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Abstract
A novel method for excitation of RF B1 field in high-field (3-T) magnetic resonance
imaging (MRI) systems using a subject-loaded quadrifilar helical antenna as an RF
coil is proposed, evaluated, and demonstrated. Design, analysis, characterization,
and evaluation of the novel coil when situated in a 3-T MRI bore and loaded with
different phantoms are performed and cross-validated by extensive numerical simulations using multiple computational electromagnetics techniques. The results for the
quadrifilar helical-antenna RF body coil show (a) strong field penetration in the entire phantoms; (b) excellent right-hand circular polarization (RCP); (c) high spatial
uniformity of RCP RF magnetic field, B1+, throughout the phantoms; (d) large field

of view (FOV); (e) good transmit efficiency; and (f) low local specific absorption rate
(SAR). The examples show that the new RF coil provides substantially better B1+-
field uniformity and much larger FOV than any of the previously reported numerical
and experimental results for the existing RF coil designs at 3 T in literature that enable comparison. In addition, helical RF body coils of different lengths can, for instance, easily provide an excellent RCP and highly uniform B1+-field within the MRI
maximum FOV length of 50 cm, and even 100 cm. The proposed MRI RF coil yields
a remarkable improvement in the field uniformity in the longitudinal direction, for
various phantoms, with comparable efficiency and SAR levels.
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IN T RO D U C T ION

Magnetic resonance imaging (MRI) is an established medical
diagnostic method and tool widely utilized to obtain high-
resolution images of the internal structure of the body or its
parts and organs. The physical foundation of MRI is the principle of nuclear magnetic resonance (NMR), whereby atom
nuclei of the tissue that is imaged absorb and reemit applied
radio frequency (RF) radiation based on the resonant frequency with which the spin precesses in an external polarizing static (dc) magnetic field (magnetic flux density), B0, the
106

|

© 2016 Wiley Periodicals, Inc.

so-called Larmor frequency, f0, that is proportional to B0.1–3
In an MRI scanner, the main polarizing static field B0 is generated by the main coil known as magnet, and its direction is
longitudinal, along the MRI bore, i.e., along the z-axis. Note
that in this work, vectors (real or complex) are represented by
boldface, regular (non-italic) symbols, e.g., B, whereas the
magnitudes of vectors are denoted by italic, nonbold symbols, e.g., B. While the terminology largely varies, the 3-T
scanners (B0 = 3 T) are usually referred to as the high-field or
very high-field magnets, with the low-field systems and mid-
field systems being those with B0 < 3 T. The MRI machines
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with B0 > 3 T are considered the ultrahigh-field systems.4 In
addition to the static field, gradient coils create magnetic field
gradients that vary the resonant frequency in space and time,
which facilitates MRI.
An RF excitation magnetic field, B1, is applied in orthogonal direction to the main polarizing field, and it creates a
transverse magnetization that induces a time-dependent signal in the receive coil. For maximum coupling between the
RF field and the spins in the tissue, a rotating magnetic field
with constant magnitude during rotation is desired, i.e., the
RF exciter needs to generate a circularly polarized (CP), and
more precisely, right-hand CP (RCP) RF magnetic field, usually denoted as B1+.
Despite the fact that the MRI scanner at clinical field
strengths, B0 = 1.5 T, and even B0 = 3 T, is considered to be a
developed technology, there still are a number of engineering
challenges associated with the design of an optimal RF coil.
The principal desired objectives for the development and design of RF coils and B1 fields inside an MRI bore loaded with
a human or phantom can be summarized as follows. First,
there should be a strong coupling of the field with a subject
and deep field penetration into the tissues. Second, a good
circular polarization, and more precisely, RCP, of the B1 field
for the transverse components (normal to the axis of the bore
and to field B0) of B1 in the subject should be achieved. This
means a very predominant RCP component of the transverse
B1, B1+, over the left-hand CP (LCP) component, B1−, and
hence a high ratio B1+/B1−. Purely CP B1 field, with B1−= 0
and equal powers in the two transverse components (x and
y components), is desirable. The more circularly polarized
B1 field, the higher the transmit efficiency that results into
higher signal-to-noise ratio (SNR). A linearly polarized (LP)
field would require too much RF deposition into the subject
to get the same SNR as compared to a modest power with a
CP B1 field. Hence, LP B1 fields are undesirable. Third, a
high spatial uniformity of the transverse B1+ field along the
z-axis, large field of view (FOV), and as uniform as possible RCP transverse field, B1+, elsewhere in the subject are
desired. Transverse B1+ field uniformity is directly related
to the resulting MRI image quality. It is relatively easy for
the polarizing static field B0 to be shimmed to very high
uniformity using shim coils (B0 shimming is done automatically during system initialization prior to imaging), so that
any image nonuniformity is due to the transverse B1+ field
nonuniformity. The last requirement is that the local specific
absorption rate (SAR) at every point in the body, found as
σ(r)|E(r)|2/ρ(r), in units of W/kg = mW/g, with σ standing
for the conductivity (the unit is S/m) and ρ for the mass density (kg/m3) of the material (tissue), E for the electric field
intensity vector (V/m), and r for the position vector of the
point inside the body, as well as averaged total SAR values for individual organs and body areas, must be, for the
given total input RF power of the system, well below the
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acceptable and allowable prescribed SAR levels, to prevent
any potential health hazards.
State-of-the-art clinical MRI scanners are 3-T systems
(B0 = 3 T), i.e., high-field magnets, with MRI bores measuring typically 60 cm in diameter, which allows full-body
human subjects. However, 3-T scanners are yet far from
constituting a majority of MRI machines in hospitals, where
1.5-T scanners still prevail by a very large margin in part
due to higher costs but also due to field inhomogeneity issues, SAR constraints, etc. In 3-T clinical, preclinical, and
research MRI scanners, the RF exciter is almost exclusively
in the form of a birdcage coil.5 While birdcage body coils are
mostly used only as RF transmitters with local surface coils
as receivers, smaller birdcage coils6 (e.g., head and extremity coils), which are closer to the imaged objects/tissues, are
often used as both RF transmitters and receivers.
Several recent attempts to improving B1+ field uniformity
of body coils in preclinical scanners at high and ultrahigh
fields (B0 ≥ 3 T) include various modifications of the birdcage
coil, such as a birdcage coil with detached endcaps,7 TEM
coils,8–10 and spiral coils.11 The system proposed in Ref. 7
significantly improves the field uniformity in longitudinal direction [note that the FOV is within approximately 20 cm (in
the head region)]. The phased array TEM coil for whole-body
imaging9 reduces B1+ nonuniformity and suppresses the SAR
level. In, Ref. 11 twisting a birdcage coil structure toward a
spiral shape is used to distribute the RF phase through space
and improve the field uniformity, for head RF excitation at
4 T. Solutions that exploit possible traveling waves in MRI
systems at B0 ≥ 7 T include patch antennas that excite LP or
CP traveling-wave fields inside a scanner’s bore.12 This excitation, however, if not aided by additional electrodynamic
elements (dielectrics or metamaterials), is highly localized,
which results in rapid power dissipation in the body and quick
attenuation with distance away from the antenna. In addition,
the traveling-
wave concept has been mostly invoked and
tested in 60-cm MRI bores at 7 T.13–15 On the other hand,
there exist several traveling-wave-inspired designs at 3 T employing a parallel-plate waveguide,16 dielectric inserts,17 and
a cylindrical metallic waveguide as an RF shield,18 respectively, to facilitate RF field coupling to the subject.
In fact, the main area of engineering research in advancing next-generation MRI scanners at high (B0 = 3 T) and ultrahigh (B0 > 3 T) polarizing fields is in improving RF coils
and B1 fields in a MRI bore loaded with a human body or a
phantom.
Here, we propose and numerically validate, evaluate,
and demonstrate a novel method for excitation of RF B1
field in high-field MRI systems, with B0 = 3 T and Larmor
frequency of f0 = 127.8 MHz, so for state-of-the-art clinical
scanners, using a subject-loaded quadrifilar helical antenna
as an RF coil. Our full-wave electromagnetic simulations
of 3-T MRI systems with phantom-loaded helical antennas
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show efficient coupling and deep field penetration into
the phantoms, high B1+/B1− ratio and spatial uniformity
throughout the phantoms, large FOV, good transmit efficiency, and low SAR levels at every point in the phantom.
Overall, the novel RF coil provides substantially better B1+
field uniformity and much larger FOV than any of the previously reported results in literature that enable comparison.
Moreover, it shows great potential for whole-body imaging19 at 3 T, i.e., for MRI of the whole human body in a 3-T
clinical system.
In principle, the novel method for RF excitation in MRI
systems using a quadrifilar helical RF coil with high B1+ field
uniformity and large FOV is universal and not limited to any
particular field strength (B0) and any particular frequency
(f0). However, comprehensive designs and full demonstrations of quadrifilar helical RF coils at fields other than 3 T
are yet to be done as part of our future work. Furthermore,
although the emphasis in this study is on examples proposing
and demonstrating the quadrifilar helical antenna as an RF
body coil, it can readily and favorably be used as a head coil
or an extremity coil or a coil for abdominal scan, as well as
for animal scanners.
The basic idea of the novel method for RF excitation at
high and ultrahigh fields by means of quadrifilar helical antennas as RF body coils and initial results at both 3 T and 7 T
are preliminary presented in a summary form in Refs 20–23.
A subject-loaded monofilar axial-mode helical antenna as an
RF exciter for 7-T MRI systems is preliminary presented in a
summary form in Ref. 24.
Design, analysis, characterization, and evaluation of the
proposed quadrifilar helical exciter when situated in a 3-T
MRI bore and loaded with different phantoms is performed
by extensive numerical simulations using a higher-order full-
wave computational electromagnetics (CEM)25 technique
based on the method of moments in the surface integral
equation formulation.26 Whereas only MRI experiments will
ultimately validate the properties and confirm the practical
relevance of the new coil, we have made sure that all the simulation results presented in this study are rigorously checked
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and evaluated from all relevant numerical and modeling aspects, as well as thoroughly verified and validated by comparison with results using two well-established commercial
full-wave CEM codes. The presented simulation results are
very accurate and fully representative and predictive of the
performance of the proposed RF coil in the actual MRI bore.
The here reported work proposes a novel idea of a subject-
loaded quadrifilar helical-antenna RF coil for 3-T MRI. This
study presents its design, characterization, and performance
using CEM simulations. It demonstrates the proof of concept
and introduces the intriguing approach of a four-channel helical RF body coil, with high B1+ field uniformity and large
FOV, at 3 T. In the presented examples, the proposed coil
is compared with the 3-T MRI scanners with the existing
RF coil designs, in the cases where the reported results for
these designs provide sufficient information for a meaningful
comparison. The proposed system differs in concept to the
existing ones; hence, our results indicate that it promises to
complement the currently used solutions for 3-T MRI scanners and that it, therefore, provides an avenue well worth further exploration.
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M ETHODS

A helical antenna represents a metallic wire antenna wound
uniformly and periodically with N wire turns and a pitch P
about an imaginary (or dielectric) cylinder of diameter Dhelix
and length Lhelix = NP,27 and it is shown as Helix 1 (a single
filament) in Fig. 1. The pitch P relates to the pitch angle, α,
as P = Chelix tan α, where Chelix = πDhelix is the helix circumference. The antenna is fed at one wire end against a circular
back-plate, acting as a ground plane, i.e., the input power is
supplied at a lumped excitation port [a delta-function generator]26 between the wire end and the plate. For the practical MRI RF excitation at 3 T, we specifically propose a
four-channel helical RF coil—with high B1+ field uniformity and large FOV. The proposed coil is a quadrifilar helical
antenna, where four helices (Helices 1–4 in Fig. 1) are wound

F I G U R E 1 Quadrifilar helical antenna
in free space. The antenna consists of four
helices (Helices 1–4) fed by four delta-function
generators (Excitations 1–4) with complex
RMS voltages V + j0, 0 − jV, −V + j0, and
0 + jV, respectively

Athalye et al.

coaxially and fed in time-phase quadrature, i.e., by 90° out of
phase with respect to each other (with complex voltages of
delta-function generators equaling V√
+ j0, 0 − jV, −V + j0,
and 0 + jV, respectively, where j = −1 is the imaginary
unit), against the common back-plate, so their currents flow
along the wires in time-phase quadrature.
Design of the proposed quadrifilar helical exciters, as well
as analysis of the RF electromagnetic field in 3-T MRI bores
generated by the exciters, are performed using a full-wave
numerically rigorous CEM technique based on the method
of moments (MoM) in conjunction with the surface integral
equation (SIE) approach,26 implemented in a numerically
higher-order fashion.25 In this technique, all material (metallic and dielectric) surfaces in the structure are modeled
using generalized parametric quadrilateral patches and all
metallic wires are modeled by means of straight wire segments, electric and magnetic equivalent surface currents over
elements (quadrilateral patches and wire segments) are modeled by polynomial vector basis functions, and SIEs based
on boundary conditions for electric and magnetic field vectors are solved employing Galerkin method.26 In addition,
the results obtained by the higher-order MoM-SIE technique
are thoroughly verified and validated by comparison with results using two well-established commercial full-wave CEM
codes, a MoM code WIPL-D,28 and a finite element method
(FEM) code ANSYS HFSS.29
To demonstrate the novel method for RF excitation
using a subject-loaded helical antenna as an RF exciter at
3 T, Fig. 2 shows a 3-T system with a bore in the form of
a metallic cylinder of diameter Dbore = 60 cm and length
Lbore = 200 cm (simplified model of a clinical scanner). The
bore is coaxially and centrally loaded with a phantom in the
form of a cylinder of diameter DP and length LP filled with
a homogeneous lossy dielectric of relative permittivity εr,
conductivity σ, and relative permeability μr=1. Note that in
MRI-related experiments and simulations, a phantom is a
container of an arbitrary (but usually simple) shape, most

F I G U R E 2 Application of the novel method
for excitation of RF B1 field in high-field (B0 = 3
T) MRI systems: 3-T MRI metallic bore with an RF
body coil in the form of a phantom-loaded quadrifilar
helical antenna (Fig. 1) at an operating frequency of
f0 = 127.8 MHz, with the accepted powers at the four
excitation ports (Excitations 1–4), i.e., time-average
powers delivered to the ports, being Pa1, Pa2, Pa3, and
Pa4, respectively. The cylindrical phantom (of length LP)
is terminated at both ends with small cylindrical buffers
(of length LB) made of the same material
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commonly a cylindrical bottle, that is filled with a fluid resembling relative permittivity (dielectric constant) and conductivity parameters of human tissues and has NMR active
species such as hydrogen molecules, e.g., saline water or
deionized (DI) water. To prevent abrupt field changes and
wave reflections at the ends of the phantom due to abrupt
material discontinuities between the phantom medium and
surrounding air, the phantom is terminated at each end
with a cylindrical buffer of length LB and the same diameter, DB = DP, made of the same material as the phantom
(Fig. 2).
The RF magnetic field B1 in the bore and in the phantom
is excited by a phantom-loaded quadrifilar helical antenna,
of diameter Dhelix and length Lhelix, with the pitch and wire
radius of each of the four helices being P and rw, respectively,
placed coaxially with respect to the bore and the phantom and
fed as in Fig. 1, against the back-plate of diameter Dplate, at an
operating frequency of f0 = 127.8 MHz. In addition to a solid
back-plate, we also implement designs with a hollow back-
plate (metallic ring) of outer and inner diameters Dplate1 and
Dplate2, respectively. Namely, in clinical applications, a solid
back-plate closing off one end of the MRI bore may be impractical, and the hollow one may be preferred to provide
more comfort to the patient and better access to the bore. In
addition, strong surface eddy currents induced on a continuous plate may generate RF noise, which, if the plate is close
to the subject, may adversely affect the SNR of the image;
these currents may even cause strong mechanical vibration of
the plate and loud acoustic noise during the scan, due to the
changing magnetic gradient.
In terms of further improvements of the designs, parameters of the helical antenna, e.g., the helix pitch, diameter, and
length, can be varied and optimized for even better performance of the 3-T MRI system. Different feeding patterns and
terminations of helices are also possible, as well as tapering
of the windings. Multifilar antennas can also be designed and
implemented to utilize parallel imaging.30
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3 | R ES U LTS, A NA LYSIS , A N D
DI S C U S S IO N
As the first example, we consider a 3-T MRI system in
Fig. 2 (Dbore = 60 cm, Lbore = 200 cm) with a quadrifilar
helical RF body coil exciter in Fig. 1 with Dhelix = 50 cm,
Lhelix = 200 cm, P = 12.8 cm, rw = 0.1 cm, Dplate = 60 cm,
and f0 = 127.8 MHz. The back-plate is located 1.5 cm away
from the bore end. Dimensions of the phantom and buffers in
Fig. 2 are DP = DB = 15 cm, LP = 100 cm, and LB = 10 cm,
and the dielectric parameters are εr = 81 and σ = 0.6 S/m (saline water). The accepted powers at the ports are Pa1 = Pa2 =
Pa3 = Pa4 = 4.7 mW.
Figure 3a shows the one-dimensional (1-D) distribution
of the RCP component of the transverse RF magnetic field,
B1+, and the left-hand CP (LCP) component, B1−, along the
axis of the phantom (z-axis) in Fig. 2. Note that it is customary in MRI literature to refer to B as simply the magnetic
field, whereas in electromagnetics B generally stands for the
magnetic flux density or magnetic induction, in the units of T
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(tesla), and the magnetic field intensity (strength), in the units
of A/m, is denoted by H.31 In free space and nonmagnetic
media, the relationship between the magnetic flux density
and field intensity vectors is B = μ0 H (μ0 is permeability
of free space, μ0 = 4π 10−7 H/m). Note also that what we
show is the RMS value of B, that is, the RMS magnitude
of the complex vector B. We observe from the figure that
B1− is practically vanishing and that a perfect B1+/B1− ratio
and a perfectly RCP B1+ field are achieved along the z-axis
inside the saline-water phantom placed inside the quadrifilar
helical RF body coil in the 3-T MRI system in Fig. 2. We also
observe an almost perfect spatial uniformity (very small variation) of the transverse B1+ field along the z-axis.
In addition, we validate, in Fig. 3a, the MoM-SIE model
and results by comparing them with those obtained by
ANSYS HFSS, and an excellent agreement between the two
sets of results is observed. This validation is very relevant
given that the two solution approaches used are completely
different, both conceptually and numerically; the MoM-SIE
is a surface modeling technique that solves boundary integral

F I G U R E 3 (a) 1-D distribution of the
RCP component of the transverse RF magnetic
field, B1+, and the LCP component, B1−,
inside the saline-water phantom in the 3-T
MRI system in Fig. 2 (parameters given in the
text) along its axis (z-axis): comparison of the
results obtained using the MoM-SIE technique
and those by ANSYS HFSS commercial code.
(b) 2-D RCP (transmit efficiency) and LCP
normalized-field maps in the coronal (y = 0) and
axial (z = 50 cm, in the middle of the phantom)
cross sections of the phantom computed by
ANSYS HFSS. The maximum efficiency
should be compared with the efficiencies in
Refs 14, 35–42
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equations for currents, whereas HFSS is a volumetric modeling technique that solves partial differential equations for
fields. The agreement is not perfect primarily due to a difference in the helix models—in the HFSS solution, we use thin
rectangular strip elements of widths ws, whereas in the MoM-
SIE solution, the helices are modeled with cylindrical thin
wire elements of radii rw = ws/4. Important details of MoM-
SIE and FEM (HFSS) full-wave electromagnetic modeling of
RF fields in MRI applications that enable rigorous analyses
and cross-validation of the solutions in characterizations of
RF coils are presented in Ref. 32.
Shown in Fig. 3b are two-dimensional (2-D) field maps
of B1+ and B1− components of B1 in the coronal/sagittal and
axial cross-sections of the phantom in Fig. 2, where we observe a very small B1− when compared to B1+ and an almost
perfect RCP B1+ field throughout the entire phantom, as well
as an almost perfect spatial uniformity of the transverse B1+
field throughout the phantom. More specifically, Fig. 3b
shows the transmit efficiency evaluated as B1+/√Pa, where
Pa = Pa1 + Pa2 + Pa3 + Pa4 is the total accepted power for
the coil, as well as the corresponding normalization of the
LCP field, B1−/√Pa. The maximum efficiency in Fig. 3b is
comparable with those reported for various coils and phantoms at 3 T, as well as 7 T in Refs 14, 35–42.
In the next example, we further analyze the magnetic
field B1 uniformity of the system in Fig. 2. Keeping all other
parameters of the helical-antenna RF coil the same (as in
the previous example), the diameter of the helices was increased to Dhelix = 58 cm (Dbore = 60 cm, Lbore = 200 cm,
P = 12.8 cm, rw = 0.1 cm, f0 = 127.8 MHz), to further improve the field uniformity in the axial plane. The length of
the phantom in Fig. 2 is now LP = 38 cm6 (DP = DB = 15 cm,
LB = 10 cm). To simulate materials with various properties,
it is filled with three different dielectrics,6 one at the time:
(A) vegetable oil (εr = 2.9, σ = 0), (B) saline water (εr = 78,
σ = 1.67 S/m), and (C) water (εr = 74, σ = 0), and the buffers
in Fig. 2 are made of the same material as in cases (A)–(C),
respectively. Moreover, we consider four different designs of
the quadrifilar helical RF coil, with: (i) Lhelix1 = 200 cm and
Dplate = 60 cm (solid back-plate, like in the previous example), (ii) Lhelix2 = 100 cm, a hollow back-plate (metallic ring)
with Dplate1 = 59 cm and Dplate2 = 50 cm, and the helical
structure being positioned in the bore such that the back-plate
is located at a distance of 30 cm from the bore opening, (iii)
Lhelix3 = 60 cm, the hollow back-plate as in (ii), and the structure position such that the back-plate is 71 cm away from the
bore opening, and (iv) Lhelix3 = 50 cm and the hollow back-
plate at 73.5 cm from the bore opening.
We compare the MoM-
SIE numerical results for the
described helical exciters with experimental results for the
16-element quadrature birdcage coil (of diameter 27.8 cm
and length 21 cm) from Ref. 6. Figure 4 shows the 1-D field
distributions in the transversal direction (axial cross section)
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along the x-axis (y = z = 0) and the longitudinal direction
(coronal/sagittal cross section) along the z-axis (x = y = 0),
respectively, for the empty bore and phantoms (A)–(C). All
results are normalized with respect to B1 at the center of
the phantom, as suggested in Ref. 6, and given in “arbitrary
units” (a.u.). Namely, we are not able to perform comparison in absolute (nonnormalized) values and physical units
because the results in Ref. 6 are given in a.u.
From Fig. 4a–b, we conclude that the numerical results for
the proposed quadrifilar helical RF coil show a comparable
field uniformity in the transversal direction as the birdcage
coil measurements in Ref. 6, for all four phantom cases and
all four helical coil lengths. Moreover, based on Fig. 4c–d, we
conclude that the helical-antenna exciters with all four lengths
yield remarkable improvements in the field uniformity in the
longitudinal direction in all four phantom cases as compared
to the birdcage coil results in Ref. 6, with the maximum field
variation with respect to the mean value of the signal, δBmax,
for Lhelix = 200 cm being less than 4%. Specifically, the computed maximum field variations for empty bore and phantoms (A), (B), and (C) are δBmax = 1.84%, 2.14%, 3.94%, and
3.22%, respectively. The maximum field variation when the
bore is empty, for instance, reported in Ref. 6 is δBmax = 10%
within 9 cm inside the phantom, whereas in our case, δBmax
is approximately five times lower and is computed along the
whole length of the phantom (LP = 38 cm). In other words,
with the quadrifilar helical RF coil (Lhelix = 200 cm), the usable FOV is increased approximately 4.22 times, and similarly for the other three coil lengths.
We next compare our results for the vegetable oil phantom, case (A), in the longitudinal plane with the results
obtained with an improved birdcage coil hardware using detached end caps as described in Ref. 7. The phantom, with
DP = DB = 17 cm and LP = 26 cm (all structure parameters
except Lhelix, DP, DB, and LP are as in Fig. 4), is coaxially
placed with respect to the bore in all four designs (i)–(iv)
of the helical RF coil, and we consider two configurations:
the phantom with and without dielectric buffers (in Fig. 2),
respectively.
As shown in Fig. 5 [again, the results are normalized and
given in a.u. to match Ref. 7], the results obtained with the
shorter quadrifilar helical RF coil [designs (ii)–(iv)] are still
considerably more uniform than the results in Ref. 7, even
with the reported 85% improvement of the B1 field at the
service end of the birdcage with respect to that at the coil’s
center when detached end caps are used.7 We also observe
from the figure that the results for the phantom without buffer
terminations are almost equally good. It can be concluded,
therefore, that the quadrifilar helical RF coil provides a significant improvement when compared to the birdcage coil6,7
in the longitudinal direction (even when the helical exciter is
short), while the results in the transversal direction are very
similar.
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F I G U R E 4 B1+ field in the transversal direction (y = z = 0) inside the 3-T MRI scanner in Fig. 2 (parameters given in the text) when the bore
is (a) empty or loaded with a vegetable oil phantom—case (A) and (b) loaded with a saline-solution phantom—case (B) or a water phantom—case
(C): comparison of the MoMSIE numerical results for the quadrifilar helical RF coil—of four different lengths—with experimental results for the 16-element
quadrature birdcage (BC) coil from Ref. 6. (c)–(d) The same as in (a)–(b) but for B1+ field in the longitudinal direction (x = y = 0) inside the 3-T MRI scanner

F I G U R E 5 B1+ field in the longitudinal direction (x = y = 0) inside
the 3-T MRI scanner in Fig. 2 (parameters given in the text) with the
vegetable oil phantom: comparison of the MoM-SIE results—for four
different lengths of the quadrifilar helical RF coil and for the phantom with
and without buffers (Fig. 2)—with the experimental results obtained with
an improved birdcage coil7

Next, we consider a 3-T MRI system in Fig. 2 with the same
dimensions as in the first example, except for Dhelix = 58 cm,
DP = DB = 10 cm, and Lp = 60 cm (Dbore = 60 cm, Lbore
= 200 cm, Lhelix = 200 cm, P = 12.8 cm, rw = 0.1 cm, Dplate
= 60 cm, LB = 10 cm, f0 = 127.8 MHz). The parameters of
the dielectric of the phantom (and the buffers) are εr = 69.062
and σ = 1.5054 S/m (μr = 1),16 and the accepted powers at
the ports are Pa1 = Pa2 = Pa3 = Pa4 = 6.62 W. Figure 6 shows
2-D B1+ and B1− field maps in the coronal/sagittal and axial
cross sections. As expected and observed from the figure, and
based on the previous examples, the quadrifilar helical RF
body coil design provides an almost perfect spatial uniformity
of the transverse B1+ field and an almost perfect B1+/B1− ratio
throughout the phantom. In terms of B1+ field uniformity, our
design yields a notable improvement with respect to outperforms the parallel-plate waveguide design (two 25 cm wide,
60 cm long, and 6-μm-thick aluminum strips, mounted on an
acrylic cylinder, 30 cm in diameter and 60 cm long) in conjunction with the embedded birdcage coil (66 cm in diameter
and 68 cm long, with 16 rungs driven in quadrature) inside
the 3-T MRI system described and shown in Fig. 1a in Ref.
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F I G U R E 6 MoM-SIE 2-D field maps of B1+ and B1− fields and local SAR in the coronal (y = 0) and axial (z = 30 cm, in the middle of the phantom)
cross sections of the phantom in the 3-T MRI system in Fig. 2 (parameters given in the text). The B1+ and B1− results should be compared with computed,
using COMSOL Multiphysics, field maps in Fig. 2 in Ref. 16 for the parallel-plate waveguide design in conjunction with the embedded birdcage coil. The
SAR results should be compared with the SAR values reported in Fig. 4(c) in Ref. 16

16. For 2-D field comparison, see the results for the 3-T MRI
system shown in Fig. 2 in Ref. 16.
In addition, shown in Fig. 6 is also the distribution of the
local SAR in the coronal and central axial cross sections of
the phantom. It can be observed from the figure that the SAR,
for the given typical or maximal total input RF power of the
MRI system, would be below the allowable prescribed SAR
level at every point of the phantom. The maximum SAR level
we observe is 1.5 W/kg, which is within the permissible SAR
range. These results are in a good agreement with the SAR
range reported in Fig. 4c in Ref. 16.
In Fig. 7, we compare for uniformity the 1-D field distribution (normalized to the field level at the center of the
phantom) for the quadrifilar helical-antenna RF body coil
of three different lengths (Lhelix = 200 cm, 100 cm, and
60 cm) with that from Ref. 16, obtained using commercial
FEM code COMSOL Multiphysics V. 3.2. Here, all results
are normalized with respect to B1 at the center of the phantom and given in “arbitrary units” (a.u.) because there is no
information on the power in Ref. 16, so it is impossible to

F I G U R E 7 B1+ field inside the phantom along its longitudinal axis in
the 3-T MRI system in Fig. 2 (system parameters as in Fig. 6): comparison
of the MoM-SIE results for the quadrifilar helical RF body coil of three
different lengths and the phantom with and without buffers (Fig. 2) with
COMSOL Multiphysics results for the parallel-plate waveguide (PPWG) +
birdcage (BC) coil16 [note that the graph is directly traced from Fig. 3
in Ref. 16, where it looks differently due to a different scale; it is also
qualitatively verified with the inset in Fig. 3 in Ref. 33]
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F I G U R E 8 MoM-SIE simulation model of a
homogeneous human body phantom (parameters given
in the text) inside a 60-cm 3-T MRI bore in Fig. 2 (the
bore is not shown for clarity) with the same quadrifilar
helical RF body coil as in Fig. 6 but terminated with a
hollow back-plate (ring)

perform comparison in absolute values. We observe from
the figure that the helical RF coil with Lhelix = 200 cm
provides almost constant field along the phantom axis (in
the longitudinal direction), as well as that the results for
Lhelix = 200 cm, 100 cm, and 60 cm, whether the dielectric
buffers are used at the ends of the phantom (Fig. 2) or not,
are considerably more uniform than those from Ref. 16 for
the same phantom.
As the last example, we simulate a human body-shaped
phantom inside a 60-cm 3-T MRI bore in Fig. 2 with the
same quadrifilar helical RF body coil as in the previous example. For practical reasons, the helical antenna (the four
helices) is terminated with a hollow back-plate (ring) with
Dplate1 = 60 cm and Dplate2 = 50 cm, placed outside the bore,
1.5 cm away from the bore opening. A homogeneous human
body MoM-SIE model of height/length Lbody = 184 cm and
maximum width wbody = 52 cm, filled with a lossy dielectric of averaged tissue parameters amounting to εr = 31 and
σ = 0.31 S/m,9 is placed 35 cm inside the bore (measured
from the bore opening to the top of the head), as shown in
Fig. 8 (the bore is not shown for the clarity of the figure).
These tissue parameters are calculated in Ref. 9 by finding
a volumetric average of two lossy-dielectric patient models. The accepted powers at the excitation ports 1–4 (Fig. 2)
amount to Pa1 = 35.99 W, Pa2 = 20.83 W, Pa3 = 34.89 W,
and Pa4 = 30.48 W, respectively.
Shown in Fig. 9 is the 1-D distribution of the B1+ and
B1− transverse fields along the central axis (z-axis) of the
human body model from the top of the head to the end of the
torso, where we observe a very small B1− compared to B1+
and reasonable spatial uniformity of the B1+ field along the
z-axis everywhere, from the top of the head to the end of the
torso, except in the neck area (z ≈ 20–30 cm). To mitigate
the degradation in the field uniformity and circular polarization around the neck region, we add a “collar” (of the same
dielectric properties as the human body phantom) around the
neck, as shown in the inset of Fig. 9, and include in Fig. 9
B1+ and B1− 1-D results for the phantom model with the
“collar” as well. Note that a similar idea of using a “collar”
to improve the field distribution has been suggested in Ref.
34. As can also be seen from Fig. 9, the “collar” improves
the field uniformity, as well as the circular polarization and
B1+/B1− ratio, in and around the neck region. The maximum

F I G U R E 9 Computed 1-D distribution of B1+ and B1− efficiency
inside the human body model in Fig. 8 along its central axis (z-axis) (from
the top of the head to the end of the torso), without and with the dielectric
“collar” (of the same dielectric properties as the phantom) around the neck,
to mitigate the degradation in the field uniformity and circular polarization
around the neck region. Detail of the human body model with the “collar”
is shown in the figure inset

B1+ field variation in the neck region without the “collar” is
δBmax1 = 61.5% (at approximately z = 25 cm), whereas in
the design with the “collar,” it is reduced to δBmax2 = 22%
(at approximately z = 30 cm), which can be observed from
Fig. 9.
Figure 10 shows 2-D B1+ and B1− field maps and SAR in
the coronal and axial slices of the human body phantom in
Fig. 8 with the “collar” in Fig. 9, where we observe a good
overall B1 field uniformity, circular polarization, and SAR
levels throughout the phantom.
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CONCLUSIONS

This study has proposed a novel method for excitation of
RF B1 field in high-field (B0 = 3 T) MRI systems using a
subject-
loaded quadrifilar helical antenna as an RF coil.
Analysis, characterization, evaluation, and demonstration of
the proposed quadrifilar helical exciter when situated in a 3-T
MRI bore and loaded with different phantoms have been performed by extensive numerical simulations using the higher-
order method of moments in the surface integral equation
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F I G U R E 1 0 2-D B1+ and B1− field maps and SAR in (a)–(c) coronal and (d)–(f) axial (z = 75 cm) slices of the human body phantom in Fig. 8 with the
“collar” in Fig. 9

formulation. The simulation results are fully representative
and predictive of the performance of the proposed RF coil in
the actual MRI bore.
The examples have shown that the helical-antenna exciter
provides substantially better B1+ field uniformity and much
larger FOV than any of the reported numerical and experimental results in literature that enable comparison. It yields a
remarkable improvement in the field uniformity in the longitudinal direction as compared to the reported results, with the
maximum field variation with respect to the mean value of
the signal for empty bore and various phantoms being many
times lower. In addition, quadrifilar helical RF body coils of
different lengths can, for instance, easily provide a highly
uniform B1+ field and excellent right-hand CP and B1+/B1−
ratio within the lengths close to or exceeding practical FOV
of 50 cm as defined by B0 field uniformity and gradient coil
dimensions. Even the lengths of 100 cm can easily be covered, which might not be practical at the moment but is certainly interesting and noteworthy. The transmit efficiencies
evaluated as B1+/√Pa, with Pa standing for the total accepted
power for the coil, are comparable with those reported for
various coils and phantoms at 3 T, as well as 7 T. The SAR

distributions and local SAR values in the phantoms are in
agreements with the SAR distributions and ranges reported
for similar 3-T systems. The simulation results for the homogeneous human body phantom inside the quadrifilar helical
RF body coil at 3 T have shown a good overall B1 field uniformity, circular polarization, and SAR levels throughout the
phantom.
Our future work will include measurements and experimental testing of the novel coil in a 3-T MRI scanner,
human–phantom CEM studies including heterogeneous numerical phantoms, further quantitative comparative studies
relative to the corresponding existing RF coils at 3 T, further
improvements of the designs, as well as designs and demonstrations of helical-antenna RF coils at fields other than 3 T,
namely, at ultrahigh fields.
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