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ABSTRACT

Nuclear magnetic resonance microscopy using strong magnetic field gradients and constant
time imaging is suggested as a mean to minimize the signal attenuation due to molecular
diffusion in the presence of magnetic field gradient. It is shown that the diffusive signal
attenuation, which is the most important limiting factor to achieving resolution higher than
10 gm, can be significantly reduced by using strong gradients. In conventional NMR
imaging techniques, however, the use of strong gradient increases the receiver bandwidth
and increases the thermal noise. Constant time imaging which uses phase encoding in all
directions, does not suffer this problem. The sensitivity of constant time imaging is
analyzed and compared with spin echo imaging. The results show that constant time
imaging provides better sensitivity than spin echo imaging especially when the diffusion
effects are large.

To implement the method, a nuclear magnetic resonance microscopy probe for
standard bore 400 MHz NMR spectrometer was developed and equipped with a strong
gradient set (at 30 A Gz = 1000 G/cm, Gy = 1000 G/cm, and Gx = 250 G/cm) and an
efficient radiofrequency receiver. A series of images of doped water phantoms were
acquired with the probe and these verify the theoretical predictions. Some biomedical
samples such as rat arteries and Drosophila melanogaster were explored and the results
show the substantial potential of NMR microscopy as a powerful tool in biomedical
research.

Thesis advisor: Dr. David G. Cory
Title: Assistant Professor of Nuclear Engineering



Acknowledgments

I would like to sincerely thank Professor David G. Cory for his valuable guidance

throughout this research. My sincere thanks are due to Dr. Werner Maas who has been a

friend as well as a thesis reader, due to Dr. Samuel Gravina who helped so much in

performing experiment during the initial stage of the research, and due to Dr. Rasesh

Kapadia who provided some biological samples.

The valuable and amusing discussions with my laboratory fellows will be remem-

bered.

I am grateful to Korean government for scholarship. This research is funded by

Whitaker Foundation.

My very special thanks go to my parents, brothers, and sister.



TABLE OF CONTENTS

Abstract 2

Acknowledgments 3

Chapter 1. Introduction 6

1.1 Overview 6

1.2 Nuclear Magnetic Resonance Phenomenon 7

Chapter 2. Principles of NMR Imaging 13

2.1 Magnetic Field Gradient and k-space 13

2.2 1-D, 2-D, and 3-D NMR Imaging 15

2.3 Gradient Echo and Spin echo 18

2.4 Slice Selection 20

Chapter 3. Fundamental Limitations to the Resolution of NMR Images 23

3.1 Signal-to-Noise Ratio 23

3.2 Fundamental Limitations 25

Chapter 4. Effects of Molecular Diffusion 28

4.1 General Formalism 28

4.2 Diffusive Signal Attenuation and Gradient Strength 29

4.3 Diffusive Signal Attenuation in Frequency Encoding and

Phase Encoding 32

4.4 Diffusive Signal Attenuation during Slice Selection 39

Chapter 5. Constant Time Imaging 44

5.1 General Description 44

5.2 Sensitivity of Constant Time Imaging 45

5.3 CPMG Sequence to Improve SNR 53

5.4 Experiment Time of Constant Time Imaging 55



Chapter 6. NMR Microscopy Probe Design

6.1 Strong Magnetic Field Gradient Set 57
6.2 Sensitivity of RF Micro Coils 62
6.3 NMR Microscopy Probe 65

Chapter 7. Representative Images and Application to Biomedical Research 67

7.1 Images of Water Phantom 67
7.2 Application to Biomedical Research 73

Chapter 8. Conclusion 76

References 78



Chapter 1

Introduction

1.1 Overview

Since its first detection in 194611-1,21 and the theoretical foundation in 1948[1-3], Nuclear

magnetic resonance (NMR) has been widely used in physics, chemistry, biology, and more

recently in diagnostic medicine. A feasible procedure for NMR imaging, was proposed in

1973 by Lauterburl1-4], and since then numerous techniques of NMR imaging have been

developed and are now commonly used in diagnostic medicine with great success.

NMR microscopy is an extension of NMR imaging with the resolution improved to

a few micrometers. The idea of NMR microscopy was suggested in some of the earliest

papers on NMR imaging in 1973 and 1974t1-5,63. It is only in recent years, however, that

improvements in magnet technology have allowed its practical realization. For example, an

NMR microscopic image of a single cell with a resolution 13 x 13 x 250 Rm 3 , was

published in Nature in 198611-71.

Compared to conventional microscopy such as optical microscopy, NMR

microscopy has two major advantages: first, it allows one to investigate three-dimensional

information non-invasively, and second, image contrast can be based on a variety of NMR

parameters such as proton density, spin-lattice relaxation times, spin-spin relaxation times,

and diffusion coefficients. These provide information which is not available in

conventional microscopy. However, there have been very few applications of NMR

microscopy to biomedical problems precisely because, for most studies the required spatial

resolution has yet to be achieved.

Given a polarizing static magnetic field strength, the attainable resolution in NMR

microscopy is limited by the signal-to-noise ratio which is determined by the number of

spins per a minimum volume element(voxel), molecular diffusion in the presence of

magnetic field gradient, T 1 and T2 relaxation, the chemical shift dispersion, the magnetic

susceptibility and the finite sampling of k-space. Among these factors molecular diffusion,

inherent to all liquid samples, is the most important limitation to resolution in NMR

microscopyll- 8,9,10,11 ,12]. In NMR imaging experiments, the magnetization grating for

spatial encoding is generated by applying magnetic field gradients. Molecular diffusion in



the presence of the magnetic field gradient blurs the grating and reduces the signal intensity.

This diffusive signal attenuation becomes very important at resolution higher 10 gim.

In the research described here, the effects of molecular diffusion in NMR

microscopy are extensively analyzed and constant time imaging methods with intense short

magnetic field gradients are suggested as a way of obtaining high resolution image. For the

implementation of the idea, a NMR microscopy probe on a standard bore 400 MHz

spectrometer was developed, which has a strong gradient set and a very efficient radio

frequency receiver.

1.2 Nuclear Magnetic Resonance Phenomenon

Nuclear magnetic resonance is a quantum mechanical phenomenon in nature which

is found in magnetic systems that possess both magnetic moments and angular

momentuml['- 13]. All elements with a non-zero spin angular momentum have an associated

magnetic moment g,

g = y J, [1-1]
where y is the gyromagnetic ratio and J is the total angular momentum. The angular

momentum is related to the dimensionless angular momentum operator I by,
J = h I, [1-2]

where h is Plank's constant. Both the gyromagnetic ratio, y, and the nuclear spin, I, are

inherent characteristic of each nuclear element and its state.

The nuclear spins interact with the externally applied magnetic field, Bo, by the

Zeeman Hamiltonian,

H =-*'Bo. [1-3]

In a magnetic field, Bo, parallel to the z-direction, the Zeeman Hamiltonian is given by
H = - 7 yh Bo Iz. [1-4]

The eigenvalues of this Hamiltonian are multiples ( yhB,,) of the eigenvalues of Iz, m = I, I-

1, ...... , -I. Therefore the allowed energy levels are,
E= - yhB,,m. [1-5]

The nuclei of Hydrogen(protons) have the highest gyromagnetic ratio of stable nuclei with
y = 2 n 4259 Hz/G, I = 1/2 and are nearly 100 % naturally abundant as well as being the

main constituent of many materials. For sensitivity reasons the majority of imaging

experiments are measures of the proton spin density.

For spins with I = 1/2, the energy levels as a function of magnetic field strength are
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Figure 1-1. Energy levels of spins with I =1/2. As the strength of magnetic field
increases the spliting of the energy levels increases. Only Zeeman Hamiltonian is
considered.

illustrated in Fig. 1-1. The spins of m=+ 1/2 are parallel and the spins of m = -1/2 are anti-

parallel to the static magnetic field. The difference between the two energy levels are

proportional to the gyromagnetic ratio and the external static magnetic field,
AE= hBo = hcoo, [1-6]

where Oo = yBo.

The angular frequency, co, is called Larmor frequency. At thermal equilibrium the energy

levels are occupied by a collection of proton spins according to the Boltzman distribution.

The ratio of the occupation number densities of the levels is
N- -AE/kgTN-= =e , [1-7]N

where kB is Boltzman's constant. The net magnetization, Mo , of the sample at thermal

equilibrium is related to the occupation number densities by
M, = g(N+ - N ). [1-8]

To detect the existence of magnetization, an interaction that can cause transitions

between the levels is required. For this purpose, an alternating magnetic field, B1, is

applied perpendicular to the static magnetic field, which has a nonvanishing matrix element

joining the two states. To satisfy the conservation of energy, the alternation frequency of

the transverse B field must be matched with the energy difference of the two states. This

enables us to observe a resonance phenomenon. In typical static magnetic field strengths

ranging from 1 T to 10 T, the resonance frequency is in the radio-frequency (RF) region.

At room temperature, the population difference is about 1 spin in 106 and the detected

magnetization is this small excess. Therefore, the NMR experiment is relatively insensitive

and normally greater than 1015 spins are required for detection.



In the most general form, the dynamics of the bulk magnetization can be described

using the density matrix since the measured bulk magnetization is from a collection of

nuclear spins. For non-interacting spins with I=1/2, however, a semi-classical description

introduced by Bloch provides a complete picture of the dynamics, and is adequate for most

aspects of the imaging experiment. Therefore, only the Bloch picture is introduced here.

The dynamics of the bulk magnetization is composed of two kinds of motion,

precession about the external magnetic field and relaxation back to the equilibrium state.

During the RF excitation the relaxation may be neglected and the motion of the bulk

magnetization is described by,
d-M(t) = yM(t) x B, [1-9]
dt

where B is a superposition of the static magnetic field along z-direction and the transverse

B 1 field oscillating at the Larmor frequency. Retaining only the circularily polarized

component of the oscillating B 1 field which is rotating in the same sense as the spin

precession, the magnetic field B is given as,
B = B, cos oot i - B1 sin wot j + Bo k. [1-10]

For the initial condition, M(t=0) = Mo k, the components of the magnetization are,
Mx = Mo sin cOltsin o*)t

M, = Mo sin wOt cos wot, [1-11]

M, = M, cos Olt

where co, = yB'. As shown in Fig. 1-2 (a), the magnetization moves along a rather

complicated path in laboratory frame, and the rotation about the B field is most easily seen

in rotating frame defined by the transformation,
d dSMrotating = -M• lab. - oM xY + oMV. [1-12]
dt dt [-2

In this frame, the B 1 field is stationary and the magnetization undergoes a simple rotation

about the B 1 field. The angle of rotation depends on the strength of the B 1 field and its

duration. By varying the duration of the RF pulse with a given B 1 strength, the angle can

be made equal to irt/2(= COlt) and the magnetization will be aligned along the y-axis. This is

illustrated in Fig. 1-2 (b).

Once the bulk magnetization is away from equilibrium, the relaxation effects should

be included to describe the dynamics. The relaxation process has two components known

as spin-lattice relaxation and spin-spin relaxation. The spin-lattice relaxation process

restores the thermal equilibrium magnetization Mo along the z-direction by an exchange of

energy between the spin system and the surrounding thermal reservoir. This process is

characterized by a time constant T1 known as the spin-lattice relaxation time. The typical
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Figure 1-2. Evolution of the nuclear spin magnetization in the presence of a longitudinal
field, Bo, and a transverse rotating field B1. (a) In a laboratory frame, the magnetization
follows a rather complicated path way. (b) In a rotating frame, B1 is stationary and the
effective longitudinal field is zero on resonance. Only the precession about B1 is apparent.

value of T1 is in the range 0.1 to 10 seconds for protons in dielectric liquids.

The spin-spin relaxation describes the rate of decay of the transverse magnetization

and is characterized by a time constant T2 known as the spin-spin relaxation time. In

quantum mechanical term, the transverse magnetization corresponds to a state of phase

coherence between the nuclear spin states. In the spin-spin relaxation process, therefore,

as well as the indirect contribution of the energy exchange via the lattice, the interactions

which cause the nuclear spins to dephase play a role. This makes the spin-spin relaxation

time always less than the spin-lattice relaxation time.

When the relaxation processes are included, the Bloch equation describing the

dynamics of a collection of non-interacting nuclear spins is,
d 1 A 1 (M +M,)

dt M(t) = ~yM(t) x B - -(M z - M0) - -Mx + My) . [1-13]
dtT, T 2 X

In a rotating frame with a static field along the z-direction and a radio frequency field along

the x-direction of the frame, the Bloch equation simplifies to,
d Md M = AM,, MM
dt x T2

d MdM, = -AM x + ) (t)Mz - M,[1-14
dt T2

d fe n (My - Mo)dM =-0)o(t)M. -_
dwt Z qn T,

where Aw is a small off-resonance frequency, the difference between the rotating frame

y ,



frequency and the Larmor frequency.

The NMR signal is measured by a tuned RF coil coupled to the sample. The

transverse component of the bulk magnetization rotating about the z-axis induces an e.m.f.

in the RF coil by Faraday's law and the induced e.m.f. is collected after being mixed with

the output from a reference RF oscillator, a process known as heterodyning. This method

of detection is inherently phase sensitive. From Eq. 1-14, the transverse components of

the magnetization are obtained and, in complex notation, become,

M+(t) = MoeiAMte-t/2, [1-15]

where M÷(t)= Mx(t)+ iMY(t). After the heterodyning process, the measured signal has

the form,

S(t) = Soei eiACe-t2 , [1-16]

where < is the absolute receiver phase and So is the signal immedeatly after the RF pulse, a

number which is simply proportional to Mo. As shown in Eq. 1-16, the NMR signal is

measured in the time domain as an oscillating, decaying e.m.f. induced by the transverse

magnetization during free precession. It is therefore known as the Free Induction Decay

(FID). The FID can be transformed into the frequency domain by a complex Fourier

transformation. When the receiver phase is zero, the real part of the frequency domain

signal is a Lorentzian lineshape with a frequency offset of Aco/27t and a full-width-half-

maximum(FWHM) of 1/rT2, the so called absorption spectrum. The imaginary part of the

frequency domain signal is a dispersion spectrum which has a somewhat larger width. The

expression for the real part and the imaginary part of the frequency domain signal are,

Re{Z(S(t))} = T21 + (to - ACO) 2Tz2

1 -Aw)2 T2
2  [1-17]( o) -A o))T 2Im{Z(S(t))} = -1+ (co- Aco) 2T2
2

and the FID and its complex Fourier transformation are depicted in Fig. 1-3.

Since both the Fourier transformation and the Bloch equations in the absence of an

RF field are linear, we are free to break the NMR experiment into a superposition of

identical experiments on each NMR distinct set of spins. So a general result is a frequency

spectrum showing many resonances each corresponding to an identifiable spin system.

The frequency differences may arise from small chemical shifts associated with the partial

screening of the magnetic field by the electrons, from spin-spin couplings, or from local

variations in the magnetic field strength due to the heterogeneity of the magnetic

susceptibility throughout the sample.
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Figure 1-3. Free induction decay (FID) following a it/2 pulse and its complex Fourier
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Chapter 2

Principles of NMR Imaging

The purpose of all imaging experiments is to characterize the spatial heterogeneity of

samples in a visible manner. NMR imaging is one of the imaging modalities, which plays

a vital role in the field of clinical medicine[2-1, 21. NMR microscopy is an extension of NMR

imaging with resolution of a few micrometers. Although the areas of application of NMR

microscopy may be quite different from conventional NMR imaging, the main principles

are same. NMR imaging can be classified into two broad categories, projection imaging

and Fourier imaging[2-31. The first NMR image published in Nature by Lauterber was

based on the projection reconstruction method[2-4]. Currently however, most NMR imaging

experiments use Fourier imaging and this chapter discuss only Fourier imaging.

2.1 Magnetic Field Gradient and k-Space

Since the Larmor frequency is proportional to the external static magnetic field Bo, the

conventional NMR spectroscopy which extracts chemical information from the frequency

spectrum requires a very homogeneous static magnetic field. In NMR imaging

experiments, however, it is necessary to differentiate spins at different spatial location. For

this purpose, a magnetic field which varies linearly across the sample, called magnetic field

gradient, is applied. By the field gradient, the Larmor frequencies of the spins show a

spatial dependence,
co(r) = yBo + yG * r [2-1]

where G is the grad of the gradient field component parallel to Bo,
d BA d dG = Bx -Bz+ B z . [2-2]
dx dy dz

The simple linear relation between the Larmor frequency and the spatial coordinate r of

spins is the basic of the NMR imaging experiment.

In the presence of a magnetic field gradient the FID from a sample with spin density

p(r) is,

S(t) = p(r) ei'"'tdr, [2-3]



where, for simplicity, the constant prefactors are set to be one and T2 relaxation is

neglected. The detected signal and the spin density are related by Fourier transformation.

This can be readily seen by defining a reciprocal space vector, k, first introduced by

Mansfield[2-5,6],

k = y- G(t) dt [2-4]2 i
1= yGt ,
27r

where the second line of the equation is for the special case of constant gradient. The k-

vector has a dimension of reciprocal space, m-1 , and the k-space can be traversed by

moving either in time or in gradient strength. In the k-space description, the detected signal

is

S(k) = p(r) ei 2nkrdr, [2-5]

and the spin density is obtained by inverse Fourier transformation,

p(r)= S(k) e-i2nkrdk. [2-6]

Considering the constant prefactors and the T2 relaxation, the k-space signal becomes,

S(k,t) = Sei'wte-"T2 p(r) ei2nkerdr. [2-7]

Since the image is the Fourier transformation of the measured NMR signal in the presence

of a magnetic field gradient, it is the spin density convoluted with the NMR lineshape in the

absence of the gradient,

Image = Spin Density 0 NMR lineshape + Noise [2-8]

?z = 1/kz

z

Figure 2-1. Magnetization grating induced by spatially dependent phase evolution of
spins under magnetic field gradient Gz. Only real part of the transverse magnetization is
shown and the sample is assumed homogeneous.

M X -



where noise is added since it exists in every experiment.

From Eq. 2-5, it is clear that the NMR imaging experiment measures the spatial

frequency component of spin density. For a better practical understanding of how it

works, the evolution of spins in the presence of a magnetic field gradient is considered.

Spins at different spatial location evolves with different Larmor frequencies according to

the magnetic field gradient. This makes the spins have a spatially dependent phase and

results in a sinusoidal magnetization grating across the sample. This is illustrated in Fig. 2-

1. The k-vector describes the spacing of the grating,
1

kz = - [2-9]

where AZ is the period of the grating. In essence, by combining orthogonal gradients

oriented along x, y, and z in laboratory frame, any spatial frequency component of the spin

density can be measured.

2.2 1-D, 2-D, and 3-D NMR Imaging

For an NMR image, a certain range of Fourier components are necessary to reconstruct the

image and in other words, a certain area of the k-space must be scanned. As shown in Eq.

2-4, the direction and the magnitude of k-vector depend on the direction and strength of the

magnetic field gradients, and the duration of the gradient pulse.

Considering a 1-D k-space, we can scan it by either a frequency encoding method

or by a phase encoding method, which are illustrated in Fig. 2-2. In the frequency

encoding method, data are collected while the gradient is on and kept constant. Since

during the data collection the k value increases continuously, the collected data correspond

to sequential points in the 1-D k-space. By this method k-space is traversed parallel to the

direction of the field gradient in a single excitation. In the phase encoding method, a single

data is collected following each excitation after the gradient is off and this process is

repeated with incrementing either the gradient strength or the gradient on-time while the

other is maintained constant. Usually the gradient strength is incremented in each step

while the gradient on-time is kept constant, which is called spin-warp imaging[2-3, 7].

Fourier transformation of the collected 1-D k-space will provide a 1-D image of the sample

projected perpendicular to the gradient direction.

Although both methods are essentially the same in a sense that in either way we can

traverse k-space, their effects on the imaging experiment time and the quality of the image

are quite different. In phase encoding, collecting N data points in k-space requires N
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Figure 2-2. Frequency encoding and phase encoding in ID imaging. (a) In frequency
encoding data are collected while the gradient is on. A series of points in 1-D k-space is
detected in a single excitation. (b) In phase encoding, a single data is collected in each
excitation and in subsequent detection, the gradient strength is incremented in step while the
gradient on-time is kept constant(we may increment the gradient on-time with keeping the
gradient constant). Therefore the detected k-value is incremented in each excitation.

excitations while in the frequency encoding the same results can be achieved in a single

excitation, so phase encoding takes longer than frequency encoding. Image distortions due

to time-independent internal Hamiltonian or the inhomogeneous magnetic susceptibility

may show up in the frequency encoding detection but do not in the phase encoding

detection. Another difference, which is the most important factor in high resolution NMR

microscopy, is found in the relative signal attenuation due to molecular diffusion. This will

be extensively discussed in chapter 4.

To acquire a 2-D image, an area of 2-D k-space must be scanned. This can be

achieved by using two orthogonal gradients which would work as basis vectors in 2D k-

space. Since the strength and the duration of both gradients can be controlled at will, there

are a variety of ways to scan 2-D k-space[2-2, 8]. One clear way is to acquire a series of

projections under various gradient orientations (which can be obtained by properly

combining the two gradients) and then to use Radon filtered back projection to reconstruct

the image. This is called Projection Reconstruction Imaging and early NMR images were

acquired in this way. Currently, however, most imaging is performed via Fourier imaging.

kx

.L



A representative example is given in Fig. 2-3, in which both phase encoding and frequency

encoding are used. The data are collected on a Cartesian raster in the presence of a y-
gradient(frequency encoding gradient). Prior to this, a magnetization grating in the x-

direction is created by a x-gradient(phase encoding gradient). Therefore, the k-vector is

positioned at a certain point along kx axis by the x-gradient and traverses along the ky axis
during the detection period. Each individual ray is collected during a separate experiment
and the desired offset along the kx axis is prepared by systematically varying the strength

of the x-gradient. A 2-D Fourier transformation of the collected 2-D k-space data will

return the 2-D image of sample.

ic/2Idata collection

RF S

Frequecy
encodingGxF
Phase
encoding
Gy

kv I

kyA
time I

-'--- -- -- - -- -
'ik7

IC ' 0

-- - time I

-------------- I

Figure 2-3. A representative 2-D Fourier imaging and its k-space trajectory. The data
are collected on a Cartesian raster in the presence of a x-gradient(frequency encoding
gradient). Prior to this, a magnetization grating in the y-direction is created by a y-
gradient(phase encoding gradient). Therefore, the k-vector is positioned at a certain point
along ky axis by the y-gradient and traversed along kx axis during detection period by the
x-gradient. Each individual ray is collected during a separate experiment and the desired
offset along the ky axis is prepared by systematically varying the strength of y-gradient.

I



The extension to 3-D imaging is straight forward and can be achieved by applying

another phase encoding gradient in the orthogonal direction.

2.3 Gradient-Echo and Spin-Echo

The spin dynamics are driven by the various interaction such as the chemical shift, the

magnetic susceptibility, the spin-spin coupling and the magnetic field gradient. These

interaction can be separated by selectively refocusing one or more interactions, which is

important for the sensitivity, resolution, and contrast of images. These can be

accomplished by using either RF pulses or time-dependent gradient waveform.

The gradient echo is perhaps the simplest example of this. From Eq. 2-4, we know

that the k-vector which defines the periodicity of the magnetization grating, is proportional

to the integrated area of the gradient waveform. Therefore, as shown in Fig. 2-4, by

applying the gradient as a bi-polar pulse pair the magnetization grating is removed from the

sample at the end of the gradient waveform and the spins are back in phase i.e. refocused.

Since the only interaction that is influenced by the presence of a gradient is the gradient

evolution itself, the gradient echo does not refocus any other interactions.

In most cases refocussing is accomplished by using RF pulses that strongly

modulate the spin dynamics. RF pulses are normally arranged such that the RF field

strength is stronger than any internal interaction and therefore, they can be thought of as

instantaneously changing the state of the spins.

The simplest and most widely used RF pulse created echo is the spin echo which

was discovered by Hahn[2-9] and provided the key impetus to the development of pulse

methods in NMR. The spin echo consist of the two pulses (7r/2,2t) shown in Fig. 2-5.

The 7r/2 pulse rotates the magnetization from the z-axis into the transverse plane, where in

the presence of a gradient it creates a magnetization grating. The it pulse inverts the phase

of all the spins and this effect is equivalent to a situation in which there are no pulses, but

the Hamiltonian changes its sign in time[2-101. Therefore the directionality of the grating is

inverted and continued evolution in the magnetic filed gradient leads to the formation of

echo. Since the 7t pulse inverts the sign of all internal Hamiltonians, the spin echo

refocuses any interaction which is equivalent to a time-independent spread in magnetic

fields, such as chemical shifts, heteronuclear couplings, and magnetic susceptibility shifts.

One important thing to notice is that both the gradient echo and the spin echo allow one to

easily access the negative portion of the frequency encoding direction in k-space.



cross-section of object

RF%

gradient 
k= zF k=O

z

Z

Figure 2-4. Gradient echo sequence. A gradient echo is generated by a bi-polar gradient
waveform. Since the k-vector is the integrated area under the gradient waveform, at the
end of the bi-polar gradient k returns to zero, and there is no magnetization grating across
the sample. At the mid-point of the gradient waveform k is maximum and the grating is at
its finest. Since the NMR signal is the integration of the spin magnetization across the
sample, the signal maximums correspond to the two points where k is zero, and hence an
echo is observed.

In the section 1.2, the spin-spin relaxation time was identified with the decay of the

bulk magnetization in the transverse plane, we now see that this is not a fundamental

relaxation phenomenon because, for example, the application of a magnetic field gradient

can increase its rate, and because the magnetization can be refocused. The fundamental

spin-spin relaxation rate is associated with those decay process that can not be refocused by

the spin echo, and the observed decay of the transverse magnetization is the rate sum of this

and other contributions,
1 1 11 - + 1 [2-10]

Tobserved o2 TotherT2"2 T 2

Therefore, the contrast of images will vary depending on which echo sequence is used: the

spin echo will provide a contrast depending only on fundamental T2 while the gradient echo

will provide a contrast depending on the local magnetic field variation.

L

z



r/2 7r

RF J 1 cross-section of object

gradient

z

~~xA/VL
real

real

imaginary imaginary

z z

Figure 2-5. Spin echo sequence. The figure shows the actions of a Rt-pulse when
applied to a magnetization grating. Here both quadrature components(real and imaginary)
of the transverse magnetization must be kept track of. The two gratings are shown just
before and just after the it-pulse which inverts the sign of one of the two components (the
real component in the figure). This is consistent with the RF pulse corresponding to a
rotation of 1800 about an axis in the transverse plane. Before and after the i-pulse and
magnetization grating has the same pitch, but the sign of the grating is changed by the
pulse. Following the n-pulse the magnetic field gradient is still in the same direction and so
the k-vector continues to increase, but now towards zero, and following an equal length of
time k returns to zero and all of the magnetization is again coherent. A spin echo is formed.

2.4 Slice Selection

Collecting images of the whole sample may not be an efficient experiment and alternatively
only one specified layer of the sample may be excited and imaged. The slice selective

excitation is accomplished by using an RF pulse and a gradient together.

RF pulses can be classified as either hard or soft pulses depending on their

selectivity in the NMR frequency spectrum. The bandwidth of frequencies contained in an
excitation pulse is inversely proportional to the pulse duration. As shown in section 1.2,
the rotation angle of a RF pulse with a duration T, is determined by the product yB1T.

Therefore, the bandwidth of the pulse is related to the amplitude of the transverse B I field.

For example, a non-selective broadband 7t/2 pulse should have a short pulse duration and a
large magnitude, B1, while a selective narrowband 7t/2 pulse should have a long pulse

duration and a small B 1. The intense broadband excitation pulses are termed hard pulses
while the weak, narrowband pulses are termed soft pulses.

Since soft pulse have a narrow frequency bandwidth, they are used to selectively
excite a certain chemical component which has a specific frequency spectrum. In slice



selection, the spreading of frequencies is created by the magnetic field gradient, and a

certain portion of the spectrum which corresponds to a specific layer of the sample is

excited by a soft pulse.

The simplest form of a soft pulse is obtained by simply reducing the amplitude and

extending the duration of the usual rectangular RF pulse. This rectangular soft pulse,
however, suffers from having side lobes. To reduce this problem, shaped soft pulses such

as sinc modulated RF pulse are used and give reasonably well defined square frequen-

S

Slice gradient

Figure 2-6. Slice selection using a sinc pulse in the presence of a magnetic field
gradient. The second gradient is followed to refocus the dephasing during the first slice
selection gradient.
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Figure 2-7. A slice selected 2-D spin warp, gradient echo sequence. During the phase
encoding time the ky vector is also offset so that both positive and negative values can be
sampled.
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-cy profiles. A sinc pulse in the presence of a magnetic field gradient, shown in Fig. 2-6,

is the most common slice selection method in NMR imaging.

One example of a slice selected 2D gradient echo imaging is given in Fig. 2-7 which

shows every main feature in NMR imaging.



Chapter 3

Fundamental Limitations
to the Resolution of NMR Images

Since the advent of NMR imaging, there have been ongoing efforts to improve the spatial

resolution to the subcellular level[3-1,2,3,4,5]. However, most results were achieved in very

large cells with relatively poor identification of the intrastructure of cells. For practical

application of NMR microscopy in biomedical research, the spatial resolution still has to be

improved. The limitations to spatial resolution are discussed in various papers[3-6,7,8,9 ]. In
this chapter, for proper identification of the limiting factors in the signal-to-noise ratio, a

general expression of the signal-to-noise ratio is reviewed, and fundamental limiting factors

to resolution is discussed.

3.1 Signal-to-Noise Ratio

The NMR signal, the oscillating e.m.f. induced in a RF coil by processing magnetization,

is superimposed on the noise e.m.f. arising from random thermal motion of electrons in the

RF coil, magnetically induced eddy current in the sample, and from the preamplifier.

Typically, the induced e.m.f. is in the range of 10-9 - 10-5 volts and this range

unfortunately includes the e.m.f. values of thermal noise[3-10). Therefore, the signal-to-

noise ratio, the ratio of the induced e.m.f. and the noise e.m.f., is a crucial issue in NMR,

especially in high resolution NMR microscopy.

The thermal equilibrium magnetization for spins 1=1/2 was given in Eq. 1-8,
which, in its most general form is,

Mo = NhyTr(pIz) [3-1]
where N, is the number of spins per unit volume and p is the density operator of the spin

system. In the high temperature approximation[3-1 1,12], the magnetization may be rewritten

as,

Mo = Nh 2 y 2I(I + 1)Bo / 3kBT, [3-2]
where T, is the sample temperature.



The transverse magnetization in complex notation is given by,

M+ = Moe iref ' . [3-3]

The e.m.f. induced by this oscillating transverse magnetization following a it/2 pulse can

be calculated by employing the principle of reciprocity[3-141. The principle of reciprocity
tells us that the e.m.f. induced by a magnetic dipole moment MdV, placed in a volume

element dV, at a point within the RF coil is simply related to the magnetic field (B1 / i) at

that point induced by a unit current flowing in the coil. Then the induced e.m.f. i.e. the

signal is described by

S=-(d / dt) (B1 / i). MdV. [3-4]
sample

From Eq. 3-3 and Eq. 3-4, the real component of the signal becomes,

S = 0) OK(B1 I i)M,,MV s cos (0 t , [3-5]

where K is an inhomogeneity factor, (B1 / i)XY is the transverse component of (B1 / i) at the

center of the RF coil, and V, is the sample volume. K and (B, / i),y depend on the coil

geometry, and for a solenoid coil K is close to 1 and (B1 / i),. is

(BI / i) , = juNt(d2 +L2 )1 2  [3-6]

where Nt is the number of turns of a coil, d is its diameter, and L is its length.

While the sample noise is important for a large sample, it is negligible for small

samples which is the usual case in NMR microscopy. The contribution from the

preamplifier is hopefully very small compared to the thermal noise from a RF coil.

Therefore, the thermal noise from a RF coil should be the main source of noise in NMR

microscopy. In this section only the thermal noise from the RF coil is considered.

The root mean square thermal noise e.m.f. in the time domain[3-10] is given by

Vnoise = V4kBTcAf R [3-7]

where T, is the coil temperature, R is the resistance of the coil and Af is the detection

bandwidth. At NMR frequencies(-MHz), the current in a wire is confined to a skin depth

thickness[3-13] on the wire surface so that the effective resistance of straight cylindrical wire

is,

R= l(/*r.MoP(Tc) / 2)1/2 [3-8]P
where 1 is the length of the wire, p its circumference, Yr its relative permeability, Yo the

permeability of vacuum, oo the angular frequency of current, p(Tc) the resistivity of wire

which is a function of temperature. If there are many wires in close proximity, as is the
case with a RF coil, the magnetic field created by the current of one conductor influences



the distribution of current in another. This effect, the so called proximity effect, tends to

reduce the surface area over which current is flowing, and the resistance is thus increased
by a factor '. The calculation of the proximity factor is not simple, but has been carried

out for a single-layer solenoid[3-15.

The signal-to-noise ratio available following a irt/2 pulse, (peak signal)/(r.m.s

noise), can be obtained from Eq. 3-5, 3-7, and 3-8,
1/2So KV (B I i),.N,'h 2 I(I +l)( p o1/2

Vnoise  5.05 k •T kBTc [ 0 4p(T)]14  [39]

From this we notice that the signal-to-noise ratio depends on co ,7/4 which implies that

higher static magnetic fields are strongly recommended for NMR microscopy. For
different nuclei at the same static magnetic field the dependence is N,1 /4 1).

Therefore, protons, which are the most abundant in most samples and have the largest

gyromagnetic ratio of stable nuclei, are the favored nuclei. The dependence on the sample

volume is simple but will be a crucial factor limiting resolution. Considering the sample

volume as the size of voxel, the improving resolution from 0.1 mm to 5 Rm in all three

directions will reduce the signal by a factor of 8000. As we can see from the factors such
as (B, / i)x and resistance of a coil, the design of a sensitive RF coil is also a very

important requirement to achieve high signal-to-noise ratios.

3.2 Fundamental Limitations

As can be seen from Eq. 3-9, the signal-to-noise ratio in NMR microscopy is seriously

reduced by small voxel size, which definitely can not be avoided if we want high resolution
images. There are several other factors limiting the resolution. In a systematic treatment all

of the limitations may be classified as either intrinsic limitations or extrinsic limitations.

Intrinsic properties are related solely to the liquid itself, while extrinsic properties are also a

function of the surroundings. These are summarized in table 3-1.

Since the image resolution be defined as the full-width-half-maximum (FWHM) of
the point spread function of the image[3-16], intrinsic limitations to the resolution are

describable in terms of spatially uniform partial point spread functions which contribute to
the broadening of the total point spread function. Then, the observable image is the
convolution,

Image = Object function 9 PSFtotal + Noise, [3-10]
where the object function is the spin density that one wants to measure, and the total point



Table 3-1. Intrinsic and extrinsic limitations on resolution

Mechanism Intrinsic/Extrinsic Comments

Spins per volume element intrinsic spin density of water

= 7 x 1010 spins/gm 3

Sampling finite k-space intrinsic set by the experimenter
T2 intrinsic

Chemical shift intrinsic refocusable

Magnetic susceptibility extrinsic refocusable

Free diffusion intrinsic

Bounded diffusion extrinsic

spread function is a convolution of each contributing PSF,

PSFtotal = PSFspins 0 PSFsampling 0 PSFT2 ( PSFchemical 0 PSFdiffusion.

[3-11]

The most important contribution to the point spread function at resolutions higher than 10

gm is from molecular diffusion. To create a magnetization grating for spatial encoding,
linear magnetic field gradients are applied across the sample and spins at each position

evolve under the gradients. The motion of spins due to molecular diffusion in the presence

of the gradients blurs the grating and reduces the signal intensity. This effect becomes very

important as the size of voxel is reduced, especially at resolutions beyond 10 Im where the

time necessary to create a magnetization grating of a given period in the sample is of the
same order as the time necessary for molecules to randomly diffuse over the grating

spacing. This is the ultimate limitation to the resolution in NMR microscopy.

The line broadening by T2 relaxation and chemical shifts is commonly avoided by

using an optimal gradient strength that makes the bandwidth of each voxel match the

spectral broadening. In most NMR microscopy, these are not the main limiting factors in

resolution.

Two important effects, the magnetic susceptibility and bounded diffusion, are

spatially non-uniform and hence are not describable as a blurring of the point spread
function. The field gradient induced by inhomogeneous magnetic susceptibility in a

sample, interferes with the applied gradient and degrades the linearity of the applied

gradient. This introduce spatially non-uniform image distortions. As we know from



section 2-2, however, this artifact only appears along the frequency encoding direction and

may be reduced by using strong gradients. The existence of boundaries within a sample

restricts molecular diffusion and the signal attenuation at the boundaries is less than in the

bulk regions. This bounded diffusion will introduce bright features in an image.



Chapter 4

Effects of Molecular Diffusion

It is widely accepted that the single most important factor in NMR microscopy is molecular

diffusion [4-1, 2, 3, 41. It not only broadens the point spread function but also seriously

reduces the signal-to-noise ratio. In this section a general formalism for molecular

diffusion is introduced and used to analyze its effects in various cases.

4.1 General Formalism

Magnetization gratings are the essence of NMR imaging and they are created by the

spatially dependent phase evolution of spins under magnetic field gradients. The phase

evolution of the spins is disturbed by molecular diffusion, which is random in nature and

which always exists in liquid samples. In other words, molecular diffusion in the presence

of magnetic field gradient induces an irreversible uncertainty in the phase of spins, and,

thereby, blurs the magnetization grating and reduces the signal intensity. These effects are

illustrated in Fig. 4-1. The effects becomes extremely important in NMR microscopy,

especially when the time to create a magnetization grating of a given period in a sample is of

the same order as the time for the molecules to randomly diffuse over the same distance.
The phase accumulated by spins due to diffusion OD in the presence of a spatially

uniform magnetic field gradient, G(t), is given by

PD(t) = 7 G(t') * [r(t') - r(O)] dt'. [4-1]

In the absence of diffusional barriers, OD is independent of the initial position r(0) while

for restricted diffusion it depends on r(0). The expression for the signal attenuation due to

diffusion may be obtained by from Torrey's equation[2-12] or by using a random walk

model[4-5]. The calculation of the signal attenuation for restricted diffusion is very compli-

cated and thereby, is usually simulated4-3,7]. However, for free diffusion it is rather simple

and the diffusion dependent average square phase fluctuation is given by

a 2 (t) = 2 2JD G(t")dt" dt', [4-2]

where D is the diffusion constant and G(t) is the time dependent field gradient. Assuming
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Figure 4-1. Signal attenuation due to free diffusion. (a) initial magnetization grating, (b)
final magnetization grating. The intensity of grating is reduced by molecular free diffusion
across the grating while the period of grating is preserved.

that the probability distribution of OD is Gaussian, then the diffusional signal attenuation

factor, A(t), is

A(t) = exp(-or (t) / 2). [4-3]

By using Eq. 4-2 and 4-3, we can calculate the attenutaion factor for any gradient

waveform. For a constant gradient G, the attenuation factor is

A(t) = exp(-7y2 G2D t3 / 3). [4-4]

4.2 Diffusive Signal Attenuation and Gradient Strength

To understand the relation between the gradient strength and the diffusional signal

attenuation, it is enough to consider free diffusion in the presence of a constant field

gradient. As shown in Eq. 4-4, the signal attenuation factor depends on the gradient

strength, the diffusion constant, and the gradient on-time. All these parameters may be

controlled by experimenter. The diffusion constant may be reduced by decreasing the

temperature of the sample but this may also remove proper contrast mechanisms or may

damage the sample. The control of the gradient strength and the gradient on-time must be

Mx

Mx



considered together, which becomes clear when, recalling that k = yG t / 2i7, and by

rewritting Eq. 4-4 as,
A(t) = exp(-4 X2 k2D t / 3). [4-5]

To achieve an image with a certain resolution, the area of k-space to be collected is fixed.

However, the gradient on-time still can be made arbitrarily small to reduce the diffusional

signal attenuation. To implement this idea, a very strong field gradient is required to

maintain the same k. This is the reason why very strong gradients are a prerequisite for

high resolution NMR microscopy. The signal attenuation factors as a function of gradient

on time is shown in Fig. 4-2, where the k value is taken to be 0.1 pgm - 1, and a short

gradient on-time corresponds to a strong gradient and vice versa.

In most cases, extremely strong gradients are not employed since a bandwidth limit

to resolution is introduced as the gradient strength is increased. The frequency spread of an

image scales as the gradient strength, and so the receiver bandwidth must be

proportionately increased to encompass the entire image bandwidth. As shown in Eq. 3-7,
the thermal noise increases as the square root of the frequency bandwidth, and so the

signal-to-noise ratio decrease with the square root of the gradient strength. Therefore, the

increase of gradient strength has two conflicting contributions to the signal-to-noise ratio

and can be described by,

SNR A• (t) exp(-4i 2 k2D t / 3)SNR Af [4-6]
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Figure 4-2. (a) Diffusional signal attenuation factor, and (b) gradient strength as a
function of gradient on time. Shorter gradient on time corresponds to stronger gradient. k
= 0.1 gm-1 and D = 0.25 pgm 2/msec.



This relation is shown schematically in Fig. 4-3, in which we can see that for very strong

gradients the signal-to-noise ratio is limited by the bandwidth problem and falls off rapidly,
while for weaker gradients the signal-to-noise ratio is limited by molecular diffusional

signal attenuation.

The bandwidth problem can be overcome by a remarkably simple idea, turning off

the gradient during data collection. It was shown in chapter 2 that there are two ways of

spatial encoding, phase encoding and frequency encoding. In the phase encoding method

the gradient is off during data collection while in the frequency encoding method the

gradient is on. If we employ phase encoding in all three directions, our experiments

become free of the bandwidth problem associated with the strong gradient, and the signal-

to-noise ratio monotonically increases with the gradient strength. In this case the detection

bandwidth is not the bandwidth of the image but the bandwidth of the NMR spectrum,

which is orders of magnitude smaller. The NMR spectrum bandwidth is about 1 kHz

while the image bandwidth is about 400 kHz when a gradient strength 1000 G/cm is used

for a 1 mm sample.

The imaging method which uses phase encoding in all three direction is called
'constant time imaging'. This method will be thoroughly discussed and analyzed in the

chapter 5.
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Figure 4-3. Signal-to-noise ratio as a function of gradient on-time for the case that
gradient is left on during data collection. Shorter gradient on-time corresponds to stronger
gradient. k = 0.1 gm-1 and D = 2.5 tm2/msec



4.3 Diffusive Signal Attenuation in Frequency Encoding and
Phase encoding

The diffusive signal attenuations for frequency encoding and phase encoding are analyzed

for various resolutions and gradient strengths. This is important to understand the proper

approaches to overcoming the diffusion effects in NMR microscopy.

A typical frequency encoding sequence is shown in Fig. 4-4, in which a spin echo

is imployed and the data are collected during the second gradient pulse, called a readout

gradient. The diffusional signal attenuation factor for this sequence is obtained from Eq. 4-

2 and 4-3,

A(t) = exp(-y 2D(F1 + F2 + F 3)), for Ta +Tb <t<Ta +b Tacq, [4-7]

where,

I", = -[G2t 
3 + [GT - G2 (t -Ta - )] 3

F2 = G 2 b 2 T
I- =G 2

2 ( a T )3T
r 3 a -- b )3t-.T

The gradient strength and its duration are determined by the maximum k value for
the desired image resolution. From the Nyquist condition, the maximum k-value kmx to

Data Collection

RF

Gradient I G G2

Ta Tb Tacq

Figure 4-4. Pulse sequences for frequency encoding.



achieve a k-space limited resolution Axk is,
1

kmax  [4-8]2Axk

The maximum k value, kmax , is related to G1, G2, and their durations by,

kmax = yG 2 (Tacq/2)
21c [4-9]

G, Ta =G 2 Tacq/ 2 .

The second equation in Eq. 4-9 makes the center of the acquisition period correspond to the
center of k-space. In this analysis, the value of G2 was determined by the optimal

condition in which the frequency width of each pixel is equal to the spectral width of the

sample,
1

SWsample = G2A•k. [4-10]21r
As shown in section 2.3 the spin echo sequence refocuses all time independent

internal Hamiltonians and the magnetic susceptibility effects at the echo center. In most

very small samples as is the case for NMR microscopy, the magnetic susceptibility

variation across the sample is large and so for sensitivity reasons spin echo sequences are

prefered to gradient echo sequences. To assure this, the spin echo center must be located at

the center of the acquisition period which corresponds to the center of k-space, k=0.

Therefore, the time durations satisfy the following relation,
Ta + Tb = Tacq / 2. [4-11]

This relation provide another constraints on the parameters to be set.

7r / 2 Data Collection

RF 1

Trp

Figure 4-5. Pulse sequence for constant time phase encoding



A typical pulse sequence for phase encoding is shown in Fig. 4-5. The diffusional

signal attenuation factor for this sequence is very simple,
A(TP) = exp(-y'2G2D Tp3 /3). [4-12]

The maximum gradient strength and the gradient on-time, called the phase encoding time,
are determined by,

1
kmax = y Gmax Tp. [4-13]

27r
The diffusional signal attenuations and corresponding point spread functions in

frequency encoding and phase encoding are calculated and compared with each other at

resolutions, 20, 10, 5, and 3 gm. In this calculation, the diffusion constant is assumed to

be 2.5 gm2/msec(that of free water) and the spectral bandwidth of sample is 1 kHz. Other
parameters used are given in table 4-1. G, during frequency encoding and Gm" during

phase encoding are not limited by the bandwidth problem and are taken to be 1000 G/cm,

the maximum gradient strength of the NMR microscope developed here.

The results given in Fig. 4-6,7,8, and 9, show that the signal attenuation in the

phase encoding is always smaller than in the frequency encoding, this becomes very

pronounced as the resolution increases.

In frequency encoding, the signal attenuation is small at 20 tm resolution, but

becomes appreciable at 10 gm and severe at 5 jtm and 3 gm, and so does the blurring of

point spread function. This means that when frequency encoding is used, the molecular

diffusion effect becomes a very important factor in the resolution beyond 10 Rm. The

blurring of the point spread function comes from the k-dependent signal attenuation. The

envelope of the signal attenuation is asymmetric about the

Table 4-1. The gradient strength and the gradient on-times used in the calculation
of the diffusive signal attenuation factors.

Frequency encoding Phase encoding

AXk G1 G2 Ta Tb Tacq Gmax Tp

(4m) (G/cm) (G/cm) (msec) (msec) (msec) (G/cm) (msec)

20 1000 117 0.06 0.44 1.0 1000 0.059

10 1000 235 0.12 0.38 1.0 1000 0.117

5 1000 470 0.23 0.27 1.0 1000 0.234

3 1000 783 0.39 0.11 1.0 1000 0.390



echo center at k=0 and the peak of the envelope is shifted left. This comes from the
effective fast refocusing effect[4-5] at the beginning of the readout gradient, G2 . Another

important point to be noticed is that the signal at the center of the k-space, k=0, is

attenuated, which leads to an overall loss in the image signal-to-noise ratio.

In phase encoding, the signal attenuation is negligible at 20, 10, and 5 jm

resolution. At 3 gm resolution there is some attenuation at high k-space but it is still small.

The blurring of the point spread function is negligible in all cases. This means that if we

use phase encoding with 1000 G/cm gradient strength, molecular diffusion is not a limiting

factor in the resolution up to 3 gm. In fact, 1000 G/cm gradient strength may be used even

at 2 gm resolution. What must be noticed in phase encoding is that the envelope of the

signal attenuation is symmetric about the echo center, k=0, where the signal attenuation is

always zero. This means that there may be a blurring of the image when weaker gradients

are used, but the overall image signal-to-noise ratio will not be effected by molecular

diffusion[4.9].
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Figure 4-6. The diffusional signal attenuation factors and the point spread functions for
20 gm resolution. (a) the signal attenuation factor, and (b) the point spread function. The
solid line is for phase encoding and the dashed line is for frequency encoding. The thin
dashed line in the point spread function is for the case of no diffusion, which is overlapped
with the solid line.
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Figure 4-7. The diffusional signal attenuation factors and the point spread functions for
10 gm resolution. (a) the signal attenuation factor, and (b) the point spread function. The
solid line is for phase encoding and the dashed line is for frequency encoding. The thin
dashed line in the point spread function is for the case of no diffusion, which is overlapped
with the solid line.
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Figure 4-8. The diffusional signal attenuation factors and the point spread functions for
5 gm resolution. (a) the signal attenuation factor, and (b) the point spread function. The
solid line is for phase encoding and the dashed line is for frequency encoding. The thin
dashed line in the point spread function is for the case of no diffusion.
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Figure 4-9. The diffusional signal attenuation factors and the point spread functions for
3 gm resolution. (a) the signal attenuation factor, and (b) the point spread function. The
solid line is for phase encoding and the dashed line is for frequency encoding. The thin
dashed line in the point spread function is for the case of no diffusion.

There is an alternative method of phase encoding in which the gradient strength is

kept constant and the gradient on-time is changed in step. This sequence, shown in Fig. 4-

10, enables us to use the maximum gradient strength over all k-space and therefore this

may lead to a futher reduction of the diffusional signal attenuation. In Fig. 4-11, two phase

encoding methods are compared with each for two resolutions, 5 Rm and 2 Rm. Since the

signal attenuation factor is symmetric about k=0, only half the k-space is shown. In both

cases, the maximum gradient strength was 1000 G/cm. At 5 Rm resolution, the difference

is hardly noticed but at 2 gm, the time-varying phase encoding shows less signal

attenutaion than the constant time phase encoding except at k=0 and k=kmax. Considering

the whole k-space, the difference at 2 gm resolution is about 10 %. This difference may be

more pronounced if the resolution becomes even higher. In that case, however, the overall

signal attenuation will be severe in both methods and so will the blurring of the point

spread function. Therefore, the time-varying phase encoding provides a modest

improvement over the constant time method.
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Figure 4-10. A pulse sequence for time-varying phase encoding
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Figure 4-11. Signal attenutaion factors for time-varying phase encoding and constant
time phase encoding. (a) 5 gm and (b) 2 gm k-space limited resolution. The solid line is
for time-varying phase encoding and the dashed line for constant time phase encoding.
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4.5 Diffusive Signal Attenuation during Slice Selection

In a slice selection process, a gradient is applied while a soft RF pulse is on. This means

that there will be signal attenuation due to molecular diffusion during this process. In most

cases, this effects has not been an important issue because the thickness of the slice is out

of the region where the molecular diffusion becomes effective. It has been general trend

that in 2D imaging, to improve in plane resolution the slice thickness was made rather

large. This trend is simply because, in most cases, the available signal-to-noise ratio is not

sufficient to achieve a thin slice while keeping the inplane resolution high. However, if

there is a margin in signal-to-noise ratio to adopt a thin slice with high inplane resolution,
the issue of signal attenuation during slice selection becomes important. Of course, for 3D

imaging the slice thickness is not necessarily small. However, 3D imaging is not always

an efficient way of taking images for every experiemnt. In this section, the estimation of

this effect is presented and a presaturation slice selection, as a possible solution, is

suggested.

A typical slice selection sequence is shown in Fig. 4-12, in which the first gradient

and the refocusing gradient are assumed to have the same amplitude and opposite sign.

The diffusional signal attenuation factor for this sequence may be calculated directly from

Torrey's equation. For simplicity, however, it was obtained by the following argument.

If molecular diffusion is ignored, the transverse magnetization in a selected slice are

in phase at the end of the refocusing gradient. For this to be correct, the transverse

RF

G

Slice Gradient

-G

Figure 4-12. A pulse sequence for slice selection.



magnetization just before the refocusing gradient should have a phase, exp(iy G x r) which

is made by the soft pulse and the first gradient. Concerning only of the phase of the

transverse magnetization in the slice, this phase could be made by a hard pulse followed by

a gradient G for r. Of course, by doing this we would not select a slice. However, since

we are concerned only with the signal attenuation effect during the slice selection, this

approximation to obtain the signal attenuation factor is reasonable. Based on this

assumption, the signal attenuation accumulated during slice selection is,
A(r) = exp(-2y 2G2D i 3 /3) [4-13]

The gradient strength, G, and the gradient on time, r, are determined by the slice

thickness and the shape of the soft pulse. If a 2 cycle sinc function is used for the soft
pulse and the pulse duration is 2 r, the excitation bandwidth, Afexcite, is 2/M x . This

excitation bandwidth is related to the slice thickness, Axexcite, as,
1

Afexcite = y GAXexcite. [4-14]
Jexcite 2itxct

For a given r, the gradient strength required is,
4rt

G = [4-15]
2Y'" Axexcite

Then the signal attenuation factor can be expressed in terms of Aexcite,
( 32Dr 3 [-6

A(T) = exp - 2Dr [4-16]3I Xexcite

The signal attenutaion factor and the required gradient strength as a function of slice

thickness are shown in Fig. 4-13 and 4-14.

In Fig. 4-13 the excitation bandwidth was set at 1 kHz, a common spectral

bandwidth for an NMR microscopy sample. The signal loss is about 5 % even at 100 gm

and rapidly increases as the slice becomes thinner. At 20 pm it is as much as 73 %.

However if the excitation bandwidth is increased by using a shorter cycle time and a

stronger slice gradient, the signal lose will be reduced. When the excitation bandwidth is

set at 4 kHz, as shown in Fig. 4-14, the signal loss is less than 5 % at 50 gm, and is 28 %

at 20 p.m. The gradient strength for 50 pm slice is 188 G/cm, and, for 20 gm, is 470

G/cm. This tells us that with slices as thin as 50 pm the signal loss can be restricted by

using a reasonably high gradient, but the conventional slice selection method may be

unsuitable for thiner slice due to diffusive signal attenuation.

An alternative method of slice selection is to presaturate the magnetization outside of

the slice to be selected. This has been used in volume selective NMR spectroscopy[4-10]
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dephase the transverse magnetization. Then a hard 7t/2 pulse is applied to excite the spins
within the slice.

The frequency profile required, shown in Fig. 4-15, is the reverse of that required in the

conventional slice selection. This profile can be achieved by using a cosine modulated sinc

function or a double sinc function.

As shown in Fig. 4-16, the magnetization outside the slice is excited by applying

the shaped RF pulse while a gradient along the slice direction is on. The excited

magnetization will be totally dephased by the crushing gradient that follows. After this, a

| !



hard pulse is applied without any gradient to excite the magnetization in the slice. This

method preserves the magnetization in the slice.

The quality of presaturation will be affected by the longitudinal relaxation recovery

of the saturated spins and the homogeneity of the RF coil. Another limitation of this

method is that it can not be used to acquire a 3D image, because an additional gradient for

spatial encoding along the slice direction, may effectively refocus the dephasing of the

magnetization outside the slice. We may avoid this problem by applying a very high

crushing gradient for a long time and strongly attenuate the signal by diffusion so that no

refocusing is possible. However, this would induce a gradient heating problem and

permits signal recovery due to T1 relaxation before the hard pulse.



Chapter 5

Constant Time Imaging

As demonstrated in the previous chapters, phase encoding is much more effective at

restricting the signal attenuation due to molecular diffusion than frequency encoding.

Therefore, constant time imaging (CTI) which uses only phase encoding in all spatial

encoding will be very effective in reducing diffusion effects. In this chapter, the general

features of CTI and the analysis of its sensitivity are presented. For further improvement

of the signal-to-noise ratio, a CPMG sequence is suggested in combination with CTI.

5.1 General Description

Constant time imaging (CTI), shown in Fig. 5-1, uses only phase encoding in all spatial

encoding[5-1,21 and collects a single data point at a fixed evolution time. Magnetization

grating for each data point are generated during a gradient evolution period and in

subsequent acquisitions the gradient strength is incrementally changed. The evolution of

spins due to time independent Hamiltonians, such as the secular component of the chemical

shift, magnetic susceptibility, and dipolar coupling will be constant and unobserved.

However, since the Hamiltonian for gradient interaction changes from data point to data

point the spin evolution due to gradient will be observed and so an area of k-space

sufficient to reconstruct an image can be acquired. Therefore, an image by constant time

imaging is free from artifacts induced by time independent internal Hamiltonains, and

magnetic susceptibility. This method has been imployed in solid state imaging where the

wide line induced by internal Hamiltonian is problematic[ 5-2]. In liquid state imaging, CTI

will also be very effective in restricting the signal attenuation due to molecular diffusion

since it uses only phase encoding in all spatial encoding. The effectiveness of phase

encoding with strong gradient is well demonstrated in chapter 4. Unfortunately it has the

drawback that since only a single data point in k-space is collected per excitation, it takes a

long time to acquire the required area of k-space to reconstruct an image. For example, in

CTI, an 3D image of N x N x N voxels takes an experiment time of N3 x TR, while in spin

echo imaging (SEI) it takes only N2 x TR. In the following section, the sensitivity of CTI

is compared with that of SEI.
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Figure 5-1. Constant time imaging. In all directions phase encoding is used.

5.2 Sensitivity of Constant Time Imaging

Before we perform a rigorous analysis on the sensitivity, it is helpful to consider a simple

argument on the sensitivity of CTI and SEI. In NMR microscopy, the three main factors

contributing to the signal-to-noise ratio of an image are the molecular diffusion, the

detection bandwidth, and the total experiment time.

Considering only the detection bandwidth for an image of N x N x N voxel, the

signal-to-noise ratio obtainable in a single signal averaging can be expressed as follows,
SNRCTI = C ST

p- [5-1]
SNRSEI = C ST

N Afspect

where C is a constant and ST is a total signal detected. As mentioned in section 4-2, the

detection bandwidth in CTI is the bandwidth of the NMR spectrum of the sample while in

SEI it is the bandwidth of image. Assuming that an optimal bandwidth is used in SEI, then

the detection bandwidth of SEI is N times larger than that of CTI and so the signal-to-noise
ratio of the image by SEI is less than that of CTI by a factor of 1/11. However, SEI

requires less experiment time by a factor of N to collect a single scan than does CTI.



Therefore, if we allow the same experiment time, N3 x TR, we can take N signal

averagings in SEI while only one averaging in CTI. This will improve the signal-to-noise

ratio of SEI by a factor of -N. Therefore, considering only the detection bandwidth

problem while keeping the experiment time same, and assuming an optimal gradient

strength for SEI, the signal-to-noise ratios of both methods are same.

If the effects of molecular diffusion are included, then the signal-to-noise ratio

available in a experiment time N3 x TR is higher in CTI than in SEI because CTI uses

phase encoding in all spatial directions while SEI uses a frequency encoding in the readout

direction. This is demonstrated below.

In NMR experiment, the sensitivity is usually defined as signal-to-noise ratio per

unit time and can be given as,

SNR = Sr 5SNR- ST [5-1]
NT'fT

where ST is the total signal intensity from no data points, NT is the total r.m.s. noise

intensity from n,, data points, and TT is the total duration of data acquisition divided by T1 .

This was calculated by following the procedure adopted by J. Link and Seeling[5-3] and S.

Gravina and D.G. Cory [5-21.

The r.m.s. noise in NMR microscopy experiment is given in Eq. 3-7. For a given

NMR probe and temperature, the noise depends only on the bandwidth. Therefore the
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Figure 5-2. Pulse Sequence of 3D spin-echo imaging

Figure 5-2. Pulse Sequence of 3D spin-echo imaging



noise can be given as,
N= C -Af, [5-2]

where C is a constant independent of the measurement technique. To compare different

imaging experiment, a reference noise is defined as,

No=C , [5-3]gTý

and the noise in each data point is calculated relative to this reference noise,

N= N,, Af [5-4]
Fn

Then the total noise during acquisition of no data points is

NT= n, N = N, n)TAf. [5-5]

In constant time imaging experiments, the signal measured at each step can be

described in terms of four parts,

S(n) = So exp(--Z )G(TR / T,, a)A(n, T,,), [5-6]

where So is the signal measured immediately following a 90 degree pulse, exp(- T, /T) is

the signal loss due to relaxation during phase encoding, G(TR / T,, a) is the signal

attenuation from Ernst angle excitation pulse a, and A(n, T,,) is the diffusional signal

attenuation factor. The Ernst angle factor[5-2,41] is,

G (TR/TI,a ) = sina, [5-7]
I-E 2

where
E =cos ca = exp(-TR/Tl)

The steady state signal-to-noise factor ( G(TR /TI, a)/1 TRIT1 ) describes the influence of

the repetition time and excitation angle and has the maximum value about 0.7 when TR I T

< 0.7. The diffusive signal attenuation factor is,

A(n, Tp) = Ax(n, TP)A, (n, TP)Az (n, TP), [5-8]

where
A,(n,T, )=exp(-2Gi,,D T /3) , i = xyz

Then the total signal from no data points is,
no

ST = I Snn= 1

= So exp(-T,, I T2)G(TR /T1,a) r JA(n,T,). [5-9]

n2=1 i=x.y-,z



Considering that, in CTI, only one data point in k-space is detected from each excitation,

the total duration of acquisition divided by T1 is

TT = noTR [5-10]
Tj

From Eq. 5-5, 5-9, and 5-10, the sensitivity of CTI is,
1 no

SNRcrT = 1S,, exp(-T, / T)G(TR TI, a) JJA.(n, T,) [5 -11]
NonoT2TRAf / TI n=1 i=x,y,z

In spin echo imaging, the detection bandwidth is no / T,,acq and therefore the total

noise for a single echo is,

NT = Nfono Tq [5-12]VTacq

The signal during the acquisition time is,

S(t,) = So exp(-t, / T2)exp(-jt 0 - TEI / T)G(T, / T,,TE)A(t,), [5-13]

(n - 1)
where, t,, = TP + (n_ Ta

(n=+ --1)Tcl

and G(TR/ TITJ E) = 1- 2expTRTE/2 +exp(-TR / TI).
T,

The steady state SNR factor G(TR IT, TIE,) TRI T has the maximum value 0.62 when

TR = 1.5 T1. The diffusional signal attenuation factor in phase encoding directions are the

same as in CTI and that in the readout direction is the same as was given in Eq. 4-7.

Assuming equal strengths for the first and the second gradient in the readout
direction, TE = Tacq = 2TP and then the total signal from a single echo is

ST=•."exP( (no + 2n- 3)Tn D e(-no + 2nlTP n 1 )T
S = nSo exp  (n - exp - G(TR / TI,TE)A(t,),[5-14]ISO 0 - 1)U2 0 -1)T2n=1

where,

1 2 2(n - 1)Tp (-n o + 2n - 1)TpA(tn) = exp ~ y DG2x 2 (n - Ano -1) A(tn)Az(tn).

The total duration of acquisition of a single echo divided by T1 is
TT =-TR. [5-15]

T1

From Eq. 5-12, 5-14, and 5-15, the sensitivity of SEI is,

SNRSEI = SoG(T / T, T)
Nn/TRT/T acqT (R )



no (no + 2n - 3)Tp I-no + 2n - ITPx exp (n )T exp- A(n -T A(tn). [5-16]
n=1 0 - U2 0 2

When we consider the diffusion effects, as a "rule of thumb" the parameter of
significance is AXdff/Ax ptxel, where Axdiff is the one dimensional r.m.s displacement of

spins over a gradient on-time and Axpixet is a pixel resolution of an image. Axdiff, AXpixel,

and Axdiff /AXpixel are given below,

AXdif = f 2 DTg,

AXpixeI = 1/2 kmax

Axdiff •Axpixel = 2kmax 2DTg,
where Tg is the gradient on-time. While the parameter Axdiff /AXpixel measures the overall

significance of diffusion in NMR imaging, its precise effect depends strongly on the

imaging pulse sequence used.

The sensitivity of ID CTI was compared with that of 1D SEI as a function of the
parameter Axdiff /Axpixel. Since Axdiff ~Apixel depends on the pixel size, the diffusion

constant of a sample, and the gradient on-time, the comparison was performed in two

different conditions. First, the diffusion constant was varied while the pixel resolution was

kept constant and second, the pixel resolution was varied while the diffusion constant was

kept constant. Since the effects of the gradient on-time, which corresponds to the variation

of gradient strength, was described in the previous chapter, it is not considered here. In

CTI, the maximum gradient strength was assumed to be 1000 G/cm and, in SEI, the

gradient strength was determined by matching the pixel bandwidth with the spectral

bandwidth. The spectral bandwidth was taken to be 1 kHz.

The results for the first case is shown in Fig. 5-3, in which the pixel resolution is 5

gm and the diffusion constant is varied from 0.01 to 5 gm2/msec. The parameter
AXdif /pixeI increase with diffusion constant. As expected, the sensitivity of CTI is

better than SEI in all ranges of Axdiff /Apixel. When Axdiff/ lAXpixel is small, the difference

is small. However, as Axdf./Axpiexl increases, the sensitivity of CTI slightly decrease

while that of SEI decreases appreciably, and so the ratio of the sensitivities,
SNRcrT/SNRSEI, increases. This comes from the effectiveness of phase encoding to

restrict the diffusional signal attenuation.

The results of the second case is shown in Fig. 5-4. The available number of spins

is reduced with the voxel size, which consequently reduce the signal intensity. This affects

both CTI and SEI equally, and so is not considered in this calculation. The diffusion

constant is assumed to be 1 gm2/msec and the pixel size is varied from 1 to 20 tm. As the
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pixel size decreases the parameter Axdiff /Apixel increases dramatically. This shows how

important molecular diffusion is in high resolution NMR microscopy. Although the
sensitivities of both CTI and SEI decrease with Axdiff /Axpixel, the ratio of the sensitivity of

CTI to that of SEI increases with Axdff /AXpixeil i.e. as resolution becomes higher. This

tells us that the effectiveness of CTI in restricting the diffusive signal attenuation compared

to SEI is more pronounced as the resolution is improved.

As we can see from the results of the first and second cases, the sensitivity of CTI

is always better than SEI. However, this does not mean that CTI is always a better choice

than SEI. If the signal-to-noise ratio available in each signal averaging is large so that, in

SEI, an N x N x N image with an acceptable signal-to-noise ratio can obtained by less than

N signal averagings, the experiment time of SEI can be less than N3 x TR. However, in

CTI each signal averaging takes N3 x TR, the experiment time is at least N3 x TR. In this

case SEI may be the better choice.

The minimum experiment time to acquire an image with a certain signal-to-noise

ratio or better was calculated for the first case. In this calculation it is assumed that the

required signal-to-noise ratio is less than the available signal-to-noise ratio in CTI by a

single averaging and larger than that in SEI. Therefore, the experiment time of CTI is

restricted by the total experiment time for a single averaging and is constant in this case.

However, in SEI, the required signal-to-noise ratio can be matched by adjusting the
number of signal averagings. Since the sensitivity of SEI decreases with Axditf / p ixel,
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the number of signal averagings increases with Axdiff /AXpixe and the experiment time also

increases. These are shown in Fig. 5-5. Above the crossing point A, CTI takes less

experiment time, and below A, SEI takes less. Therefore we may say that above A where

the diffusion effects are more important, CTI would be better than SEI while below A

where the diffusion effects are less important, SEI would be better than CTI. The position

of crossing point A will depend on the required signal-to-noise ratio.
This argument can also be applied to the second case. Since Axdiff/Axpixel increase

with the pixel size, we can infer that CTI would be the better choice in very high resolution

NMR microscopy. The exact crossing point A may depend on several NMR parameters

such as Ti and T2 as well as the diffusion constant of sample.

5.3 CPMG Sequence to Improve SNR

The signal-to-noise ratio in NMR experiment can be increased by signal averaging.

However, this might not be desirable in CTI since each signal averaging takes a very long

time. Here a way to improve the signal-to-noise ratio with a minimal experimental time is

introduced.

A Carr-Purcell-Meiboom-Gill (CPMG) sequenceE55l is applied during the relaxation

period of CTI, as shown in Fig. 5-6. The CPMG sequence is a series of 7 pulses and

generates a series of echoes. Each echo peak corresponds to either +k or -k alternately

because the t pulses switch the phase evolution by the phase encoding gradients. All echo

peaks are collected, and the odd echo peaks (+k) and the even peaks (-k) are added

separately. Therefore, the signal-to-noise ratio is enhanced in a single excitation. Since we

only use the relaxation period, no additional experiment time is required in this method.

Furthermore, the collection of both +k and -k in a single excitation may allow us to reduce

the number of phase encoding steps required to collect the whole k space by half.

Consequently the total experiment time is reduced by half.

The gain in the signal-to-noise ratio by CPMG sequence depends on the repetition

time TR, the number of n pulses during TR, and the T2 of the sample. The efficiency of

the CPMG sequence in CTI is calculated for two different T2's and is shown in Fig. 5-6.

In this calculation it is assumed that the whole phase encoding steps are used and the

interval between 7c pulses is 4 msec. In both cases the maximum gain occurs when the total

duration of CPMG is T2, and these gains are 3.3 for T2 = 100 msec and 2.3 for T2 = 50

msec. To achieve this gain in SNR by conventional signal averaging, the total experiment
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time would be increased by factor of 10 and 5 respectively. Therefore, the CPMG

sequence has great potential to save experiment time in CTI.

5.4 Experiment Time in Constant Time Imaging.

In high resolution NMR microscopy, most experiments takes a long time to achieve enough

signal-to-noise ratio to reconstruct an image. It was shown in the section 5.2 that CTI may

be the better choice in very high resolution NMR microscopy. However, the long

experiment time to acquire a single scan is still problematic. For example, when the

repetition time TR is 1 sec, an 3D image with 128 x 128 x 128 voxels takes about 24 days,

which is not practical at all.

The problem may be overcome by using a shorter TR and a smaller number of

voxels. Some examples are given in table 5-1. If TR is set 100 msec and the number of

voxels are 64 x 64 x 64, the experiment time for a single scan becomes 7.3 hours, which

is reasonable in high resolution NMR microscopy. However, there are penalties associated

with this. Since the repetition time is determined by the T1 relaxation time, the use of a

shorter repetition time requires doping samples with relaxation agent to reduce T 1. Such

doping may require a very delicate skill process and may not be applicable to all samples.

The repetition time is also restricted by the duty cycle of the gradient set since a fast

repetition causes heating of the gradients. Second, the reduction of the number of voxels

while keeping the resolution high reduces the FOV of the image. For example, an 64 x 64

x 64 image with a voxel size of 5 x 5 x 5 gm3 has a FOV of 320 gm x 320 gm x 320 gm.

However, since the main application of high resolution NMR microscopy may be at the

cellular level, a small FOV may be acceptable. To decrease the total experiment time, we

Table 5-1. Examples of experiment time in constant time imaging.

No. of data TR Voxel size (gm3) FOV Exp. time /scan

points (msec) (tm 3) (hr)

128 x 128 x 128 1000 5 x 5 x 5 640 x 640 x 640 582.5

128x 128x 128 100 5 x 5 x 5 640 x 640 x 640 58.2

64 x 64 x 64 100 5 x 5 x 5 320 x 320 x 320 7.3

256 x 256 100 5 x 5 X Axslice 1280 x 1280 (pm 2) 1.8



may also reduce the number of data points in one direction. One extreme example is to take

a slice selected 2-D image rather than a 3-D image. In the slice selected 2-D imaging

experiment, an image with a reasonably large inplane FOV can be acquired within relatively

short experiment time.



Chapter 6

NMR Microscopy Probe Design

To implement the ideas discussed in the previous chapters, a strong gradient set and a

sensitive RF receiver is required. A NMR microscopy probe for a standard bore Bruker

AMX 400 MHz spectrometer was developed. This is equipped with a gradient set
consisting of three orthogonal gradients with maximum strengths of 1000 G/cm for Gy,
1000 G/cm for Gz, and 250 G/cm for Gx, at 30 A, and an efficient small RF coil wrapped

directly on a sample tube.

6.1 Strong Magnetic Field Gradient Set

In NMR imaging experiment the spatial grating of magnetization is generated by
magnetic field gradients. Therefore, three orthogonal gradients G,(= dBz/dx),

Gy(= dBz/dy), and Gz(= dBz/dz) are required. As shown in the pervious chapters, these

gradients need to be very strong to restrict the diffusional signal attenuation in high

resolution NMR microscopy. In addition, the gradient set requires a fast switching time

to allow a short strong gradient pulse, a uniform value in the imaging region to avoid

image distortion and a minimal coupling with surrounding conductors to restrict eddy

current.

The geometries of the coils for given gradient strength were determined based on

a series of calculations : first by a series expansion method for idealized coils16-11 and then

by Biot-Savart theory[6-2] for actual coils. Based on these calculations, the strength,
linearity, and efficiency of coils were known prior to construction of the coils.

In the gradient set developed in this research, the gradient coils Gy and Gz are

quadruple coils and Gx is a Golay coil. The schematic diagram of current paths of the

gradients are shown in Fig. 6-1. Gz has two current paths per quadrant at 300 and 600

positions and all current paths are connected by return paths which are not shown in the

diagram. Gy is obtained by rotating Gz by 450 and Gx is a simple Golay coil with

K=0.40 R, Kr = 1.64 R and 0 = 600. The number of copper wires per each current path

are 4 in Gz, 6 in Gy, and 4 in Gx and the wire diameter is 0.33 mm. The radius of the
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current paths, which is the distance from the origin of the axis to the bottom of the current

paths, are 3.6 mm in Gz, 4.7 mm in Gy and 5.8 mm. The average length of the coils in

the x-direction is about 17 mm. This relatively small size of the gradient set both

increases the efficiency of the coils, and reduces eddy currents and inductive switching

times.

The calculated gradient strength of the coils are 1005 G/cm for Gz, 1017 G/cm for

Gy, and 310 G/cm for Gx at 30 A. Fig. 6-2 shows contour plots indicating percentage

deviation from these values. The radius of useful volume, which is defined as a region

where the deviation is less than 1 %, is summarized in table 6-1.
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Table 6-1 Radius of useful volume in gradient coils

Gx Gy Gz

z (mm) R (mm) x (mm) R (mm) x (mm) R (mm)

0.0 1.6 0.0 2.1 0.00 1.8

2.0 1.0 2.0 2.1 2.00 1.6

Table 6-2 Gradient strength and melting time.

Gx Gy Gz

Cal. Meas. Cal. Meas. Cal. Meas.

Gradient at 30 A 310 250 1018 1048 1006 1048

(G/cm)

Resistance (.0) 0.15 0.19 0.26 0.28 0.17 0.18

Power at 30 A (W) 135 171 234 252 154 162

tmelt (sec) 1.07 - 1.11 - 1.13 -

The gradient coils are wound on a 14 mm o.d. x 24 mm long cylindrical coil

former that is transverse to the main magnetic field. Fig. 6-3 shows the detailed geometry

of the former. The former is made of delrin and is machined by using a numerically

controlled milling machine. The z gradient coil is placed in the inner most layer, the y

gradient coil in the next and the x gradient coil in the outer most layer. For mechanical

stability, the coils were fixed at position by Epoxy glue.

The strengths of the constructed coils were measured with 400 MHz imaging

system at Bruker Instruments Inc. and compared with the calculated values, shown in

table 6-2. They are well matched except in the x gradient. Since the coils are wound

manually from inside to outside, there are certain errors in placing the wires at position as

designed. This is most pronounced in the x-gradient which is placed at the outer most

layer.

In fast repeating or long experiments which are the usual cases in NMR

microscopy, the heating of the gradient set is one of the limiting factors. The resistance

of each coil was measured and compared with calculated values. Based on these, the heat

generation in each coil at current 30 A and the time for each coil to melt under a

continuous power supply are calculated. In the calculation of the melting time it is
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assumed that the generated heat is accumulated in coils with no heat transfer to

surrounding. Although this calculation is crude, it provides an order of magnitude for

time that we can turn on the gradient continuously. In practice, the gradients are applied

as pulses on the order of 1 msec, and in most experiments the duty cycle of the gradient

set is kept to less than 1 % for safety. To prevent the coils from melting during the

experiment, a fuse is inserted into the power supply line of each coil.

6.2 Sensitivity of RF Micro Coils

In NMR microscopy, the signal is detected by the interaction between a sample and an

RF coil, and the noise is dominated by the thermal noise in the coil. Therefore, the

performance of the RF coil is directly related to the signal-to-noise ratio. The

characteristics of the NMR receiver for large scale samples have been well investigated[6-

3], but most results are not appropriate for microscopic scale samples which requires small

RF coils. Among different coil geometries(e.g. solenoidal, saddle, birdcage, and surface

coils), solenoidal coil shows the highest sensitivity and are commonly used in NMR

microscopy. The performance of solenoidal micro coils was investigated for two cases :

first, given a sample volume and static magnetic field strength, the sensitivity of micro

coils as a function of the number of turns in coils, and second, given a static magnetic

field strength, the sensitivity as a function of coil diameter(i.e. sample diameter).

For a constant sample volume, by rearranging Eq. 3-9, the signal-to-noise ratio

can be put into a simple form,
SNR (B / i)xy

SNR . [6-1]

The geometry of solenoids is given in Fig. 6-4. In this calculation a cylindrical sample of

length 2.0 mm and diameter 1.5 mm was used. This is the size which is appropriate for

the NMR microscope developed in this research. Considering the finite thickness of

sample tube, the diameter of the coil was assumed to be 1.7 mm plus the diameter of

wires. The spacing between the wires were set at half of the wire diameter, which

optimize the performance of each coil with respect to proximity effect, and the proximity

effect was assumed constant in all coils. The resistance of each coil was calculated using
Eq. 3-8 at room temperature and a static magnetic strength 9.41 T. (B1 / i)•, is well

known for solenoids,

(BI i) on n >>1, [6-2]
D( i 1+(Lg / D c) 2
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Figure 6-4. Geometry of a solenoidal coil.
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Figure 6-5. Sensitivity of micro coils for a constant sample volume. A cylinderincial
sample with diameter 1.5 mm and length 2.0 mm is assumed. As the number of turns, N,
of solenoidal coil is increased, the diameter of coil decrease to fit in the fixed length of
the sample. The relative SNR increases with N but, since the resistance of coil increase
more rapidly than (B1 / i) ,, becomes saturated.
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where #o is the permeability of vacuum and n is a number of turns of coil.

The results are given in Fig. 6-5. As we increase the number of turns, the wire
diameter decreases to fit in the given length of coil. (B, / i)X increases with the number

of turns but its contribution to the signal-to-noise ratio is compensated by the increase in

resistance. Therefore, the relative signal-to-noise ratio increase with the number of turns

and levels out at about n=6. The maximum gain in the signal-to-noise ratio is 35 %

compared with the value at n=2. Considering that the proximity effects, which was

assumed constant in this calculation, may be pronounced in the coils with more number

of turns, the proper number of turns are between 5 and 8 for the sample volume

considered here.

As we can see from Eq. 6-2, the sensitivity of signal detection is enhanced when

the diameter of solenoids is reduced while maintaining the length-to-diameter ratio
(Lg / Dc) constant. To properly understand the effects of coil diameter on the signal-to-

noise ratio, the dependence of resistance on the coil diameter should also be considered.

The sensitivity of solenoids with diameter 0.5 to 3.0 mm were calculated at 9.41 T and

expressed in terms of the detectable number of spins. In this calculation the detection

bandwidth was assumed to be 1 kHz. The detectable number of spins is defined as the

number of spins which gives a unit signal-to-noise ratio in a single detection. Fig. 6-6

shows that the detectable number of spins decreases as the diameter of coil (sample)

decreases. This tells us that as we decrease the diameter of coils we can detect a smaller

number of spins and therefore can achieve a finer resolution. This agree with the results

of others[6-4,5,61.

As shown in Fig. 6-6, when the diameter of the sample is about 0.5 mm, the

detectable number of spins is calculated to be 5 x 1014. The measured value is 3.5 x 1015

spins with a 1.3 mm sample diameter. This value was obtained from an 3D SEI image

with resolution 5 x 5 x 20 gm3 and detection bandwidth 25 kHz by assuming that the

receiver bandwidth could be down to 1 kHz. As shown in the previous chapters, this

narrow bandwidth is achievable using CTI. In the actual measurement, there are many

noise sources other than the coil noise, and these make the difference between the

measured value and the calculated value. If the extra noises are removed, the sensitivity

will be much closer to the calculated value and we expect that the minimum detectable

number of spins is about 2 x 1015 spins at 400 MHz with a 0.5 mm sample diameter.
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Figure 6-6 The detectable number of spins in a single excitation as a function of sample
diameter at 9.41 T. Small solenoid RF coil is directly wrapped a sample tube. Diameter
of wire used is (a) 0.5 mm, (b) 0.1 mm, and (c) 0.27 mm. (c) is a measured value with
3D spin-echo imaging.

6.3 NMR Microscopy Probe

A NMR microscopy probe on a standard bore (54 mm) Bruker AMX 400 MHz

spectrometer was developed and its schematic diagram is shown in Fig. 6-7. Compared

to commercially available NMR microscopy probes the probe has the unique features of

much stronger and more efficient gradients, very high sensitivity RF circuits and a

sample arrangement that is optimized for small tissue specimens.

The gradient set consists of three orthogonal gradients with maximum strengths of 1,000

G/cm for Gy, 1,000 G/cm for Gz, and 250 G/cm for Gx, at 30 A. The reduced efficiency

of Gx compared with either Gy or Gz reflects the relatively simple coil geometry used,

and is most useful for high resolution images with non-isotropic voxels. For pure water

at room temperature, which has diffusion constant of 2.7 pm 2/msec, a gradient strength of

1,000 G/cm is strong enough to virtually remove the diffusional signal attenuation at

resolution as fine as 2 gm. Considering that the diffusion constant of most biomedical

samples is less than that of free water, the strength 1000 G/cm may be used for resolution

higher than 2 gm.
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Figure 6-7. Schematic diagram of the NMR microscope probe. The sample is placed
within a precision bore capillary tube and is then loaded into the gradient and RF coil set
through a horizontal access hole. The RF coil is wrapped closely to the sample for good
RF efficiency and the gradient set is kept small for high performance.

A small solenoid RF coil is placed inside of the gradient set and tightly wrapped

around the sample tube. As shown in the previous section the signal-to-noise ratio per

unit sample volume increases as the size of coil dimensions decrease. The inner diameter

and length of RF coil is 1.7 mm and 2.0 mm respectively. The number of turns is 6 and

the copper wire diameter is 0.27 mm. The size of the RF coil can be varied to

accommodate other sample sizes. This design is appropriate given the small field of view

and small samples that are encountered in microscopy.



Chapter 7

Representative Images
and Application to Biomedical Research

At 400 MHz spectrometers, a series of images have been taken by using the NMR

microscopy probe developed. Some representative images which experimentally show the

ideas discussed in the previous chapters are presented in section 7-1 and the application to

biomedical research is introduced in section 7-2.

7.1 Images of Water Phantom.

The resolution in NMR microscopy is limited by the available signal-to-noise ratio which is

mainly determined by the size of the voxel and the diffusive signal attenuation. As the

voxel size becomes smaller, the available number of spins decreases and the signal

attenuation due to molecular diffusion in the presence of magnetic field gradient becomes

very important, especially at resolution higher than 10 Rm. As shown in the previous

chapters, the diffusional signal attenuation can be reduced by using short intense gradient

pulses.

The images in Fig. 7-1 shows the effects of voxel size and gradient strength on the

signal-to-noise ratio. The sample is a doped water (TI = 100 msec) phantom containing

fiber capillaries with i.d. 100 gm. To see the effects of the phase encoding gradient

strength only, the detection bandwidth was kept constant 100 kHz. The total experiment

time of each image was kept the same at 1 min. 17 sec. As the inplane resolution is

changed from 14 gm x 14 gm to 7 gm x 7 gm, the signal-to-noise ratio is decreased by a

factor of about 3 to 4, which is expected from the reduction of voxel size by a factor of 4.

As the strength of maximum phase encoding gradient is increased from 100 G/cm to 1000

G/cm, in the images of 7 gm x 7 gm resolution the signal-to-noise ratio noticeably

increases (by about a factor of 2). This shows the effectiveness of strong gradient reducing

the diffusional signal attenuation. To achieve the same amount of improvement in the

signal-to-noise ratio by signal averaging, the total experiment time must be increased by a

factor of 4. The gain by using strong gradient is thus remarkable. However, in the



(a) (b) (c)

(d) (e) (f)

Figure 7-1 2D SEI images of a water phantom showing the effects of voxel size and
gradient strength. Top three images(a, b, and c) have a inplane resolution 14 jim x 14 gm
with a slice thickness 200 gm and bottom three (d, e, and f) have a inplane resolution 7 jm
x 7 jim with a slice thickness 200 jm. The maximum phase encoding gradient strengths
are 1000 G/cm (in a and d), 500 G/cm (in b and e) and 100 G/cm (in c and f). Each image
was taken in 1 min. 17 sec with TR = 300 msec. To keep the experiment time of each
image same, top three have 2 averages and bottom three have 1 average. The signal-to-
noise ratio of a, b, and c are 5.3, 5.3, and 4.6 respectively and that of d, e, and f are 1.9,
1.8 and -1.0.

images of 14 im x 14 jm resolution the improvement in signal-to-noise ratio is very small.

This proves that molecular diffusion is important mostly at resolution beyond 10 jim.

When spins are confined to spatial regions by the presence of boundaries where the

Brownian motion is impeded, the diffusive signal attenuation at the boundaries is reduced

compared to bulk region. This leads to bright features at boundaries and is well illustrated

in Fig. 7-2. The edge enhancement may be a useful information about local heterogeneity

of sample.



(a) (b)
Figure 7-2 2D spin echo images of water filled in a tube with i.d. 1.3 mm. (a) The
image was obtained with a read gradient 70 G/cm and TE = 6.73 msec, and shows uniform
image intensity. (b) The image was obtained with a weaker read gradient 17.5 G/cm and a
longer echo time TE = 27.09 msec allowing longer diffusion time. While the signal at
unbounded region are attenuated by diffusion, the signal at the wall where molecular
diffusion along the direction of the read gradient is restricted is preserved, showing bright
crescent features.

It was shown in chapter 5 that constant time imaging is very effective in avoiding

diffusional signal attenuation and may be the better choice especially when the total number

of signal averagings required in spin echo imaging is larger than the number of data points

along the frequency encoding direction. Fig. 7-3 shows a 2D 256 x 256 CTI image of a

water phantom obtained in 5 hours and 30 minutes with a single average and a 2D 256 x

256 SEI image acquired in a same amount of time with 256 averages. Both images have a

k-space limited inplane resolution 5 im x 5 gm with a slice thickness 200 gm.

In the CTI image, the receiver bandwidth was set at 5 kHz and the maximum

strength of phase encoding gradient was 1000 G/cm, which is strong enough to avoid the

diffusive signal attenuation at 5 gm resolution. Therefore, as well as due to internal

Hamiltonian and magnetic susceptibility, the point spread function due to diffusion is a

delta function. In this case, the k-space limited resolution is a true resolution of the image.

The image shows no distortion and allows us to clearly see the sharp features in the

sample.



(a) (b)

Figure 7-3 2D constant time image and 2D spin echo image of a water phantom containing
fiber capillaries with i.d. 50 gm and 100 gm. Both images were obtained in 5 hours and
30 minutes with TR = 300 msec and have a k-space limited inplane resolution 5 jm x 5 jm
with a slice thickness 200 pm and FOV 1.28 mm x 1.28 mm. (a) Constant time image was
obtained with a single average and a detection band-width 5 kHz and has a signal-to-noise
ratio 3.2. This is a very sharp image with no distortion (b) Spin echo image was acquired
with 256 averages and a detection bandwidth 100 kHz, which is less than the optimal
bandwidth. The signal-to-noise ratio is 3.5. This image is less sharp than a) and shows
bright features, distortion due to magnetic susceptibility. The horizontal streaks in the
images are artifacts induced during image data transfer.

In the SEI image, the receiver bandwidth was set at 100 kHz(which corresponds to
a read gradient of 180 G/cm) and the maximum strength of phase encoding gradient was

1000 G/cm. The receiver bandwidth was less than an optimal bandwidth at which each
pixel covers the spectral width of the sample. Considering that the spectral bandwidth of

the sample was about 1 kHz, the receiver bandwidth should have been set to 250 kHz.

However, due to a practical problem in the NMR spectrometer, it was set at 100 kHz.
Therefore, the true resolution of this image is lower than the k-space limited resolution.

Considering the diffusive line broadening along the direction of read gradient, the actual
resolution would be lower still. Therefore, the image shows less sharpness than the CTI
image, and, furthermore, shows bright features at the outside boundaries of fiber capillaries



The signal-to-noise ratio of both images are about same (3.2 in the CTI image and

3.5 in the SEI image). However, considering that in the SEI image the improper setting of

the receiver bandwidth enhanced the signal-to-noise ratio by a factor of -F2 costing the true

image resolution, at a same true resolution the signal-to-noise ratio of the CTI image is

higher than that of the SEI image. This agrees with the theoretical prediction in chapter 5.

Two representative high resolution images of water phantoms are given in Fig. 7-4

and 7-5. These are among the highest resolution images published7-1,2, 31.

sphere capillary tip

capillary "

sphere

Scapillary
capillary tip

Figure 7-4 3D Fourier image of doped water (T1 = 100 msec) in a phantom containing
drawn two capillary tubes, two polystyrene spheres and two capillary tips. The image
resolution is 5 x 5 x 20 pm3, with a field of view 1.28 mm x 1.28 mm x 320 pm. The
image was acquired in 18.2 hours with 10 averages and, TR = 100 mins, TEgrad = 829 ps,
and TEspin = 2.01 ms.
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Figure 7-5 3D Fourier image of a doped water phantom (TI= 100 msec) containing two
capillaries and one polystyrene sphere. The image resolution is 5 p.m x 5 p.m x 17 pm, with
a field of view of 1.5 mm x 1.5 mm x 2.2 mm. The image was acquired in 4 hours with 2
averages and, TR = 80 ms, TE = 850 ps. The difference of signal intensity in capillaries
and bulk water reflects differences in the relaxation times in the various regions
corresponding to differences in the doping concentrations.



7.2 Application to Biomedical Research

Since NMR microscopy could provide information not easily obtained by other techniques,

a successful NMR microscopy would have substantial value in biomedical research.

Although its spatial resolution is poorer than conventional microscopy such as optical

microscopy, NMR microscopy has two major advantages. First, it allows us to obtain

three-dimensional information without sectioning, and second, image contrast can be based

on a variety of NMR parameters such as proton density, spin-lattice relaxation time, spin-

spin relaxation time, and diffusion coefficient. Therefore, NMR microscopy can

complement traditional measurements in biomedical research by providing new information

about local chemistry, morphology, and spin transport.

One great potential of NMR microscopy can be found in the rapid histological study

of small excised tissuet7-4. The NMR microscopy probe developed in this research is quite

appropriate for this purpose. Fig. 7-6 shows an example of NMR microscopy used for

rapid histological studies performed in collaboration with SmithKline Beecham

Pharmaceuticals. The images are of a healthy artery and an artery with atherosclerosis in

which we can clearly distinguish the differences in artery wall thickness. This was

acquired in only 28 minutes, and considering that in the past this information has been

a) b)
Figure 7-6 Images of a healthy rat artery a), and a rat artery with atherosclerosis b). The
images were acquired using multi-slice 2D spin echo in 25 minutes with 8 averages, and
have an inplane resolution of 13pm x 13pm with a slice thickness = 200pm. TE = 10 msec
and TR = 1 sec. In the images we can clearly distinguish the differences in artery wall
thickness.
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Figure 7-7 Images of a Drosophila melanogaster (adult fruit fly). The images were
obtained using multi-slice 2D spin echo in 40 minutes, and have an in plane resolution of
20 pm x 20 pm with a slice thickness of 200 pm. a), b), c) and d) show the different slices
from bottom to top.



obtained through labor intensive optical measurements, the usefulness of NMR microscopy

is substantial.

The NMR microscopy probe is also appropriate for small living creatures such as

Drosophila melanogaster which is one of the most favorite samples used in DNA research.

Fig. 7-7 shows multi-slice 2D spin echo images of Drosophila melanogaster. The images

were obtained in 40 minutes, and have an in plane resolution of 20 Im x 20 Rm with a slice

thickness of 200 gm. In gene replacement research, the full three-dimensional information

of gene replaced samples as a function of time is crucial to follow the development of the

sample. NMR microscopy can possibly follow the development of gene replaced samples

and identify the effects of gene replacement.



Chapter 8

Conclusion

It is widely accepted that a successful NMR microscopy would have a great impact on

biomedical research. However, the prevailing opinion is that for practical applications the

spatial resolution of image still must be improved. The limiting factors to the resolution of

NMR microscopy images were discussed. Among those factors, molecular diffusion in the

presence of magnetic field gradient is the most important at resolution higher than 10 Rm.

Molecular diffusion blurs the magnetization grating created by the gradient, reduces the

signal intensity, and broadens the point spread function of a image. A way to avoid this

problem was investigated. It was shown that the diffusive signal attenuation can be greatly

reduced or avoided by imploying strong magnetic field gradients. Using strong gradients,
the gradient on-time can be very short and therefore, the diffusion time of spins during

gradient pulse is reduced. However, the use of strong gradient increases the receiver

bandwidth in frequency encoding detection and increases the thermal noise of an image. It

was shown that constant time imaging, which use phase encoding in all directions, does

not suffer this problem and be very effective to restrict the diffusive signal attenuation.

Compared to spin echo imaging, constant time imaging can achieve a better signal-to-noise

ratio within a given experiment time.

A NMR microscopy probe on a standard bore Bruker AMX 400 MHz spectrometer

was developed, which has a very strong gradient set with maximum strength of 1000 G/cm

at 30 A and a very efficient radio frequency receiver. The gradient strength of 1000 G/cm

is strong enough to avoid molecular diffusion problem at resolution down to 2 Rm. Using

this probe the effects of gradient strength on the diffusive signal attenuation was measured

and it agrees with the theoretical prediction. A constant time image with a resolution 5 gm

x 5 gm x 200 gm was acquired and compared to a spin echo image with a same k-space

limited resolution which was obtained in same experiment time. Considering the true

resolutions of images, the constant time image shows a better signal-to-noise ratio and

image quality. Some 3D images with high resolutions 5 gm x 5 gm x 17 gm and 5 Rm x 5
gm x 20 gm were acquired and presented



The developed probe is quite appropriate for small excised tissues or very small

creatures used in biomedical research. Some images of rat arteries and Drosophila

melanogaster were acquired. These show the great potential of NMR microscopy as a

powerful tool in biomedical research.

For further improvement of the resolution requires more research on the way to

enhance the signal-to-noise of experiment. In the case of constant time imaging some gain

may be achieved by applying a CPMG sequence during detection period. Signal

averaging, one straight forward way of improving the signal-to-noise ratio, is limited by T1

relaxation time of a sample. Considering all factors, the improvement of the resolution

from 5 gm to 2 gm is not presently limited by the signal attenuation due to molecular

diffusion but rather is limited by T1 relaxation time of a sample, especially in a tissue

sample. Therefore, the research on the control of T1 relaxation time in tissues would make

the achievable resolution one step closer to 2 gm.
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