17]. We can assume that, at low RF frequencies, the SNR is
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mainly determined by the coil losses and SNR ≈ f
7
4 d2 [3]. In this regime, the SNR can be

increased by using coils with a high Q factor, since for a coil tuned at f0 the SNR ≈
√

Q [18].
Conversely, at high RF frequencies the sample losses dominate and SNR ≈ f d

1
2 . This

is what generally occurs at clinical fields (>0.5 T) [19]. However, for low-frequency coils
strictly coupled to the sample, the contributions from coil noise and sample noise could be
approximately equal and even a sample-induced resistance estimation has to be taken into
account for SNR estimation.

In summary, in order to increase the image quality for low-field MRI scanners, gen-
erally a careful coil design has to be taken into account. In particular, the choice of the
cross-geometry and the quality factor of the conductors affects the overall performance of
the coil.

4. Optimal Low-Field Coils Design
4.1. Conductors

An alternating current (AC) which flows in a conductor is not uniformly distributed
across its section, but its density decreases exponentially with the distance from the bound-
ary surface. For an AC resistance estimation, the current is considered confined in a region
near the surface whose thickness is given by the penetration depth [20]:

δ =

√
ρ

π f µo
(11)

where ρ is the conductor resistivity (1.68 · 10−8 Ω ·m for copper) and f is the coil tuning
frequency. Consequently, the conductor volume crossed by the RF current is limited by the
value of the penetration depth, giving the so-called “classical skin effect” [21]. However,
the tendency of the current density to concentrate toward the surface is more pronounced
at the points with the greatest curvature (i.e., at the conductor edges). This phenomenon is
called the “lateral skin effect” [22] and, in this case, the coil resistance is given by the sum
of the lateral and the classical skin effect resistances [23].

RF coils are generally built using conductors with two different cross-sectional geome-
tries, i.e., circular wire and flat strip (hereafter named “wire” and “strip”, respectively).
Due to the lateral skin effect, the current distribution in the strip is less uniform than in
the wire. As has been suggested in the literature, the strip thickness should be at least six
times the skin depth for maximizing the surface where the current flows and therefore
minimizing the conductor resistance at the frequency used [24].

Giovannetti et al. [25] compared low-frequency birdcage coils with the same dimen-
sions and resonant frequency (7.66 MHz, which was the 1H frequency for 0.18 T magnetic
field and corresponded to a penetration depth of 23 µm): two of them were constituted by
strip conductors of a 1 cm width with different thickness (35 and 800 µm, the latter much
higher than the penetration depth at the working frequency), and a third was built using
a 4.5 mm diameter wire conductor with the same conductor inductance.

A workbench test performed with the different birdcages in terms of Q factor, r ratio
between unloaded and loaded (with a saline solution phantom) Q, and coil sensitivity
showed that the use of strips with a thickness much higher than the penetration depth led
to increased overall coil performance, thanks to the decrease in conductor resistance.

However, the use of the wire conductor led to improved performance with an increase of
28% in the Q, 26% in the r ratio, and 22% in sensitivity with respect to the best strip-based coil.

A comparison between two circular loops with a 7.5 cm radius, built using a strip and
a wire conductor and having the same inductance value, underlined the better performance
of the wire. In particular, the workbench tests performed on the two coils tuned at 5.7 MHz
showed that the wire coil provided an increase of 59% in the Q factor with respect to the
strip coil [26].
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4.2. Capacitors

The quality factor of a capacitor with capacitance C represents its efficiency in terms of
energy losses and is defined as [14]:

Qc =
1

2π f0CESR
(12)

where f0 is the measurement frequency and ESR is the equivalent series resistance repre-
senting the conductor resistance and dielectric losses effects. While Qc values of commercial
capacitors are typically quoted in the several hundreds, fixed and variable capacitors for coil
tuning and matching are specially designed in a non-magnetic version with a high-quality
factor and high breakdown voltage.

Giovannetti et al. [27] reported a comparison between commercial and high-quality
capacitors employed on two 5.25 cm radius circular coils tuned at 21.29 MHz, close to
the 1H frequency at 0.5 T. One coil was tuned with commercial capacitors (Qc > 500
at unspecified frequencies), while the second was tuned using high-quality capacitors
(Qc > 10.000 at 1 MHz). Both coils were tested with an HP 3577A (Hewlett Packard,
Palo Alto, CA) network analyzer and a dual-loop probe. The test consisted of mea-
suring the unloaded and loaded Q by using a homogeneous, cubic sample filled with
saline solution (2.4 g/L NaCl). Results underlined that the use of high-Q capacitors
led to a significant increase in coil performance, providing a doubled r factor and an
unloaded Q factor that increased from 15 to 399. Such outcomes demonstrated that high-
quality capacitors are necessary for obtaining high-performance coils working at a low fre-
quency. In another paper, two low-pass birdcage-coil prototypes with identical dimensions
(11 cm height and 14 cm diameter) were designed and tuned at the same resonant frequency
(7.66 MHz, corresponding to a proton frequency of 0.18 T) by using commercially available
ceramics capacitors (with a low quality factor) and high-quality capacitors (Qc > 10.000 at
1 MHz) developed by ATC, respectively [25]. Workbench tests were performed with a load
consisting of a cylindrical, homogeneous phantom of saline solution simulating the knee
conductivity and constituting 55 mM of NaCl and 5 mM of NiCl2. Results showed that the
coil employing standard-quality capacitors provided very low performance (Q = 21 and
r = 1.04), while performance strongly increased using the high-quality capacitors supplied
by ATC (Q = 228 and r = 2.05). The coil sensitivity, measured with the perturbing sphere
method, increased from 11.92 to 34.61 µT/w1/2.

5. Low-Field Coils
5.1. Surface Coils

Circular and square geometries are the simplest designs for a single surface coil. They
both produce a B1 field perpendicular to the coil plane in the central region of the coil, with
an amplitude that decreases along the coil axis.

Giovannetti et al. [28] described the development of a coil–SNR model based on the
theory of equivalent electric circuits and its application to a circular- and square-loop design
tuned at different frequencies, including 21 MHz (e.g., the proton frequency at 0.5 T).

In this study, the coil resistance was estimated using Ohm’s law as a function of the
geometry of the coil conductor path. The magnetic-field pattern was calculated in parallel
using magnetostatic analysis and the sample-induced resistance was calculated using a
method employing vector-potential calculation, which can be easily mathematically imple-
mented and is characterized by a short computation time [29]. Finally, the integral method
was used to calculate the conductor inductance. Coil-losses estimation was completed with
the addition of the capacitor losses, obtained from the capacitor datasheet, and the resistive
losses of solder joints (extrapolated from the literature data), which were 18 and 10 mΩ at
21 MHz, respectively.

Theoretical considerations suggest that when a simple relationship between a circular
loop of radius b and a square loop of side S is satisfied the resultant performance of both
coils is very similar in terms of the r parameter and consequently the SNR.
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However, in a real MR experiment, the coil shape can be very different with respect to
circular and square loops, especially when particular fields-of-view (FOVs) are desired.

Giovannetti et al. [30] proposed an FDTD-based procedure for estimating the sample-
induced resistance of different 10.5 MHz-tuned saddle coils with variable straight conductor
dimensions and loaded with a cylindrical sample whose dielectric properties meet the
American Society for Testing and Material (ASTM) criteria used to develop MR phantoms
(εr = 80, σ = 0.6 S/m) [31]. The employed full-wave tool was the general electromagnetic
simulator (GEMS), a three-dimensional, high-performance, parallel FDTD simulation
package. The coils were designed for the spine imaging of big dogs. After the magnetic-
field patterns were calculated using magnetostatic theory, the sample-induced resistance
was estimated by calculating the Q, circuit quality factor after a perturbing Gaussian pulse
and by measuring the energy losses during the voltage damping across a coil capacitor.
Such an algorithm allowed for the search for the coil’s maximum-sensitivity value in
dependence on the sample size and geometry. Moreover, the coil curvature was chosen
to account for such big animals while guaranteeing a wide FOV with good penetration in
deep sample regions. Simulation results were validated on two saddle-coil prototypes. The
experimental tests consisted of the evaluation of unloaded and loaded coil quality factors
using a cylindrical, homogeneous phantom of saline solution (2 L of 55 mM NaCl and
5 mM NiCl2) as biological sample and provided a deviation lower than 5% with respect to
simulation. Although there are technical difficulties involved in coil and cryostat design, a
substantial SNR improvement can be achieved by using high-temperature superconducting
(HTS) RF-receive-surface coils, as are employed for human and phantom image acquisitions
with a 0.2-T scanner. In particular, SNR gains of 2.8-fold and 1.4-fold were measured in
phantom images acquired with an HTS coil versus a room-temperature copper coil and a
liquid-nitrogen-cooled copper coil, respectively [32].

5.2. Volume Coils

Birdcage coils are extensively used in MRI as transmitter and receiver coils and are
characterized by more than one resonant mode: an N-leg coil will supply N/2+2 distinct
resonant modes, although the working resonant mode in MRI is the fundamental one [33].

Giovannetti et al. [34] described a high-pass and low-pass birdcage-coil simulator
employing the magnetostatic theory for a high-accuracy estimation of the complete resonant
frequency spectrum of the coil and of the relevant magnetic field pattern, which depends
on the coil dimensions and the number of legs [18]. In particular, the simulator—based on
the method of the equivalent circuit and developed using the Interactive Data Language
(IDL 6.0 Visual Information Solutions, Boulder, CO, USA) environment—accounted for the
mutual inductances and the effect of a radiofrequency shield for birdcages composed of
strip or wire conductors. The simulator accuracy was validated by developing and testing a
low-pass birdcage coil (with a 12 cm length and 13.4 cm diameter) tuned at 8 MHz. Figure 3
shows the simulated magnetic field pattern of such a coil, referred to as the fundamental
mode (mode 1). The comparison between the theoretical and measured values of the
resonant frequencies showed a deviation lower than 2.2% and 4.2% for the unshielded
and shielded coils, respectively. Moreover, the proposed birdcage coil provided a good
magnetic field uniformity measured in the central transverse plane perpendicular to the
coil axis.
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Giovannetti et al. [35] proposed a quadrature low-pass birdcage coil for operating
in a vertical-bore MRI scanner, producing two B1 field components perpendicular to the
vertical B0 field by exploiting the specific pattern of the current in the birdcage conductors.
The quadrature detection, which provides a maximum SNR improvement of

√
2, was

obtained using the dominant sinusoidal mode, producing a radial magnetic field, and a
second mode generated by the coil end-rings made resonant with the addition of a capacitor
on each ring able to generate a B1 field along the coil longitudinal axis, with both fields
perpendicular to each other and to the B0 field [36]. The quadrature birdcage coil was
then tuned at 7.66 MHz for being employed as a receive-only coil for experiments in a
vertical-B0 MRI system dedicated to musculoskeletal limb imaging (E-Scan 0.18T, Esaote
Biomedica). Moreover, a resonant blocking circuit using crossed diodes and inductances
was added for decoupling with the transmit coil. A pick-up rectangular loop was coupled
to a birdcage single mesh in order to detect the B1 field produced by the fundamental mode,
while the extraction of the end-ring coil mode was performed with direct coupling. Finally,
the signals emitted by the coils were transferred to low-noise preamplifiers for preserving
the experiment SNR (Figure 4).
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The MRI results demonstrated that such a quadrature coil configuration improved the
field homogeneity along the longitudinal plane (demonstrating a 35% increase compared
to the same linear birdcage coil) and provided a higher SNR (18% and 23% increases for
transverse and longitudinal planes, respectively, with respect to the linear coil).

The performance of a commercial, two-channel coil suitable for knee imaging with
a commercial 0.5T MR scanner (MROpen, Paramed Medical Systems srl, Italy) was ana-
lyzed with workbench tests and an FDTD simulation in Hartwig et al. [37]. The coil was
constituted by two separate, geometrically decoupled elements: a four-turn solenoid and a
three-loop superficial coil. Simulations were performed with the commercially available
software XFdtd (Remcom, State College, PA, USA). The coil was simulated in a loaded
condition by using two different loads: a homogeneous cylindrical phantom (electrical
conductivity = 0.6 S/m, relative permittivity = 80) and a human voxel model, composed
of a volumetric model of an adult man (age 39, height 180 cm, weight 90 kg), based on
the scans from the National Library of Medicine’s Visible Human Male project (Figure 5).
The simulated, sample-induced resistance was compared with the resistance measured
at the workbench by providing a relative error below 5% and 12.5% for the cylindrical
phantom and human models, respectively. The resultant B1 field distributions estimated
with the simulation were very similar to the ones directly obtained from real images [38].
Such results demonstrated the ability of the FDTD method to estimate the performance of
a complex geometry for low-field MRI applications in terms of Rsample and sensitivity.
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A successive paper investigated how the sample position affects the value of the
sample-induced resistance and the decoupling between elements in the same two-channel
coil using the scattering parameters (S-parameters) calculation for the simulation process.
FDTD simulations demonstrated that the Rsample increased when the sample was nearer to
the coil element and that the two coil elements were completely decoupled [39]. The sample-
induced resistance estimation was performed with a method employing an exponential
fitting on the voltage-oscillation damping.

These results showed that such an FDTD-based electromagnetic solver can accurately
estimate the adequate position of the sample inside the coil volume and permitted an
optimized study of the sample-induced effect at different loading conditions.

As has been previously described, the vertical orientation of the B0 field in many
low-field MR scanners means that a solenoid coil may be employed due to its axial-field
orientation. Moreover, it has the advantage of high efficiency [20], with a magnetic-field
strength directly proportional to the turns number and a magnetic-field uniformity strongly
determined by its length [40]. The literature also describes solenoid coils formed into
individual array elements [41].

5.3. Phased-Array Coils

Phased-array coils are characterized by a large sensitivity region (typical of volume
coils) and a high SNR, usually provided by surface coils. In their simplest design, phased-
array coils consist of an array of circular or rectangular loops of copper.

Hartwig et al. [42] employed the FDTD method using the XFdtd software for evalu-
ating coupling and shielding in phased-array coils for a 0.5 T MRI. In particular, an array
constituted by two circular coils (with a radius of 5.25 cm) was simulated by automatically
varying the relative distance between the center of the two elements in order to optimize the
decoupling between them. Subsequently, a novel, two-element volume coil for a spine MRI,
which was constituted by two identical surface elements intended to fit around the body
parts to be imaged, was analyzed using FDTD (starting from the CAD project provided
by the coil manufacturer) to evaluate the decoupling between the two channels and to
determine the magnetic field pattern. The contribution of the shielding system was also
taken into account in the simulations for evaluating its influence on the channels’ decou-
pling and on the distribution of the magnetic field. For the two-circular-loops array, the
shielding system consisted of two perfect electric conductor (PEC) rectangular plates placed
parallel to the coil plane and equidistant from it while, for the volume array, the shield
was constituted by two circular PEC sheets located at the structure center. Workbench tests
performed on two array coils identical to the simulated one confirmed the results of the
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simulations. In particular, for the unshielded array consisting of two circular loops, the
geometric decoupling between elements was achieved by keeping the distance between
their centers equal to 75% of their diameter. The presence of the shield induced a greater
decoupling between the two array elements and simultaneously decreased the relative
distance between the loop centers, providing the geometric decoupling.

Experimental results performed on the two-element volume coil for spinal column
imaging with an open 0.5 T scanner (MROpen, Paramed srl, Genova, Italy) confirmed the
full-wave simulation results in terms of elements decoupling and magnetic field pattern
(Figure 6).
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In particular, the presence of the shielding system did not significantly alter the
decoupling between coil elements but determined a magnetic field intensity decrease
while still preserving the homogeneity. Finally, the coil was used for the acquisitions of
a volunteer’s spine (male, 45 years old, height: 185 cm, weight: 90 kg) with a spin-echo
sequence (TE = 120 ms, TR = 3175 ms, FOV 30 × 30 cm2, matrix 256 × 192, slice thickness
4 mm, echo number 1, spacing between slices 5 mm, number of averages 1), showing its
potential for providing high-quality images (Figure 7).
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Giovannetti et al. [43] proposed an algorithm based on magnetostatic analysis for a
fast calculation of the mutual inductances between array-coil elements as well as their
magnetic-field patterns by taking into account the coil-conductor geometry (strip and wire).
The developed software was based on IDL 6.0, and such coils were constituted by circular
and square elements. Moreover, a novel array structure composed of two butterfly elements
was designed and tested with electronic instrumentation. By producing a transverse RF
field in the central region of the coil, this coil configuration was specifically designed for
vertical B0 MRI systems (e.g., open magnets).

The simulation results of the circular- and square-loop arrays confirmed the empirically
decoupled method described in the literature, in which the separation distance between the
coil elements was reported to be 75% of the loop diameter and 90% of the side dimension
for the circular and square arrays, respectively. The simulation results of the butterfly-
elements array permitted the design of a coil providing high homogeneity when maximum
decoupling of the array elements is achieved. A prototype of the butterfly-coil array was
successively tested with the network analyzer HP 3577A (Hewlett Packard) for measuring
the decoupling between the two elements at a frequency of 10.1 MHz (i.e., the working
frequency of a 0.25 T vertical field MR scanner). The good agreement between the measured
and simulated data verified the simulator accuracy.

Giovannetti et al. [44] proposed the use of a full-wave solver based on FDTD to
optimize the overlap distance between the two elliptical loops of a phased-array coil
(18.5 cm major axis and 10 cm minor axis), whose geometry could be useful for MRI of
more elongated anatomical structures/districts. Such a coil was designed for the spine
imaging of small animals in a low-field vertical MRI scanner (Esaote E-Scan 0.18 T, open
MRI dedicated to musculoskeletal limb imaging).

The simulations were performed at 8 MHz with the CFDTD software package (Penn-
sylvania State University) by varying the overlap region between the two loops to plot
the mutual coupling pattern and to calculate the position of the two elliptical elements
that minimize the mutual inductance. Such simulations were conducted for both the un-
loaded coils and by inserting a load constituted by a parallelepiped phantom whose
dielectric properties meet the ASTM criteria for MR phantom development (εr = 80,
σ = 0.6 S/m). Subsequently, an array prototype was built using a 2 mm diameter copper
wire and three loops for each coil element in order to increase the array–coil sensitivity
to loading. Moreover, since the elliptical array coil was designed as a receive-only coil, a
resonant blocking circuit using crossed diodes and inductances was added to minimize the
interactions between the transmitter and receiver coils. Workbench tests confirmed that
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the position which minimized the mutual coupling between the two elliptical loops was
identical to the one indicated by the simulation result. A quality factor of 350 and an r ratio
of 3.76 were then measured. Such a designed array coil was finally employed for MRI
acquisitions and was compared to a state-of-the-art commercial coil produced by Esaote
for low-field shoulder imaging (Figure 8). The comparison underlined the very promising
results obtained with the novel, prototype array coil, although further work was required
for full optimization.
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Such a planar-version prototype was followed by an elliptical array coil in a “folding”
version around the small animal spine curvature, as is shown in Figure 9 [45]. The coil
curvature was chosen for accommodating the animal while, at the same time, ensuring
a wide FOV with a good penetration depth. After the insertion of the two elements
(18.5 cm major axis, 10 cm minor axis, and 10 cm curvature radius) in the previously
cited FDTD tool interface, the decoupling between them was achieved by measuring the
S21 parameter (forward transmission gain) when varying the overlap region in order to
estimate the distance between elements that minimized the mutual inductance. Such
simulations, conducted at 7.67 MHz (corresponding to 1H frequency at 0.18 T), were
performed successively with the unloaded coils by using a load constituted by a cylindrical
phantom (εr = 80, σ = 0.6 S/m). The mutual-inductance plots showed that the maximum
decoupling between coil elements was achieved with an inter-center distance of 7.5 cm and
6 cm for the unloaded and loaded coils, respectively. Such a difference in the coil-elements
position for the loaded and unloaded array demonstrated that the knowledge of a sample–
coil interaction model is very useful, not only at high frequencies but even for the design of
low-frequency-tuned MRI coils.
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The incorporation of multiple receive arrays both for higher SNRs and the reduced
imaging time using parallel-imaging techniques can be useful even for low-field MR
scanners. In many cases, the basic geometry is constituted by a combination of loops and
butterfly coils, such as the four-element array described in [46], and is designed for thorax
imaging at 0.25 T. Such array dimensions were designed for minimizing the geometry
factor (g-factor) for parallel imaging with a SENSE factor of four.

6. Discussion

Low-field MRI has received increasing attention since low-field MR images have
been shown to be diagnostically equivalent to 1.5 T images for specific applications [47].
Bandettini at al. [48] demonstrated that, by using a high-performance 0.55 T cardiovascular
MRI system, it is possible to obtain good image quality, cardiac function, and quantification
of volume compared to a standard 1.5 T scanner (Figure 10).

MRI systems with low field strength offer several important benefits for clinical
imaging, such as the reduction of chemical shift and magnetic-susceptibility-related artifacts
and the increase of T1-contrast due to the shorter T1 times [4]. In addition, the lower
dielectric effects improve noise and field homogeneity. The use of low-field systems also
shows several advantages for patients, such as improved comfort and low-acoustic-noise
levels during scanning. Moreover, the quadratic lowering of high-frequency exposure (SAR)
combined with the reduced sensitivity to metallic implants and the lower displacement
forces and torques of metallic objects, leads to better patient safety and reduces the risks
associated with MRI scanning in the presence of implanted metallic devices.

Our group believes that low-field MRI can make great steps in clinical relevance due to
its advances in high-performance gradients and magnet technology and the development
of customized RF coils.
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cession: (a) short axis and (b) long axis slices from a patient with a nonischemic cardiomyopathy.
Reprinted from [48].

In particular, recent developments in coil technology for image–SNR maximization
could be applied in low-field MR scanners. For example, it is well-known that in conven-
tional scanners the voltage induced in the receiver coil is then amplified by an amplifier
and sent to the analog-to-digital converter (ADC), which performs a signal processing
before the data are stored in a computer. However, cables connecting the coil to the ADC
cause cross-talk and SNR reduction, especially when the channel number increases. With
the use of digital coils, the MR signal analog-to-digital conversion is performed directly
in the receive-coil chassis and successively transmitted to the image processor by optical
fibers or wireless technology [49].

In addition, more sophisticated strategies for post-processing and image acquisi-
tion and reconstruction, such as the use of undersampling [50] or fingerprinting [51,52],
will help reduce the scan time, thus increasing the clinical appeal of low-field MRI. In
parallel, the increasing development and use of artificial intelligence/machine learning
approaches will play a key role in overcoming some of the limitations associated with low-
field MRI, such as lower SNRs and reconstruction artifacts [1]. For instance, the paper by
Koonjoo et al. [53] showed the potentiality of a noise-robust deep-neural-network approach
for improving the quality of low-field MR images. Artificial intelligence methods also
show great promise for enhancing the diagnostic capability of MR images obtained at low
field [54]. Taking into account recent technological advances, both in terms of hardware
and software development, low-field MRI makes the use of MRI even more versatile for
diagnostic purposes in different anatomical districts/organs. In fact, not only does low-
field MRI now provide comparable performance to conventional middle- and high-field
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(1.5 T) MRI for specific applications (such as cardiac [48]), but it also provides interesting
attractive results for the imaging of the lungs, a conventionally critical anatomical district
for MRI [55].

Given the current level of technology and the reduced operation and maintenance
costs compared to middle- and high-field systems, the installation of a low-field MRI
scanner may be attractive to many health care facilities, even small ones, thus leading to
further deployment of MRI.

In this paper, we review the experience in our MRI laboratory focusing on the design,
optimization, and testing of RF coils dedicated to MRI applications at a low magnetic field
in close collaboration with MRI vendors.

The possibility to have organ-specific RF coils is extremely important, given that
low-field systems have regained approval in recent years, reopening the debate on the
relevance of low-field MRI in the clinical setting.

Lowering magnetic-field strength opens up new perspectives not only for cost reduc-
tion, but also for greater adaptability compared to high-field systems, widening the use of
MRI to a broader range of medical applications worldwide.

The experience of our laboratory demonstrates the possibility to design, simulate,
and build RF coils dedicated to low-field MR imaging of different organs. Taking into
account the different loaded conditions of the coil in the simulation process, it is possible to
optimize the performance of the device, thus ensuring a good image quality in terms of
SNR, contrast, and achievable resolution.

For low-field scanners in particular, optimization of RF-coil performance must be per-
formed with a careful design process, exploiting computer simulations to evaluate different
coil geometries (surface-, volume-, and phased-array configurations). Subsequently, an
accurate testing phase includes the measurement of coil-quality parameters with phantoms
and finally with target samples within the scanner. After describing the simulation methods
and quality parameters of RF coils, this paper also gives both theoretical and practical
indications for an optimal low-field-scoil design in terms of choice of conductors and
capacitors.

Our theoretical and experimental findings confirmed that the key issue in RF coil
design is the tradeoff between achieved SNR and signal homogeneity. In particular, volume
coils provide a uniform SNR across the FOV, while surface coils ensure a higher SNR near
the coil which rapidly decreases with distance from the coil plane; phased arrays further
increase the SNR at the same time, helping to preserve signal homogeneity.

Finally, based on the experiments conducted in our laboratory and reviewed in this pa-
per, we believe that close collaboration between manufacturing companies and experienced
laboratories/research centers offers unique opportunities in the design and optimization of
RF coils dedicated to low-field MRI systems to further boost technological development in
this field.

7. Conclusions

In this paper, we summarize the experience of our electromagnetic laboratory in
developing low-field RF coils suitable for potential clinical applications in collaboration
with industries. Beginning with a discussion on how RF technology can be employed to
complement existing high-field devices and how low-field MRI can be made accessible to
imaging where it was previously not feasible, we underline that the development of new
coils provides the opportunity for lower-field-strength devices to exploit its advantages,
most notably lower cost and portability.

We suppose that low-field MRI scanners will continue to develop and become more
common in the future.

We believe this paper contains information useful for graduate students and re-
searchers involved in the design of low-field MR coil and, meanwhile, could also be
useful for underlying the importance of the knowledge transfer between public research
institutions and industries.
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