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Magnetic resonance imaging (MRI) is an important tool in the diagnosis of breast cancer. Increased gra-
dient strengths and slew rates assist in terms of the potential to image with increased spatial and/or tem-
poral resolution. Strong gradients also facilitate diffusion studies; one well-known method of increasing
gradient strength is to design local gradient coils, those with reduced diameter where the gradient con-
ductors are closer to the region of interest. In the case of breast imaging, this necessitates the use of coil
geometries that lack the symmetry (e.g. cylindrical) required by some standard coil design techniques.
Therefore a symmetry-free, inverse boundary element method (BEM) was employed to design a set of
local breast gradient coils which would allow simultaneous imaging of both breasts. This BEM is a mod-
ified version of a previously reported equivalent magnetisation current method that now incorporates a
piecewise-linear magnetisation rather than piecewise-constant. It is demonstrated that coil geometries
more closely encompassing the sample shape, hence possessing wire windings located close the sample,
produce superior coil performances. The use of two regions of interest instead one that covers the two
samples produces superior high performance breast gradient coils. Additionally, it was demonstrated that
this inverse BEM produced standard cylindrical coils with comparable properties and that the method is
robust when challenged with difficult coil design problems in two other examples.

� 2009 Elsevier Inc. All rights reserved.
1. Introduction

High performance gradient coils are needed to meet the ever
increasing demands of new techniques in magnetic resonance
imaging (MRI). It is well known that making gradient coils smaller
and placing their wires closer to the region of interest (ROI) in-
creases their performance [1–4]; the efficiency, g, measured in
mTm�1 A�1, of a cylindrical gradient coil is inversely proportional
to the square of the radius, a, (i.e. g / a�2). This can be achieved
with local gradient coils tailored for imaging particular sub-anato-
mies of the human body. Local gradient coils for the head [1–4] and
knee [5], for example, have been demonstrated to have increased
performance over whole body gradients. It has also been recently
shown that further improvements in performance of local coils
may be obtained by employing a symmetry-free coil design
method [6]. This ethos is exemplified in the present work by
designing a set of gradient coils specifically for breast imaging,
which are expected to provide improved gradient coil performance
for demanding studies such as diffusion-weighted imaging of the
breast [7]. Ersahin and et al. used a symmetry-free inverse bound-
ary element method (IBEM) to design a conical gradient coil for
ll rights reserved.
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breast imaging [8]. A target field method [9] was employed by
the same group to design gradient coils for breast imaging using
different geometries [10,11]. Maier et al. [12] and VanderWerf
et al. [13] demonstrated the advantages of a local set of gradient
coils for breast imaging, however, they were restricted to simple
geometries. A different, symmetry-free method using fuzzy mem-
bership functions was used in [14] to optimize a family of curves
expressed in terms of free parameters in order to produce a highly
efficient gradient coil for breast imaging.

A coil design method that is free from symmetry was employed
in this work to more optimally tailor the coil geometry to the target
region of interest (ROI), thereby improving performance. Two sep-
arate regions were used to specify the linearity of the magnetic
field produced by the gradient coils, one for each breast; it was ex-
pected that reducing the volume over which the field is specified
would increase coil performance further.

Coil design methods that are independent of the shape of the
current-carrying surface were pioneered in 1992 for gradient
coils by Pissanetzky [15], where the current-carrying surface
was discretized into a set of triangular boundary elements, each
containing a uniform current density. More recently, Peeren pro-
vided a detailed mathematical description of the this approach
and extended it to more general electromagnetic problems
[16]. In this study an alternative approach was used which takes
advantage of the equivalency between a magnetized volume and
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a surface current density [17], that we have termed the Equiva-
lent Magnetization Current (EMC) method [18]. The previously
reported EMC method modelled the surface as piecewise-con-
stant [18], whereas the modified method in the current paper
uses a piecewise-linear magnetisation that more accurately mod-
els the surface current density. Before designing the asymmetric
breast gradient coil we checked the outcomes from the EMC
method by designing a set of whole-body gradients coils with
the same geometry as that described by Shvartsman et al. [19]
and comparing the results. Bi-planar gradient coils for open
MRI systems were also designed by considering a non-ferromag-
netic conducting surface to control the influence of the eddy cur-
rents in the ROI. These design examples serve to illustrate the
robustness and versatility of the EMC method when designing
highly constrained gradient coils.

2. Materials and methods

This section begins by describing the theory of the EMC method
and how it differs from standard inverse boundary element meth-
ods (IBEM) that are based on current density. Details of the three
coil design problems are then presented.

2.1. The equivalent magnetization current

The EMC model considers an isotropic, rigid, non-hysteretic,
arbitrary volume, V, of thickness h, bounded by the surface S
(S2R3) that possesses a magnetization, M(r’), normal to S. A vol-
ume of ‘‘well-behaved” magnetization M(r’) can be considered as
equivalent to a uniform current density on its surface [17]. If h is
small and M(r’) is piecewise-linear throughout the thin volume,
V, it can be shown that (see Eqs. (1)–(9)) in [18]

Mðr0Þh ¼ wðr0Þ � n̂ðr0Þ; r0 2 S ð1Þ

where w(r0) is the scalar piecewise-linear stream-function of the
current density flowing on S and n̂ðr0Þ is the normal vector to S at
r0. It should be noted that an equivalent analogy can be made in
which the magnetization is a unit vector normal to the surface
and the thickness varies with position, h(r0). The arbitrarily shaped
surface was discretized into NE triangular elements with N nodes.
w(r0), can be expressed as a sum of unknown nodal stream-function
values, sn, and basis-functions, wn(r0); wðr0Þ ¼

PN
n¼1snŵnðr0Þ [18],

which wn(r0) is linear in each triangle and therefore can be ex-
pressed as:

ŵn r0ð Þ ¼ ð1�ðr
0 �rniÞ �dni

jdnij2
Þûðr0Þ; i¼1; . . . ;0; ûðr0Þ ¼

1; r0 2Dni

0; r0 RDni

�

ð2Þ

where dni is the perpendicular distance vector from rn to the far
side of each triangle, Dni, associated with the nth node (see
Fig. 1) and O is the number of triangles associated with the
node i. Eq. (2) ensures that wn(r0) in each triangle associated
with node n has a value of one at the node n and falls linearly
to zero at the edge opposite to the node n. In the rest the con-
ducting surface ðr0 R DniÞw(r0) is zero. The difference between the
new formulation presented in Eq. (2) and the basis function gi-
ven in [18] is the intrinsic linear spatial behavior of the function
w(r0) and mathematically can be shown that after applying a
curl operation can be obtained the basis functions presented
by Pissanetzky [15] and Lemdiasov [20]. The w(r0) function de-
scribed in [18] assumes the value of one at the node n and zero
in the rest of the triangles. This approach speeds up the calcula-
tion time however smooth wire patterns might only be gener-
ated by linear interpolation after calculation of the stream
function values.
2.2. Magnetic field calculation

The flux density of magnetic field, B, produced by a magnetized
thin volume is deduced by applying the curl operator to the mag-
netic vector potential, A, (Eq. (5.103), p. 197 in [17]) generated by
the discontinuous finite volume, V, of magnetic dipoles;

B ¼ � l0

4p
rr

Z
V

Mðr0Þh � rr0
1
R

� �
dX0 ð3Þ

where R = |r � r0| is the distance between r0, a point in the magne-
tized triangle, and r, a point in the region of uniformity (ROU) where
the magnetic flux density is required to exhibit a specific form and
l0 is the permeability of free space. If we consider the piecewise-
linear magnetization of V and substitute the product wðr0Þ � n̂ðr0Þ
for the magnetization-thickness function, M(r0)h, Eq. (3) can be
transformed to an integration over the surface area, A0, and a sum-
mation over triangles and nodes of the surface. The magnetic flux
density can be written as:

BðrÞ ¼ � l0

4p
XN

n¼1

sn

XO

i¼1

rr

Z
Ani

n̂niðr0Þ � ŵnðr0Þ � rr0
1
R

� �
dAni ð4Þ

where O is the number of triangles associated with the node n and
Ani is the area of the ith triangle belonging to node n, and the sub-
script ni indicates the ith triangle associated with the node n.

In MRI experiments we are usually only interested in the axial
component of the magnetic flux density Bzðx; y; zÞ due to the pres-
ence of an intense background field, B ¼ B0ẑ. Using Eq. (4), and
after some algebra, we can write:

Bzðx; y; zÞ ¼
XN

n¼1

sncn ð5aÞ

where

cn ¼ �
l0

4p
XO

i¼1

Z
Ani

�3ðz�z0 Þðx�x0Þnx;ni�3ðz�z0Þðy�y0 Þny;ni

R5 þ � � �
ððx�x0Þ2þðy�y0 Þ2�2ðz�z0 Þ2Þnz;ni

R5

2
4

3
5ŵnðr0ÞdAni

ð5bÞ
2.3. The equivalent power, stored magnetic energy, force and torque

If a linear variation of the magnetization-thickness stream-
function is assumed in the triangle then the magnetization effect
can be represented by an equivalent surface current density, J,
flowing in the surface of the triangle that belongs to the node n.
The same solenoidal function used in [20] to represent J can be
used to calculate the equivalent power deduced in [6], stored mag-
netic energy, force and torque. Alternatively, the magnetic energy
between two dipoles calculated as the work done in moving one
of the dipoles from an infinite distance away to its present position
can be used. The stored magnetic energy between two surface
nodes, m and n, can thus be calculated by integrating over all di-
poles that constitute each triangle i belonging to m and each trian-
gle j belonging to the node n. The magnetic energy is expressed as:

W ¼
XN

n¼1

XN

m¼1

snsmLmn ð6aÞ

where

Lmn ¼
l0

4p
X
i¼1

X
j¼1

Z
Ami

Z
Anj

n̂mi � n̂nj

R3

� 3bn̂mi � ðrmi � rnjÞcbn̂nj � ðrmi � rnjÞc
R5 ŵnðr0Þŵmðr0ÞdAmidAnj

ð6bÞ



Fig. 1. Coordinates system used in this work. The source vector r0 point at the magnetized element associated with the current node n. In light colour (green) has been
highlighted the ‘‘building block” formed for O triangles associated with the node n; i = 1. . .O. The vector n̂ni

is the normal of the triangle i associated with the current node n.
The vector d is the distance from node n to a point located in the vector e. (For interpretation of the references to color in this figure legend, the reader is referred to the web
version of this paper.)
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and the vectors rmi and rnj are the vector positions in the triangles i
and j.

2.4. Eddy current calculations

From Faraday’s induction law, any change in magnetic field in
time will induce current flow in a conducting domain [17], called
eddy currents. These eddy currents are unwanted as they generate
spurious and transient magnetic fields in the ROU. Active magnetic
screening [21] can be designed by setting the magnetic flux density
generated by the eddy currents in the ROU to zero. The stream-
function values of the induced eddy currents, sn

ind, can be explicitly
calculated in terms of sn by assuming that no resistive dissipations,
no displacement currents occur and that the current in the main
gradient is switched instantaneously, as presented by Peeren [16];

sind
n ¼ �M�1

C�CMC�Ssn ð7Þ

where MC–C is the self inductance matrix of the conducting surface
C, MC–S is the matrix describing the mutual inductive coupling be-
tween the gradient coil and conducting surfaces. The axial magnetic
flux density arising from these eddy currents, Bz

ind(r), can be also
calculated using Eq. (5).The shielding effectiveness was calculated
as the relative residual linear gradient GE/GP [22]. In this paper,
we assumed that GE is the mean residual first-order gradient in
the ROU produced by the instantaneously induced eddy current
and GP is the gradient produced by the coil at the peak current.
We used the ratio GE/GP in order to compare the shielding perfor-
mance of two biplanar gradient coils.

2.5. The optimization problem

Bz(r) and Bz
ind(r) are both linear with respect to sn, as are the

torque and force generated by the coil in the intense, uniform
background magnetic field, B0ẑ. The stored magnetic energy is qua-
dratic with respect to sn and was calculated using (6). The optimi-
zation problem is therefore stated as a quadratic programming
(QP) problem in the present work:
min
XN

n¼1

XN

m¼1

snsmLmn

subject to
XN

n¼1

sn
@cn;p

@x
6 G0ð1þ eÞ p ¼ 1; . . . ; P

�
XN

n¼1

sn
@cn;p

@x
6 �G0ð1� eÞ

XN

n¼1

sind
n cn;p 6 BShield

z

�
XN

n¼1

sind
n cn;p 6 BShield

z

XN

n¼1

snFx;y;z
n

�����
����� 6 F0;

XN

n¼1

snTx;y;z
n

�����
����� 6 T0

ð8Þ

where G0(T/m) is the target gradient field strength specified at P tar-
get points in the ROU, Bz

Shield is the maximum permissible Bz
ind(r)

specified on the same P points. The quantity @cn;p

@x represents the gra-
dient of Bz(r) with respect to position x. It is a matrix containing the
contribution of each node, n, at each target point, p; if a transverse
gradient in the y-direction is desired then @cn;p

@y is used; for a longitu-
dinal gradient @cn;p

@z is employed. The parameter e is used to relax the
linearity of Bz(r) in the ROU. Torque and force are included as
inequality constraints. The parameters F0 and T0 are very small val-
ues to assure minimal force/torque when the coil is immerse in a
homogenous magnetic field B ¼ B0ẑ. The magnetic energy was min-
imised in the optimisation functional. It is known that both power
and stored energy minimisation often produce coils with similar
performance for the same ROU and coil size [6].

The function quadprog, provided in MATLAB’s� optimization
toolbox, was employed to solve the QP problem (8). The solutions,
sn, are the stream-function values corresponding to the gradient
coil with minimum inductance that satisfies the constraints placed
upon the torque and force and the inequality constraints of the lin-
earity of Bz(r) and maximum Bz

ind(r). Equally spaced contours of
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w(r0) were found to approximate the continuous current density by
an arrangement of discrete current-carrying wires [23–25]. A con-
touring algorithm for generating the current pattern for discretized
surface using triangular elements and uniform elemental current
densities can be found in [6].

Bz(r) was evaluated by applying the Biot–Savart law to the wire
segments extracted from the contour information and the coil’s
efficiency, g, was determined from Bz(r). The inductance and resis-
tance of each coil was evaluated and validated using the software
FastHenry [26]. FastHenry is a multipole-accelerated impedance
extraction program that accepts the wires positions and their
thicknesses and models the inductance and resistance of the coil.
Although FastHenry was used to validate our theoretical values
for the inductance and resistance, it is expected that differences
between these two theoretical methods and the measured imped-
ance of a real coil would be evident, as is often the case when pre-
dicting DC or low frequency impedances by simulation.

2.6. Gradient coil design problems

Before embarking on the breast gradient coil design, we aim to
validate the EMC method by designing a conventional whole-body
gradient set based on the dimensions specified in [19]; the two de-
signs were then compared to ensure the EMC method produced
comparable results. A simplified model of a biplanar gradient coil
was designed in order to demonstrate the robustness of the EMC
method when applied to highly constrained, complex geometries
and the effect of the eddy currents was controlled in the ROU.
The design of novel asymmetric gradient coils for breast imaging
was then performed. The triangular boundary element meshes
used to design all the coils were generated using GMSH [27]. GMSH
is an automatic 3D finite element grid generator with a built-in
CAD engine and post-processor. It provides a simple meshing tool
Fig. 2. Geometry of the (a) whole body and (b) biplanar gradient coil. Only half of the co
gradient coil (c). Target points are specified on the surface of two DSV (c) (red dots). Blue
the nodes at the coil boundaries. The mesh was generated using GMSH [27]. (For interpret
version of this paper.)
for academic problems with parametric input and advanced visual-
ization capabilities.

Fig. 2(a) shows half of the geometry of the triangular discretiza-
tion of the surface for the whole-body gradient coil where dimen-
sions are the same as those presented by Shvartsman et al. [19]. In
addition to that which is shown in Fig. 2, a 1.6-m long cylindrical
surface with 0.475 m radius was assumed to be the eddy current
surface in the whole-body gradient coil (a) and in the breast gradi-
ent coil (c).

Continuous current density and discrete wire coil design meth-
ods have previously been used for circular and rectangular biplanar
gradient coils for open magnets [28–30]. However, when applying
these methods to shielded coils in a very limited space, e.g. 42 cm
and 50 cm primary and secondary coil radii, large numbers of turns
are generally observed at their periphery. In the coils designed in
the present work, a conical surface, as presented by [18,31,32] for
open gradients and applied to cylindrical gradients by [33,34], is
provided that joins the primary and secondary coils, thereby allow-
ing the return paths for the wires of primary coil and the wires that
provide magnetic shielding to be one and the same. Fig. 2(b), shows
the surface geometry and ROU used in this example. The primary
and secondary coil radii were set to 42 cm and 50 cm and were lo-
cated at Z = ±23 cm and Z = ±29 cm, respectively. This design differs
from those presented in [18] in the way that the shielding condi-
tions are specified. In [18] a weak shielding condition was imposed
by a set of target points specified at a virtual conducting surface
while in the present work the magnetic field produced by the in-
duced eddy currents was controlled at the ROU. The same target
points used to specify the target field are employed to constrain
the eddy current induced magnetic field to below 1 lT. The pole
faces of a permanent magnet were included as the eddy current
conducting surfaces surrounding the biplanar coil. A non-ferromag-
netic and conducting pole face is assumed in order to simplify the
il structure and DSV target points (red dots) are shown. The structure of the breast
line represents the nodes located at the coil boundaries. Values might be assigned to
ation of the references to color in this figure legend, the reader is referred to the web



Fig. 3. Whole-body transverse gradient coil designed using the EMC method. A gap
of 1 mm between wires was assumed. The arrow in the coil pattern represents the
sense of the current. Contour line at the DSV represents the values of the axial
magnetic field component (units in Tesla) for an operating current of 405.95 (A).

Table 1
Characteristics of the whole-body x-gradient coils designed using EMC and z-
intercepts [19] methods.

Properties EMC (this work) z-Intercepts
[19]

Coil radius (P/S) (mm) 344/435 344/435
Number of turn per quadrant (P/S) 23/11 23/11
Total electric length (mm) 1074.4/1356 1074.4/1356
Conductor thickness (mm) (P/S) 4.9/1.8 4.9/1.8
Conductor constant width (mm) (P/S) 6.4/17.8 5.75/17.8
Gap between wires (mm) 1
Efficiency g (lT/m/A) 75.6 73.9
Coil inductance (lH) 662.6 (679.8)a 653.3
FoM, g2/L (T2 �m�2 � A�2 � H�1) 0.0861 � 10-4 0.0836 � 10-4

Coil resistance (mX) 138 (133.6)a 119
Nonuniformity (%) at z = 0.2 m, x = y = 0 �23.5 �24.6
Nonlinearity (%)at x = 0.25 m, y = z = 0 1.35 3.4
Slew rate (mT/m/ms) at G0 = 30 mT/m

and 1200 V
130.4
Current = 405.95 (A)

130.3

a Bracketed values of inductance and resistance were calculated using FastHenry
[26].
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design. Because of its irregular shape the pole face lies between
1 cm and 4 cm from the secondary coil surface. In this example
we have employed the same coil dimension used in [35].

Quadrupolar and fingerprint coils have previously been de-
signed as gradient coils for breast imaging [12–14]. Fig. 2(c) shows
the geometry of the current-carrying surface and ROUs for the
breast imaging gradient coils. We employed similar coil dimen-
sions used in [14], but we have extended the geometry along the
Fig. 4. Three-dimensional transverse biplanar (a) and longitudinal (c) gradient coil desig
(units in Tesla) with the coordinates for an operating current of 482 (A). The arrow in th
current induced by the transverse (b) and longitudinal (d) gradient coils. The colour sca
y-direction and designed an asymmetric current-carrying surface
to more closely encompass the breasts; two ROUs that mimic the
breast shape have been used. Each ROU has the same dimension
used in [12] but shifted along the y-direction. The coil surface is
discretized in 5440 triangles and 2800 nodes; 464 target points
were set on the surface of the two targets ROUs.

3. Results and discussions

For comparison, a FoM, given by g2/L, was used to characterise
coil performance [36]. Non-linearities and non-uniformities of the
magnetic flux density gradient were calculated using Eqs. (24–27)
ns. Contour line in the DSV indicates the magnetic field axial component variation
e coil pattern indicates the current sense (c). Stream function contours of the Eddy
le (colour version) in (b) and (d) are given in arbitrary units.
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in [37]. The maximal deviation from the target flux density in the
ROU was calculated using Eq. (6) in [6]. In Example 2, the shielding
effectiveness is measured as ratio GE/GP [22] for the instanta-
neously induced eddy currents.

3.1. Example 1: whole body symmetric transverse gradient coil

Approximately 62 min was taken by a Dual Core Pentium Lap-
top @ 2.00 GHz to perform the coil calculation. Fig. 3 shows the
wire pattern of the transverse whole body gradient coil design ob-
tained applying this work. Table 1, summarise the performance
characteristics of two coils designed using EMC and the z-inter-
cepts [19] methods. The coil designed with EMC exhibited similar
performance in comparison with the z-intercept coil; only a
slightly improvement was obtained in the magnetic field spatial
quality. The conductor constant width was 6.4 mm wider in the
EMC coil assuming 1 mm gap between conductors. The inductance
and the resistance values calculated using FastHenry [26] software
is shown in parenthesis. The values predicted with EMC method
were similar to the predicted by FastHenry [26] software.

In this case, the eddy current surface was 4 cm away in the ra-
dial direction from the outermost coil surface and if a shielding
condition were to have been specified by constraining the mag-
netic field to be zero at the eddy current surface, a solution with
highly oscillatory current pattern and low performance would
have been obtained.

3.2. Example 2: whole body biplanar gradient coils for open magnets

Fig. 4(a and c) shows the transverse and longitudinal gradient
coil patterns obtained with the EMC method. Smooth coil patterns
were obtained despite the relative closeness of the outermost sur-
face to the conducting eddy current domain. Fig. 4(b and d) shows
the simulated instantaneous eddy currents induced on the pole
faces. Table 2, summarises the characteristics of the actively
shielded gradient coils designed using the present approach. The
second column shows the properties of a partially shielded bipla-
nar coil obtained using the approach presented in [18]. We realize
that both biplanar transverse gradient coils present similar FoM;
however the shielding efficiency was 3.42 times larger than the
ones produced by the partially shielded design [18]. This result
was due to the extra degree of freedom introduced by the control
Table 2
Characteristics of the biplanar x- and z-gradient coil designs.

Properties Transverse (this
work)

Transverse
[18]

Longitudinal (this
work)

Coil radius (P/S) (mm) 420/500 420/500 420/500
Number of turns per half 36 32 20
Coil half separation (P/S)

(mm)
230/290 230/290 230/290

Conductor thickness
(mm)

3 3 3

Conductor constant
width (mm)

3 3 3

Gap between wires (mm) 1
Efficiency g (lT/m/A) 56.1 62.22 52.1
Coil inductance (lH) 230.5 (239.3)a 299.31

(307.24)a
71.22 (75.4)a

FoM, g2/L
(T2�m�2�A�2�H�1)

0.136 � 10�4 0.129 � 10�4 0.38 � 10�4

Coil resistance (mX) 223 (220)a (220)a 102.1 (98.9)a

Max. field error, DBmax
z

(%)
3.5 5 5

GE/GP (%) 4.44 15.17 0.21

a Bracketed values of inductance and resistance were calculated using FastHenry
[26].

Fig. 5. (a)x- (b) z- (c) y-gradient coils for breast imaging. Contour line in the DSV
indicates the magnetic field axial component variation (units in Tesla) with the
coordinates for an operating current of 1 (A). The arrow in the coil pattern
represents the sense of the current.
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of the eddy current at the ROU instead of specifying stringent con-
straints on magnetic field values at the conducting surface. The
longitudinal gradient coil showed a superior FoM and shielding
performance than the transverse gradient coils.

These design examples illustrate the robustness and the versa-
tility of the EMC method to be applied to highly asymmetric gradi-
ent coil design.

3.3. Example 3: gradient coil designs for breast imaging

Fig. 5(a–c) shows the current pattern of the x-, y- and z-gradient
coils. Table 3, summarises the performance characteristics of the
three coils designed using this EMC. If we compare the FoM of
the coil Fig. 5(a) with the performance of the modified fingerprint
coil presented in [14] we realize that the modified coil [14] has 1.6
times greater FoM than the design presented in this work which is
due to the surface being smaller. However, the new proposed
structure (see Fig. 2(c)) would permit imaging of both breasts
simultaneously. If one large ROU is used instead of two smaller
ones, the coil FoM decreases by as much as 0.7 times, the resistance
increases dramatically and the gap between wires is reduced from
1 mm to 0.0001 mm producing a complex and impractical design.
In the three-gradient coils the factor GE/GP were smaller in compar-
ison with a typical shielded whole-body gradient coil (between 2.5
and 5 times smaller [34]). The coil current pattern shown in Figs.
5(a–c) produces almost zero torque where the larger torque is pro-
duced in the z-gradient coil along the y-direction and is a result of
the approximation of the continuous current density by discrete
wires, but is still very small. In the torque/force calculations we as-
sumed a homogenous magnetic field, for an accurate evaluation of
this parameter however the background spatial magnetic field val-
ues are required.

Comparing the FoM generated by the dedicated x-gradient coil
(Table 3) and the same value produced by the whole-body coil
showed in Table 1, the FoM produced by the dedicated coil ap-
pears, unsurprisingly, to be about 130 times larger than the same
value generated by the whole-body coil due to its greatly reduced
size. However, peripheral nerve stimulation (PNS) is known to be a
physiological barrier to increased gradient slew-rates. Comparing
the likelihood of PNS occurring with these coils is beyond the scope
of this work, but some idea about that likelihood may be extrapo-
lated from the peak magnetic field. The peak magnetic field pro-
duced by the whole-body gradient coil is approximately 13%
higher than the breast coil for a given slew-rate and gradient
strength, but the peak field would occur at different positions on
the subject and therefore it is impossible to conclude which coil
Table 3
Characteristics of the x-, y- and z-gradient coil designs from breast imaging.

Properties x-Gradient z-Gradient y-Gradient

Max. aperture in z,y (mm) 280, 500
Depth in x (mm) 260
DSV-x–y–z (mm) 140.5–120–120.8
Wire diameter (mm) 6.6 2.72 1.7
Gap between wires (mm) 1
Number of contour lines 22 22 22
Efficiency g (lT/m/A) 313.7 291.6 238.86
Coil Inductance (lH) 88.54 81.04 (82.8)a 63.1
FoM, g2/L (T2�m�2�A�2�H�1) 11.113 � 10�4 10.5 � 10�4 9.04 � 10�4

Coil Resistance (mX) 11.27 83.15 (83.2)a 190.8
Max. field error, DBmax

z ] (%) 4.13 4.44 4.46
Torque x,y,z (N�m/A�T) 0, 1.2 � 10�3,

0
0,11.2 � 10�3,
0

0.12 � 10�3, 2 � 10�3,
0

|B|max DSV (mT; Current = 1
A)

0.067 0.055 0.061

a Bracketed values of inductance and resistance were calculated using FastHenry
[26].
is most likely to induce PNS without subjective trials, but it is an
important issue that must be addressed before building coils
whose wires are so close to the body.
4. Conclusions

New gradient coils for breast imaging have been designed using
the EMC method. The novel geometry allows simultaneous imag-
ing of both breasts yet displays similar performance to other local
coils previously presented. This was largely due to the ability of the
symmetry-free coil design method to optimally tailor the shape of
the coil to match that of the imaging region. The uses of two ROU
instead one large ROU simplify the coil current pattern and hence
superior coil performance is obtained. These gradients may be use-
ful in the quest to detect and diagnose the small cancerous legions
indicative of early-stage breast cancer by enabling high spatio-
temporal imaging, for example.

Whole-body gradient coils were designed using the EMC meth-
od that exhibited similar performance to a reference coil of identi-
cal geometry [19] thereby indicating that practical designs can be
generated using the EMC method. In addition, biplanar gradient
coils for open system were designed to illustrate the robustness
of the EMC method when it is used to solve problems of highly re-
stricted geometry and magnetic field constraints. An advantage of
the EMC method is the ability to include eddy currents in the de-
sign process.
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