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ABSTRACT: A new approach to design uniplanar gradient coils for magnetic resonance
imaging (MRI) is presented. The theoretical formulation involves a constraint cost function
between the desired field in a particular region of interest in space and the current-carrying
coil plane based on Biot-Savart’s integral equation. An appropriate weight function in
conjunction with linear approximation functions allows the transformation of the problem
formulation into a linear matrix equation in which its iterative solution yields discrete
current elements in terms of magnitude and direction within the prescribed coil plane.
These current elements can be synthesized into an overall practical wire configuration by
suitably adding individual wire loops. Numerical predictions and practical testing for a Gy

gradient coil underscore the success of this approach in terms of achieving a highly linear
field while maintaining low parasitic fields. © 2004 Wiley Periodicals, Inc. Concepts Magn

Reson Part B (Magn Reson Engineering) 20B: 17–29, 2004

KEY WORDS: uniplanar gradient coils; magnetic resonance; constraint optimization; lo-
calized uniform field gradient

INTRODUCTION

Magnetic resonance imaging (MRI) has been used as
a powerful, noninvasive diagnostic tool in the ana-
tomical and functional study of biological soft tissue.
Its technology rests on the interaction of three differ-
ent magnet systems: the main high-field magnet ca-
pable of producing field strengths in the several tesla
range, the gradient coils needed to select a particular
region of interest, and the radio frequency (RF) coil or
resonator required to transmit and receive the MR
signal response. Recently, the main magnet system

has received considerable interest because of the de-
mand for increased flux densities beyond 2 T. Present
superconducting magnets have already reached 7 T
for humans (1) and 11.7 T (2) for animal studies.
Similarly, RF coils have experienced major improve-
ments since the birdcage (3) design was introduced in
the mid-1980s. Current state-of-the-art technology in-
volves resonator structures introduced by Vaughan et
al. (4 ) and microstrip designs by Bogdanov and Lud-
wig (5 ) that have been applied for resonance fre-
quency up to 500 MHz, corresponding to proton im-
aging at 11.74 T (6 ).

Comparatively little research has gone into gradi-
ent coils, even though it is well documented that poor
field linearity or high parasitic fields can result in
serious image distortion (7 ). Moreover, gradient coils
with large inductances and/or resistances can nega-
tively impact switching performance when driven by
fast pulse sequences (8 ). For high-field animal re-
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search, particularly as applied to functional imaging,
the region of interest (ROI) typically is very narrowly
focused to cranial regions not larger than �3–4 cm3

in small rodents such as rats and mice. For these
applications large, encircling coil configurations are
inefficient when compared with open, planar or bipla-
nar configurations (9, 10). A number of theoretical
design approaches have been devised that are based
on either analytical or numerical optimization proce-
dures. In particular, there are several analytical in-
verse formulations leading to (a) energy-minimal coil
designs (11, 12), (b) inductance-minimal coil designs
(13), and (c) designs that lead to best approximations
of the desired field (14). In addition, hybrid designs
have been proposed that combine these approaches by
introducing each function to be minimized with its
own weight (15). These variational approaches, based
on Biot-Savart’s integral formulations or classical se-
ries expansions, are computationally efficient to im-
plement and generally yield acceptable results. Alter-
natively, numerical methods are more flexible in
solving the forward problem, i.e., computing the field
distribution because of a known current flow pattern.
This is particularly true if complicated boundary con-
ditions, heterogeneous media, and transient current
excitations are affected (16). However, when combin-
ing the numerical modeling strategy with optimization
techniques like complex method, steepest descent,
and conjugate gradient, these methods often become
prohibitively intensive.

In this article, a new method of solving for the
current-carrying wire configuration of a uniplanar sur-
face gradient coil is presented. The approach relies on
formulating a constraint optimization procedure that
establishes the planar current density for a desired
field distribution in space. Although the current is

found for discrete wire segments in terms of magni-
tude and direction, the actual coil realization is easy
and straightforward to implement. It will be shown
that this coil yields a better performance compared
with the one described in the literature (17, 18).

DESIGN GOAL AND QUALITY
ACCESSMENT

It is a well-established fact that linear and concomi-
tantly strong magnetic gradient fields enable the high-
resolution imaging of biological tissue. The goal of
this research is to design an effective surface gradient
coil (Fig. 1) in a predescribed, spatially very restric-
tive plane. Effectiveness in this context is understood
as the ability to provide a high gradient magnetic
field, while minimizing the parasitic gradient contri-
butions within the region of interest (ROI).

For the subsequent theoretical and practical coil
considerations, we need to define certain criteria that
greatly facilitate the comparison of the various coil
designs. In particular, three criteria are needed:

● Gradient strength. Obviously, the image resolu-
tion improves if the gradient coil is able to
produce a higher field magnitude for the same
amount of input current.

● Field uniformity. Distortions in the image are
minimized if the magnetic field is highly linear
in the ROI. As discussed later in this work, we
can estimate the field uniformity visually from
the magnetic field plots and from the image of
the distorted phantom.

● Parasitic gradient field distribution. To assess
the overall quality of the gradients (e.g., the Gy

coil), a so-called coil quality factor Q can be
defined as

Q � min
ROI

� �Gy�
�Gx

2 � Gy
2 � Gz

2�

Figure 1 Conceptual arrangement of three monoplanar
surface gradient coils situated below the ROI.

Figure 2 Gy gradient coil design as originally proposed
by Cho and Yi (17 ).
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The coil that maximizes Q is preferred in the
sense that it yields the lowest parasitic gradients.

PRIOR ART

One of the key monoplanar surface gradient coil de-
signs was reported by Cho and Yi (17). In their study,
they described a three-channel set consisting of the
X-, Y-, and Z-gradient coils as schematically depicted
in Fig. 2 for the Gy surface coil. In Fig. 3, we have
computed the z-component of the magnetic flux den-
sity based on Biot-Savart’s law and for a normalized
input current of i � 1A. We observe that the magnetic

field exhibits parasitic gradients in x- and z-directions.
This is seen more clearly in Fig. 4, where we again
show the transversal and longitudinal slices taken
through the center of the ROI.

Because nonlinear field distributions result in im-
age distortions, it is important to visualize the exact
extent of the magnetic field behavior. As we observe
from Fig. 4, points having the same magnetic field
value are located on slightly curved contour lines
(magnitude level of the magnetic field). The underly-
ing MRI Fourier space reconstruction approach treats
points that have the same field level as belonging to
the same y-coordinate. In fact, those points of con-
stant magnetic field values in Fig. 4 would become

Figure 3 Magnetic flux density Bz in units of tesla for both the transversal and the longitudinal
direction throughout the ROI. The ROI is located 4 cm above the coil plane and ranges from 4 to
8 cm in y-directions and from �2.5 to �2.5 cm in z- and x-directions, respectively.

Figure 4 Contours of magnetic flux density in units of tesla in transversal and longitudinal
cross-sections through the ROI. The spatial dimensions in x-, y-, and z-directions are given in
meters.
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straight, equidistant lines after Fourier space recon-
struction. To assess the degree of distortion, it is
advantageous to plot the y-coordinate values within
the ROI in a new ( z, x, and Bz) coordinate represen-
tation. In other words, we consider y as a function of
x and Bz. Thus, we can associate values of Bz with a
new coordinate y* (the y-coordinate after Fourier
space reconstruction) such that

y* � 0.04 �
0.08 � 0.04

Bz� y � 0.08� � Bz� y � 0.04�

� �Bz � Bz� y � 0.04�� �m�

where y* depends linearly on Bz. Indeed, we can now
plot y in a ( z, x, and y*) coordinate representation.
Contours of constant y reveal the extent of how
straight lines in the ROI are distorted after Fourier
space reconstruction for a particular Gy coil design.

As an example, the Gy coil designed by Cho (17)
yields a simulated reconstruction image as shown in
Fig. 5. As clearly seen in this figure, the space within
the ROI closest to the coil appears to be significantly
expanded and curved.

In addition, as a single figure of merit, we also can
use the coil quality factor Q to assess the overall Gy

performance. Applying Q for the coil designed by
Cho (17), we obtain Q � 0.867. This coil was built
by us for baseline purposes using a plastic former (of
thickness 12 mm) and wiring of the American Wire
Gauge (AWG) 20 copper wires. The wire pattern was
wound around a suitably arranged template of metal
pegs mounted on a wooden plate, before being trans-
ferred into a plastic former with milled groove. The
wire pattern is spatially constrained within the
grooves by using an epoxy resin. A photograph of the
finished Gy coil is seen in Fig. 6.

This coil has an inductance and resistance of Ls �
0.315 mH and Rs � 1.39 	, respectively. The actual
coil was bench tested using a specially designed non-

Figure 5 Simulations of the reconstructed image produces
by the Gy gradient coil designed by Cho and Yi (17 ) with
levels of y in terms of ( z, x, y*) coordinates. Here, y* (or
YSTAR) is the predicted y-coordinate after Fourier space
reconstruction. All spatial dimensions are recorded in
meters.

Figure 6 Fabrication of prior art Gy gradient coil (17 ).
The particular wire arrangement forms the baseline for
subsequent comparisons against our new improved coil
designs.

Figure 7 (a) Gy coil (17 ) in a Plexiglas restrainer; (b)
experimental setup for bench testing.

Figure 8 Measured transversal magnetic field Bz in gauss
recorded for the Gy gradient coil as proposed in Ref. (17 )
and based on a drive current of 1 A. Spatial dimensions are
recorded in centimeters.
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magnetic plastic holder, as depicted in Fig. 7(a).
Based on an applied direct current (DC) of 1 A, the
magnetic field in the ROI was measured with a Hall
sensor attached to a Gaussmeter [Fig. 7(b)]. The mea-
sured magnetic field of the coil in a transversal (or
X–Y) plane was measured and plotted in Fig. 8.

The foregoing Gy coil arrangement was tested in a
GE CSI-II 2.0 T 45-cm imaging spectrometer (Gen-
eral Electric, Schenectady, NY) operated at 85.56
MHz and residing within a commercial self-shielded
gradient set. The constructed Gy coil was placed in the
5-mm-thick Plexiglas plastic tube (Plastics Unlimited,
Worcester, MA) and fastened with plastic screws as
shown in Fig. 9.

In addition to the Gy surface coil, a custom-built
12-element low-pass RF birdcage coil of 10 cm in
diameter was fastened on the coil plane. Inside the RF
coil a Plexiglas phantom 5.0 cm wide (transverse
direction), 5.0 cm long (longitudinal direction), and
3.9 cm high was positioned as seen in Fig. 10. The
phantom has six water-filled compartments, each 3
mm thick, and the compartments are separated by
3-mm-thick Plexiglas layers. Epoxy resin was used to
provide reliable adhesion of the phantom layers.

After inserting the coil within the main magnet,
which was equipped with a standard three-channel GE
gradient set, the following steps were performed:

1. The gradient amplifier cable link leading to the
GE Gy channel was disconnected and attached
to the new Gy surface gradient coil.

2. The resistance (R � 33.4 k	) and capacitance
(C � 3.17 nF) values within the feedback
control loop at the output stage of the Gy gra-
dient amplifier were adjusted so as to compen-
sate for the induced eddy current influence. The
numerical values were selected such that an
applied rectangular pulse sent to the Gy surface

coil was reproduced with minimal under- and
overswings, as observed through an attached
oscilloscope.

3. A spin-echo pulse sequence was selected with
repitition time/echo time (TR/TE) � 2,000/20
ms. Here, the y-direction was used for fre-
quency encoding. For transversal imaging, we

Figure 9 Original Gy coil (17 ): (a) on the bench, placed in
a Plexiglas cylindrical tube 15 cm in diameter and (b)
located inside the MR system.

Figure 10 Picture and photographs of the phantom: (a)
phantom schematics, (b and c) different views of phantom.
Each water compartment is 3 mm thick.
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used the z-axis for slice selection and the x-axis
for phase encoding. For longitudinal slices, the
selection was changed as follows: the x-axis for
slice selection and the z-axis for phase encod-
ing.

Figure 11 depicts the images obtained from the phan-
tom in the transversal and longitudinal plane. Image
distortions are clearly observable, both in terms of
undesirable curvature and nonuniform thickness lay-
ers. These results form the basis of improving the
surface gradient coil designs. Specifically, by modi-
fying the current flow patterns, it is hoped to maxi-
mize the magnetic field linearity.

THEORETICAL LEAST SQUARES
FORMULATION

To significantly improve the existing surface gradient
coil design, we devised a mathematical formulation
that determines the optimal current distribution in a
given coil plane based on a prescribed field linearity
within a given ROI. The subsequent sections outline

the necessary theoretical steps needed to arrive at an
optimal current distribution.

We consider an excitation current density j( z, x)
residing in the z-x–plane. Dictated by the bore size of
the MR scanner, the uniplanar coil region is restricted
to the following spatial dimensions:

� zmin, zmax, xmin, xmax�

� ��0.1, 0.1, �0.05, and 0.05 m�.

Next, we consider a cubical ROI with the following
spatial dimensions:

� zmin, zmax, xmin, xmax, ymin, ymax�

� ��0.025, 0.025, �0.025, 0.025, 0.04 and 0.08 m�,

which is sufficient in size to conduct cranial imaging
of small animals such as rats and mice.

Now, our goal is to find the current density j( z, x)
that yields a desired magnetic field distribution
Bz,des( zo, xo, yo) inside the previously predefined
ROI as depicted in Fig. 1. The starting point is the
Biot-Savart integral law in the form

B�ro� �



4� � j� � r
r 3 dS�, [1]

where r � �ro � rs�. Vector ro points to the coordi-
nates of the observation point, residing inside the
ROI, and rs refers to the coordinates of the unknown
excitation source. Because we are interested in the
z-component of the B field, we consider only the
x-component of the surface current density j( z, x).
Thus, Eq. [1] is rewritten as

Bz�ro� �



4� � x̂ � r
r 3 jx�z, x�dS�

Figure 11 Resulting images obtained from a Plexiglas
phantom with Cho’s Gy surface coil (17 ). The coil plane
resides 4.3 cm below the first water contour.

Figure 12 Set of basis function chosen for the proposed
least squares method.

Figure 13 New 5 
 4 y-gradient coil design.
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�



4� � yo

�ro � rs�3
jx�z, x�dSs, [2]

where x̂ is a unit vector in x-direction. Explicitly, the
flux density takes on the form

Bz� zo, xo, yo�

�



4� �
xmin

xmax

�
zmin

zmax

yo

�yo
2 � �xo � x�2 � �zo � z�2�3/ 2 jx�z, x�dzdx.

[3]

Because the sum of the inflowing coil current has to
equal the sum of the exiting current, a constraint
condition has to be imposed on jx( z, x), i.e.,

�
zmin

zmax

jx�z, x�dz � 0, [4]

for all values of x. Next, we approximate this x-di-
rected current density jx( z, x) by a set of basis func-
tions fn( z, x), n � 1, . . . , N such that

jx� z, x� � �
n

N

In fn� z, x�. [5]

Inserting Eq. [5] into Eq. [3] yields

Bz� zo, xo, yo�

�



4� �
n

N

In �
xmin

xmax

�
zmin

zmax

yo fn�z, x�

�yo
2 � �xo � x�2 � �zo � z�2�3/ 2 dzdx.

[6]

Written in more compact notation, we write

Bz� zo, xo, yo� � �
n

N

InKn� zo, xo, yo�, [7]

where Kn is identified as

Figure 14 Magnetic field in teslas for the 5 
 4 y-gradient coil. All spatial dimensions are in
meters.

Figure 15 Simulations of the reconstructed image pro-
duces by the 5 
 4 y-gradient coil. All spatial dimensions
are given in meters. Figure 16 The 6 
 4 y-gradient coil.

UNIPLANAR GRADIENT FIELD COIL FOR MRI 23



Kn� zo, xo, yo�

�



4� �
xmin

xmax

�
zmin

zmax

yo fn�z, x�

�yo
2 � �xo � x�2 � �zo � z�2�3/ 2 dzdx.

[8]

As a next step, a functional � is established that
relates the computed field Bz to the desired field
Bz,des. In particular,

� �
1

2 ���
ROI

W�zo, xo, yo� � �Bz�zo, xo, yo�

� Bz,des�zo, xo, yo��
2dzodxodyo

� �
xmin

xmax

��x� �
zmin

zmax

jx�z, x�dzdx. [9]

Here, W( zo, xo, yo) is an arbitrarily chosen weight
function. As discussed in the following paragraphs, by
appropriately selecting this function, we can affect
field linearity and homogeneity.

Our goal is to find Bz( zo, xo, yo), which minimizes
the functional �. This is accomplished by setting the
derivative of the functional to zero with respect to the
unknown currents, i.e.,

0 �
��

�In�
� ���

ROI

W�zo, xo, yo� � ��
n

InKn�zo, xo, yo�

� Bz,des�zo, xo, yo��Kn��zo, xo, yo�dzodxodyo

� �
xmin

xmax

��x� �
zmin

zmax

fn��z, x�dzdx, [10]

for n� � 1, . . . , N and 0 � ��/��. The result can be
cast as

0 � �
n

N

In �
zmin

zmax

fn�z, x�dz � x. [11]

From here, we obtain

Table 1 Gradient Strengths and Quality Factors of
Three Monoplanar Gy Surface Gradient Coils

Design

Gy [G/cm/100 A]
(recorded at height

y � 6 cm) Q

Cho et al. [17]
(maximum, 24 wires) 15.50 0.867

5 
 4 y-gradient coil 8.14 0.908
6 
 4 y-gradient coil 8.26 0.915

Figure 17 Magnetic field in teslas of the 6 
 4 y-gradient coil. All spatial dimensions are in
meters.

Figure 18 Simulations of the expected image reconstruc-
tion produced by the 6 
 4 y-gradient coil shown in Fig. 17.
All spatial dimensions are in meters.

24 LEMDIASOV ET AL.



�
n

In ���
ROI

W�zo, xo, yo�Kn�zo, xo, yo�

� Kn��zo, xo, yo�dzodxodyo � ���
ROI

� W�zo, xo, yo�Kn��zo, xo, yo�Bz,des�zo, xo, yo�dzodxodyo.

[12]

As discussed further in detail, the left and right side of
Eq. [10] can be cast as a system of linear equations in
compact notation

AX � b. [13]

Solving this system yields the vector X that contains
the discrete current elements In, n � 1, . . . , N, and
�.

We now consider a special choice of basis func-
tions; specifically, functions fmn are zero everywhere
except that they behave like a �-function, �( z � zm)
over the interval ( zm, xn

�) � ( zm, xn
�) (Fig. 12).

In this case, the function takes on the form

� �
1

2 ���
ROI

W�zo, xo, yo� � �Bz�zo, xo, yo�

� Bz,des�zo, xo, yo��
2dzodxodyo

� �
n

N

��x�n���
m

Imn�. [14]

The last term follows from the limitation that is im-
posed on surface current.

Kmn� zo, xo, yo�

�



4� �
xn

�

xn
�

yo

� yo
2 � � xo � x�2 � � zo � zm�2�3/ 2 dx. [15]

The resulting system of equations (Eq. [13]) has the
following coefficients for matrix A and column vector
b:

AM�n��1��m�,M�n�1��m � �
mn
���

ROI

W�zo, xo, yo�

Kmn�zo, xo, yo�Km�n��zo, xo, yo�dzodxodyo, for

m, m� � 1, . . . , M and n, n� � 1, . . . , N. [16]

AM�n��1��m�,MN�n� � 1, for

m� � 1, . . . , M and n� � 1, . . . , N.

AMN�n�,i � 1, for i � 1 � M�n� � 1�, . . . , Mn�

and n� � 1, . . . , N.

bM�n��1��m� � ���
ROI

W�zo, xo, yo�

Km�n��zo, xo, yo�Bz,des�zo, xo, yo�dzodxodyo, for

m� � 1, . . . , M and n� � 1, . . . , N. [17]

Furthermore, vector X is comprised of the elements

XM�n��1��m� � Im�n�, m� � 1, . . . , M,

n� � 1, . . . , N [18]

XMN�n� � �x�n�, n� � 1, . . . , N. [19]

Solving Eq. [13] either directly (via Gauss elimina-
tion) or iteratively (via conjugate gradient method) for
the unknown currents Imn yields the discrete current
elements (magnitude and direction). After scaling
these currents into integer values, we obtain the di-
rection and discrete strength of each segment that
should be placed into the grooves of the planar
former. Typically, the discrete numbers should not

Figure 19 A y-gradient coil prototype.
Figure 20 Six-loop coil y-gradient coil.
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exceed 24–25 in order to maintain appropriate com-
pactness.

DEVELOPMENT OF THE Y-GRADIENT
COILS USING THE LEAST
SQUARES METHOD

In the following, the previously outlined mathemati-
cal design methodology is used to construct two novel
surface gradient coil wire patterns with superior field
strength and field uniformity. Although the approach
is done for the construction of the Gy coil, a com-
pletely analogous approach is anticipated for the Gx

and Gz surface coils.

Gy Gradient Coil with m � 5 and n � 4
(Labeled as 5 � 4 y-Gradient Coil)

The wire arrangement is depicted in Fig. 13. After
solving Eq. [13] for the unknown currents, we arrive
at the discrete current distributions within the generic
layout pattern depicted in Fig. 12. The actual layout is
displayed in Fig. 13. In this figure, the integers denote
the number of wire segments carrying current in the
indicated directions. The field produced by this coil is
represented in Fig. 14. Theoretically, predicted image

distortions of the phantom placed with the coil’s ROI
are based on our earlier discussion (Fig. 5) and are
shown in Fig. 15. We notice a compression of the
upper layers (due to nonlinear flux distribution) and
curvature (due to parasitic field distribution). In terms
of the coil’s figure of merit we obtain Q � 0.908,
which represents a significant improvement over Q �
0.867, the baseline coil developed in Ref. (17).

Gy Gradient Coil with m � 6 and n � 4
(Labeled as 6 � 4 y-Gradient Coil)

As a second example, a configuration with m � 6,
n � 4 is considered. Using the least squares method
we obtain the wire distribution shown in Fig. 16. The
corresponding field produced by this coil is repre-
sented in Fig. 17. Figure 18 provides the numerical
predictions of the anticipated transversal and longitu-
dinal (sagittal) distortions when a phantom is placed
within the ROI.

Next, we will compare the strength of the surface
gradient coils in the center of the ROI, as well as their
respective quality factor for all three coils described
previously. Table 1 reports the maximum field
strength in the center of the ROI and the Q factor as
defined previously. From Table 1, we notice that the
5 
 4 and 6 
 4 coils clearly yield better magnetic
field uniformities. Consequently, the obtained images

Figure 21 Magnetic field in teslas for the six-loop y-gradient coil. All spatial dimensions are
recorded in meters.

Figure 22 Simulations of the reconstructed image pro-
duces by the six-loop y-gradient coil. All dimensions are
listed in meters. Figure 23 Six-loop y-gradient coil.
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of the phantom are significantly less distorted. How-
ever, the gradient strengths produced by these coils
are weaker than the one reported in Ref. (17). It is
interesting to point out that these coil designs feature
current elements that generally are farther away from
the ROI. Consequently, the magnetic field can be
made more uniform at the expense of field strength.
However, the trade-off field strength vs field unifor-
mity can be mitigated somewhat.

ADDITIONAL PERFORMANCE
IMPROVEMENTS

There are certain design constraints that are difficult
to overcome by using the least squares method. For
instance, increasing the numbers m and n produce
higher field uniformities at the expense of lowering
the gradient strengths. Moreover, practical coil fabri-
cation becomes increasingly difficult for coils with
high numbers of m and n. Consequently, it is desir-
able to develop an alternate more effective approach
for the surface coil design.

Toward this end, we can impose several practical
restrictions to avoid making the design excessively
cumbersome. Specific items include

1. The coil should be simple to build.
2. The number of wires in each groove should not

exceed a value of 24–25.
3. The current-carrying wires (grooves) should not

intersect.
4. The neighboring grooves should not be closer

than 1 cm from each other.
5. The sharp angles at the coil nodes should be

avoided.

Obviously, these conditions are difficult, if not
impossible, to implement in terms of a simple least
squares design method. However, the results obtained
by this method along with previous designs can pro-
vide us with a hint as to how to place the wires in
order to achieve a better gradient field. Our first goal
is to consider a template as shown in Fig. 19.

This design considers two loops, each carrying 24
wires. We immediately notice a significant amount of
unused space inside each loop. By placing additional
wire configurations inside these loops, we are able to
(i) improve the field strength and (ii) have more
freedom to improve the field quality factor (i.e., lower
the parasitic gradients). The nodal coordinates are
optimized by trial and error, resulting in a design
depicted in Fig. 20. We did not use any numerical
optimization technique because it would be impossi-
ble to comply with all the restrictions listed previ-
ously. The corresponding magnetic field simulations
produced by this Gy coil are depicted in Fig. 21.
Examining the predicted distortions for a phantom
placed within the ROI is shown in Fig. 22 for both the
transversal and the sagittal (longitudinal) directions.

This coil yields an acceptable quality factor of Q �
0.882. The coil is constructed on a plastic former,
seen in Fig. 23. Specifically, the Gy coil was wound
on a planar 11 
 22-cm Garolite (G-10) former with
machined grooves. To preshape the wire pattern,
enamel-coated copper wire of AWG-20 size was
wound on a template before placing the pattern into
the grooved former. An epoxy resin was used to fix
the wire pattern within the former. We measured an
inductance of Ls � 0.496 mH and a resistance of
Rs � 1.1 	, respectively.

This coil design was tested in a 4.7-T Bruker MR
scanner with a 45-cm bore, shown in Fig. 24, with the
resulting images from a phantom depicted in Fig. 25.
There is an important reason why the lower portion of
the longitudinal (sagittal) image in Fig. 25 appears dis-
torted: it is difficult to measure precisely the distance

Figure 24 Photographs of the new Gy coil placed in a
25-cm diameter Plexiglas tubular cylinder (left) and placed
inside the 4.7 T Bruker magnet with existing gradient set
(right).

Figure 25 Resulting image of the phantom with the coil
shown in Fig. 24.
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between the coil plane and the lower edge of the phan-
tom. The entire phantom in the experiment should have
been positioned slightly closer to the coil than it was
actually placed. The superior performance parameters of
the 6-loop y-gradient coil both in terms of Q and in field
strength are summarized in Table 2. Finally, Fig. 26
compares the various coil designs to the Cho design (17)
by displaying the strength of the magnetic field along the
vertical axis passing through the center of the ROI:

A set of preliminary experiments with a marmoset
brain was performed in an effort to assess the image
quality of a commercial encircling Gy coil (30.5-cm
inner diameter Magnex gradient set of 68 mT/m; 220-
s
rise time) vs our novel six-loop planar Gy coil. For the
direct comparison, the six-loop coil was used without
shim currents and only minimal preemphasis current to
obtain the same rise time. The applied drive current for
the six-loop coil was adjusted to a maximum of 20 A,
although currents of 100 A can be achieved. Basic
testing in the MR scanner confirmed the fact that shim-
ming of the six-loop coil is not needed.

The following MR parameters are used for the
image acquisition: spin-echo pulse sequence, TR/

TE � 500/30 ms, field of view � 60 mm, 256 
 256
matrix size, and slice thickness � 1.0 mm. Figure 27
shows the transversal view of the cranial area. The
slight asymmetry in the image observed with the
six-loop coil is most likely because of the fact that the
distance from coil plane to center of the ROI was
larger than the targeted 6 cm.

CONCLUSIONS

This study proposed a new, systematic approach of
designing monoplanar surface gradient coils by a

Table 2 Gradient Strength and Quality Factor of
Six-Loop Gy Surface Gradient Coil

Design

Gy [G/cm/100 A]
(recorded at height

y � 6 cm) Q

Six-loop y-gradient coil
(maximum 24 wires) 20.80 0.880

Figure 26 Bz component of the magnetic flux density in
tesla’s along the vertical line ( x � 0 and z � 0) passing
through the ROI: Cho’s design (17 ), 5 
 4 design, 6 
 4
design, and six-loop design. Spatial dimension is recorded
in meters.

Figure 27 Resulting image of a marmoset brain acquired
by a commercial gradient coil (top) and new Gy coil (bot-
tom) depicted in Fig. 23. The surface coils were operated as
phase-encoding gradients.
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modified least squares solution of Biot-Savart’s inte-
gral equation. The desired field distribution yields
segmented current elements in terms of magnitude
and direction. The elements can be arranged into
individual loops and, subsequently, can be combined
to create novel surface wire patterns.

Following our theoretical model predictions, a Gy

gradient coil was constructed and the resulting field
distributions were confirmed with a magnetic field
sensor (Hall element). These measurements clearly
show that not only can a strong gradient be generated,
but the gradient field achieves a remarkable unifor-
mity throughout the ROI.

Based on preliminary experiments we can con-
clude that the six-loop Gy surface gradient coil ap-
proach offers a simple and inexpensive construction
that can be integrated easily into existing commercial
MR scanners without major modifications. The attain-
able field strength and linearity show promise in pro-
viding high-resolution images from a localized ROI.
The results of this research effort are encouraging in
terms of designing and constructing the remaining Gx

and Gz surface coils in a similar manner.
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