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Figure 9.27 Safe imaging times at the indicated thermal index
for different body temperatures.

display panel when the equipment itself can exceed an
index value of 1. Index values less than 0.5 are below
the threshold level for any effect and are considered
safe. Above this level, the risks should be considered.
The exposure time should be reduced appropriately as
the Tl increases above the value of 1. The approxima-
tion in Figure 9.27 shows that with a TI of 3 indicated,
a normal patient may be scanned for 10min, whereas
for a patient running a temperature of 39°C, scanning
for even less than 1min will jmply a non-safe situ-
ation. Thus particular care is needed when the patient
is feverish and when using pulsed Doppler systems.,

9.16 SUMMARY

o Ultrasound is inaudible sound (frequencies above
20kHz).

& Ultrasound waves are produced by a transducer (a
piezoceramic) that converts an electrical signal into
an ultrasound beam. The transducer also acts as
the receiver.

¢ Clinical ultrasound, having a short wavelength
(frequencies from 3.5 to 15MIHz), can be formed
into a narrow beam.

=2

Ultrasound is not electromagnetic radiation, but
like light it does undergo reflection and refraction
at the interface between two different media.
Clinical ultrasound produces images from echoes
reflected from internal tissue structures and
interfaces.

The echo return time is proportional to the depth
of the structure, and the intensity depends on the
tissue composition.

Computer analysis of the transmitted and received
signals from sector scarners enables anatomical
displays in real time,

Mechanical scammers generally produce better
images, but electronic scanners are easier to handle
and are more robust.

" Soft tissues that are too similar to be distinguished

by planar X-ray contrast can be imaged.

Microbubbles or nanoparticles can be used as con-
trast media.

Ultrasound does not pass easily across tissue-air
or tissue-bone interfaces, so lung and intracranial
images are not generally practical.

The Doppler effect is used to image the direction
and velocity of bloed flow.

Signal to noise ratio and image quality improve as
better instrumentation is developed.

Most noise is electronic from the very small
cutrents measured; additional noise comes from
teverberations in the patient or in the transducer
probe,

Ultrasound, at normal diagnostic intensity
levels, has no known deleterious effects and so is
considered safe when indicated for fetal imaging.
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Magnetfic tesonance imaging (MRI) uses radiowaves
and magnetic fields. Although the nuclei of all atoms
contain protons, only those with an odd number pos-
sess the property called nuclear magnetic resonance.,
Hydrogen has a single proton and thus a large mag-
netic moment, and it is abundant in the body; in water
{free or attached to other molecules) and in fat, and so
provides the best MRI signals.

The patient is placed in a magnet and a radiowave is
sent through the body. The transmitter is turned off and
the patient re-emits radiowaves, which are received
and used for reconstruction of the image. It is the nuclei
of hydrogen atoms that absorb and emit the radio-
frequency (RF) energy. MRI measures the hydrogen
content of individual voxels in each transverse slice
of the patient and represents it as a shade of grey or
colour in the corresponding image pixel on the screen,

10.1 THE SPINNING P

ROTON _

Every proton has a positive charge and spins continu-
ally like a top around an axis called the spin vector.
The circulating charge is like a small loop of current,
and each proton acts like a bar magnet or dipole. Its
Imagnetic moment # is represented by a vector join-
ing the north and south poles, drawn as an arrow in
.Figure 10.1. Normally, all the individual dipoles point
i a random fashion, with equal numbers in every
Idirection. The net magnetic effect is then zero, (This
1gnores the tiny effect on them of the earth’s magnetic
tield of about 50 uT.)

The patient lies prone or supine in a solenoid coil
(see. section 10.10 for details of equipment) carrying
a direct current (DC), This produces a very uniform
and strong magnetic field inside the coil, represented
by a vector B pointing along the axis of the coil (and
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Precessicn

Figure 10.1 The magnetic vectors associated with a spinning
proton precessing (a] parallel and (b) antiparallel to a magnetic
field, B. (c} The transverse and longitudinal components of the

maghetic vector.

the length of the patient, see Fig, 10.2). This is taken as
the Z-axis; the Y-axis runs vertically from lop to bot-
tom and the X-axis horizentally across the machine.
The magnetic field strength has a set value usually
between 0.1%5 and 3T, depending on the machine. By
way of example, throughout this chapter we will take
a machine with a field strength of 1T. This is some
20000 times greater than the earth’s magnetic field.

Inside the coil, the patient becomes very slightly
magnetized. The static magnetic field B causes the
magnetic dipoles to turn and point along the Z-axis in
one of two stable directions - either, as in Figure 10.1a,
in the direction of the field (parallel or ‘spin up”) or, as
in Figure 10.1b, in the opposite direction {antiparallel
or ‘spin down’}.

Asittakesless energy toalign with the magnetic field
than to oppose it, slightly more dipoles point spin up
than spin down. MRI depends on detecting this small
difference, which is proportional to B and amounts to
about three out of each million protonsat 1T,

Most of the dipoles, each with a magnetic moment
mt, cancel each other out in pairs (paratlel and antipar-
aliel), leaving those not so paired to produce a com-
bined, longitudinal net or bulk magnetic vector M, in
the direction of B.

Henceforth, the terms spins or protons will refer
only to the defectable protons, the excess of spin-up
over spin-down protons, and we will ignore the

others. For example, in a cubic millimetre of water

Figure 10.2 The patient on the scanner table inside the
main solenoid colf, a, with magnetic field B in the horizontal
Z-direction from toe to head. The Y-direction is vertical and
the X-direction lateral or transverse through the patient.

there are about 7 X 10" protons, of which only some
2 X 10* will be detectable.

Precession

The static field also causes the spinning protons
to ‘wobble’ in a regular manner called precession
(Fig. 10.1a,b). The direction of the spin axis tilts and
rotates around the direction of the magnetic field B
with a fixed frequency (millions of revolutions s™),
called the Larmor frequency. Figure 10.1 illustrates the
difference between spin, precession and the magnetic
moment # of a single proton.

This is similar to the way in which the north—south
axis of the earth precesses once in 25 000 years because
of the gravitational pull of the sun, and a spinning top
or gyroscope precesses because of the earth’s gravit-
ational field,

The tilting of the spin axis of a precessing proton
splits its magnetic vector m into a longitudinal compon-
ent #, that points in the Z-direction, and a transverse
component ##,,, that rotates in the XY plane (Fig. 10.1¢).

Now consider all the detectable protons in a single
voxel of tissue (size a few cubic millimetres, illustrated
in Fig. 10.3). The #, vectors all point in the Z-direction

and add up to a combined or net longitudinal magnet-
ism M, (Fig. 10.3a). This cannot be measured directly,
as it points in the same direction as B. As the protons
precess independently, their #1,, vectors point in all
directions and cancel out. The net transverse magnet-
ism My, = 0.

The stronger the magnetic field, the faster a proton
precesses. The frequency of precession (f} or Larmor
frequency is proportional to the product of:

o the magnetic field strength, and
@ a constant property of the nucleus called the

gyromagnetic ratio .
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Figure 10.3 The net magnetization in a tissue voxel: g time
sequence following a 90° pulse,

FO].:‘ hydrogen nuclei in a field of 1T, f = 42.6MHz.
This is an RF and has a very precise value (in water
within 0.1 z). _ '

In the quantum theory, a frequency of 42.6 MHz cor-
responds fo a quantum energy of 0.2 peV. The energy
of the antiparallel state is therefore 0.2 neV greater
than that of the parallel state, It is because of this small
energy difference that slightly more spins lire up par-
allel rather than antiparallel.

Radiofrequency coils

Sulrrounding and close to the patient are a set of RE
coils that inject an RF pulse in a direction perpendicu-
lar to B. This has two effects:

@ some or all of the spin-up protons pick up energy,
tum spin down, and are said to be excited. This
affects M,; it may be reduced, disappear or even
reverse, depending on the length and strength of
the RF pulse,

@ the protons are puiled into synchronism, and they
oW precess in step or in phase. Their ., vectors
add up to a transverse magnetic vector M,,, which
rotates in the XY plane (Fig, 10.3b) at theJLarmor
frequency.

Resonance
It is well known that an opera singer must strike pre-

cisely the right note to shatter a wine glass. Similarly,

in order to affect the dipoles, the frequency of the RF
generator must very accurately match the Larmor pre-
Cesslon or resonant frequency of the dipoles. In other
words, the photon energy of the radiowaves must be
exgcﬂy the same as the energy difference between
spin-up and spin-down protons.

180° pulse

An RF pulse. of a certain total energy will give to each
anc} every dipole exactly the energy (0.21eV} required
to tip them through 180°, This temporarily reverses the
net magnetic vector M,,

90° pulse

An RF pulse of half that total energy (i.e. half the
1rlLtensity or half the duration} will tip half of the
dipoles so that equal numbers point spin up and spin
down, thus reducing M, to zero. The RF pulse also
causes them to move into the same phase and precess
together (phase coherence).

This phase coherence of the dipoles produces a
transverse magnetism M., perpendicular to B, which
rotates in the XY plane at the Larmor frequency (Fig.
10.3b). 1t is as if the 90° pulse has fipped the magnetic
vector M, through 90° MRI involves sending & series
of many such pulses, repeated at intervals of TR
seconds, called the repetition time,

10.2 THE MAGNETIC RESONANCE SIGNAL

When the 90° pulse is over, the magnetic vector M,
continues for a while to rotate in the transverse Xxf’f
Plane. Just like the rotating magnet in a dynamo, it
induces in the RF coil an alternating (RF) voltage of a
few microvolts, After amplification by an RF amplifier
(receiver), tuned like a radio to the resonant frequency,
the amplitude or envelope of this signal is sampled
digitl-ized and computer analysed. Using methods 0%
spatial encoding and signal processing described in
section 10.4, the magnetic resonance (MR) signal from
each individual voxel in the scan matrix can be iden-
tified to produce the pixel grey or colour level in the
MR image.

Note that only M, produces an MR signal; M, does
not. But because M., is produced by tipping M,, the

Magnetic resonance imaging 171
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signal produced by a 90° pulse depends on the value
of M, immediately before that pulse is applied. ‘

' The peak signal is proportional to, and the pixel

brightness depends on:

@ proton or spin density (PD, number of protons per
cubic millimetre)} of the voxel

& the gyromagnetic ratio of the nucleus .

@ the static field strength B, because placing the
patient in a stronger magnetic ﬁeld. increases tche
preponderance of protons that are initially spin up
over those that are spin down.

Only mobile protons give signals; those in large
molecules or effectively immobilized in bone do not.
The greater part of the signal is due to quy water,
whether free or bound to molecules. Air, in sinuses
for example, having no hydrogen, produces ne sig-
nal and always appears black in the image. Fat has a
higher PD than other soft tissues. Grey matter has a
somewhat greater PD than white matter. T1ssfu.es do
not, however, vary greatly in their proton densities.

Free induction decay ‘

The MR signal is greatest immediately after the
brief 90° pulse has been switched off. Thereafter, the
dipoles are free to return, some ear%ier tha.n ot‘hers,
to their original orientation. As indicated in Figure
10.3¢, M., regrows or ‘recovers’ while M,,, decreases or

‘decays’, and, accordingly, the strength of the MR sig- ‘

nal induced in the receiver coil also decays, although
its frequency remains the same. '

At any instant of time, M, and M, co‘mbme o
produce a sum vector M, The 90° pulse has tipped the
sum vector through 90° into the XY transverse plane.
Then, during relaxation, as M, iﬂcreas?s and M’“J
decreases, the sum vector spirals (beehive fashion,
Fig. 10.4) back from the transverse plane to the lon-
gitudinal Z-direction. This is caused by two concur-
rent and quite independent methods of energy loss or
‘relaxation’: spin-lattice and spin—spin relaxation.

Spin-lattice relaxation or T, recovery

The dipoles are continuously jostied by the thermal
motion of the rest of the molecule or nearby mol-
ecules. The excited protons give up their energy to
the molecular lattice. One by one, the dipoles tip ba_ck
parallel to the Z-axis, and M, slowly reappears (Fig.
10.3¢). This is also called longitudinal relaxation.

In Figure 105, the left-hand axis refers to curve A,
which shows how, after M, has been destroyed at-hme
0 by the first 90° pulse, it increases aga'in relatively
slowly and does so exponentially with a time constant
T, that depends on the type of tissue.
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Figure 10.4 Behaviour of the sum magnetic vector M during
free Induction decay.
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Figure 10.5 T; recovery of M; and T, decay of M,
MR, magnetic resonance.

T; is the time for M, to recover fo 63% of its max-

imum value. After three time constants, recovery is
95% complete:

Time 0 T 27 37
Recovery (%) 0 63 87 95

T; has a value of so many hundreds of rr.lilliseconds
(Table 10.1). If a stronger magnetic field B is used, the
protons precess faster and T of tissue lengthens, and
M, reappears more slowly.

Magnetic resonance imaging
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Table 10.1 Typical relaxation times of tissues in a field
of 1T :

Material T, (ms) T, [ms)
Fat 250 80
Liver 400 40
Kidney 550 60
Spieen 400 60
White matter 850 90
Grey matter 800 100
Cerebrospinal fluid 2000 150
Water 3000 3000
Bone, teeth Very long Very short

Causes of spin-lattice reloxation

@ Jostling by large molecules that are slow moving
and near to the resonant frequency is most effective
at removing energy from excited dipoles. Fat (large
molecules with low inherent energy) can absorb
energy easily and so has a relatively short T, as
does water bound to the surface of proteins.

® Jostling by smail, lightweight molecules with
little inertia is rapid and so relatively ineffective
at removing energy from the excited dipoles.
Consequently, free water, urine, amniotic fluid,
cerebrospinal fluid (CSF) and other solutions of
salts have a long T). The greater the proportion of
free water in a tissue, the lenger is T;.

® The atoms in solids and rigid macromolecules are
relatively fixed, and they are the least effective at
removing energy. Compact bone, teeth, calculi and
metallic clips have a very long T.

Spin-spin relaxation or T, decay

Energy transfer between nuclei produces aloss of phase
coherence, resulting in an exponential decay of the
transverse magnetic vector, dependent on tissue type.

In a pulse sequence, M, has not fully recovered
when, TR seconds after the first pulse, a second 90°
pulse converts the available M, into M., In Figure
10.5, the right-hand axis refers to curve B, which
shows how M, then decays relatively rapidly, for the
following reason.

Immediately after the 90° pulse, the dipoles are still
all precessing in phase and #heir My, vectors simply
add up. The large net magnetic vector M,,, induces
a large MR signal. The dipoles then progressively
dephase, as some rotate faster or slower than others.
As a result, the net strength of the rotating magnetic
vector M, decreases, and so does the induced signal
(dotted curve C in Fig. 10.5).

Much of this dephasing effectis due to field inhomo-
geneities from machine factors external to the patient,
but the clinically important part is related to tissue
structure and is called spin—spin or transverse relax-

. ation, or T; decay.

As depicted in Figure 10.5, M, decreases or decays
exponentially (curve B), and so does the induced
signal (curve C), both with a time constant T,.

T is the time for the MR signal to fall to 37% of its
maximum value. T, has a value of so many tens of
milliseconds (Table 10.1). After three time constants,
only 5% of it remains: ‘

Tirme 0 17, 27, 37,
Signai (%) 100 37 14 5.

Causes of spin—spin relaxation The dephasing occurs
because a spinning proton experiences a tiny add-
itional magnetic field (around 1pT) produced by each
neighbouring proton. Individual protons are affected
slightly differently, and the magnetic field B therefore
varies a little from place to place and from time to time
on the submicroscopic scale. So does the rate of pre-
cession; some precess faster and some slower, and
energy passes from one proton to another, or spin
to spin.

The local variation of magnetic field is greatest in
solids and rigid macromolecules in which the atoms
are relatively fixed. The dipoles in compact bone, ten-
dons, teeth, calculi and metallic clips dephase quickly.
They have a very short T, and do not produce a last-
ing signal.

The effect is least in free water, urine, amniotic fluid,
CSF and other solutions of salts. The lighter molecules
are in rapid thermal motion, which smoothes out the
local field and results in a long T, Broadly speaking,
the greater the proportion of free water in tissue, the
longer is Ty. Spleen has a longer relaxation time than
liver, and renal medulla langer thar the cortex.

Water bound to the surface of proteins and other
large molecules, which move more slowly, has a shorter
T, than free water, and so does the hydrogen in fat,

Tissue characteristics

T is always shorter than T;. T, is more or less unaf-
fected by, but Ty of tissue increases with, magnetic
field strengthy, i.e. with resonant frequency. There are
no precise values of Ty or T, for specific tissues. Figures
cover a wide range, and only representative, rounded
values are given in Table 10.1. Abnormal tissue tends
to have a higher PD, T; and T, than normal tissue,
because of increased water content or vascularity.
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Because Ty and T, are properties of the tissues that
show a greater variation than PD itself, they are the
properties actually used in forming the MR image.
Comparing the range of Ty and T values for brain tis-
sue in Table 10.1 with the limited range of computed
tomography (CT) numbers {which d.fapend on the
very small differences in X-ray absor-ptlon) shows the
superior soft tissue contrast resolution of MRI com-

pared with CT.

10.3 SPIN-ECHO SEQUENCE

In?practice, the MR or free induction decay (FID)
signal is rarely measured because it decays 50 very
rapidly — with a time constant T,* of a few millisec-
onds, much shorter than T. This happens because the
static field B is not perfectly uniform:

& mainly because of the magnetic field gradient
(see section 10.4) deliberately produced across
the vaxel _

e because of unavoidable impetfections in the
engineering of the magnet .

@ because the introduction of the patient
unavoidably distorts the static field {(due to
magnetic susceptibility, see section 10.8).

These systemic effects unfortunately a}dd to the effect
of spin-spin interactions in the tissue in causing some
dipoles to precess faster than o‘ghers after a 90° pulse,
i nsequent dephasing,
WltThoCr?amoilfe the efgects asgociated with the static figld
but leaving the tissue characteristic T, effect, .a spin—
echo (SE) pulse sequence is used. Figure 10.6 depicts oni
cycle of this sequence, which is repeated hundreds o
times in producing one MR image frame. It should be
studied in conjunction with the sequence of events
~d) depicted in Figure 10.7.
¢ 52 thg SE sequegnce, each 90° pulse is followed,
t seconds later, by a 180° pulse. The signal is measured
after a further and equal time interval (so that the
echo time, TE, is 21).

@ Step a. Immediately after the 90° pulsze, the dipoles
are all precessing exactly in phase (Elg. 10.7a). M,',y
is a maximum, and so is the FID signal, but it is
not measured at this stage, because it decays so
rapidiy.

& Step b. The m,, vectors begin to dephase, the faster
precessing ones (leaders) getting ahead of the 519wer
ones (laggers in Fig. 10.7b}. M, and the FID signal
decay with time constant Ty* (extreme left, Fig. 10.6).

@ Step c. After time £, the 180° pulse is. applied anfi
tips all the dipoles from spin up to spin down. This

Beginning
of next pulse
cycle

a0°

Time

b Magnetic
) field

gradient Spatial enceding sequence

] & EiEat

Time

Last

Figure 10.6 One cycle of the spin-echo sequence o_f (a) _
radiofrequency pulses and signal and (b) malgnefclc field gradient
switching. FID, free induction decay; RF, radiofrequency; TE echo
time; TR, repetition time.

Figure 10.7 Dephasing and rephasing of the my, vectors of
individual protons in a voxel in a spin—e;ho seguence:

(a) dephasing starts immediately after a 90° pulse, (b) jUSt'
befare the 180° puise; (c) just after the 180° pL_llse. rephasmlg
begins; and (d} at time TE (echo time), only residual dephasing

remains.

turns the individual m,, vectors through 180° in the
X-direction (Fig. 10.7c). Laggers become leaders,
and vice versa, M,,, and the signal are still small. As
the m,,, vectors continue to rotate in the XY plane,
they now rephase. The faster ones catch up with the
slower ones, and M., and the MR signal regrow.

® Step d. After a further time ¢, they are again
momentarily in phase (Fig. 10.7d) and M, and the
MR signal ave at their peak. Thereafter, they grow out
of phase again and M., and the MR signal decay.

The 180° pulse is often called the rephasing or refo-
cusing pulse. It reverses and eliminates the dephas-
ing effect of systemic magnetic field inhomogeneities.
This leaves only the residual dephasing (Fig. 10.7d)
due to the random effects of spin-spin interaction, T>.

The MR signat reappears as an echo of the initial
sigral (see Fig. 10.6) and is essentially two FID signals
back to back. When measured at time TE = 21, it will
have been reduced in amplitude by T, decay. The
longer is TE, the smaller the MR signal.

Tissue contrast
The MR image maps three infrinsic properties (PD, T,
and To) of tissue, and is controlled by two parameters
set by the operator: TE (or time to echo) and TR {or
time to repeat). These are selected to weight the con-
trast in the image,

The MR signal arising from a voxel and the bright-
ness of the pixel depends on:

@ How many protons there are in the voxel. The

greater the PD, the larger the signal and the
brighter the pixel.

& How far M, has recovered from the previous 90°
pulse when the next 90° pulse tips it, i.e. the length
of Ty compared with TR,

Figure 10.8 compares two tissues that differ only
in T, their PDs being the same. It shows that the
shorter T; (or the longer TR), the greater the M,
available to be tipped and the larger the MR signal,
the brighter the pixel, and the better the signal to
noise ratio (SNR). It also shows that the TR can
be selected to give a maximum contrast between
particular tissues.

® How far M, has decayed when the echo is formed,

ie. the length of T, compared to TE,

Figure 10.9 compares two tissues that differ only
in Ty (their Ty and PD being the same). It shows that
the longer T or the shorter TE, the larger the MR
signal, the brighter the pixel, and the better the SNR.
It also shows that the TE can be selected to give a
maximum contrast between particular tissues,

Magnetic resonance imaging
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Figure 10.8 T, contrast.
PO, pratan density; TR, repetition time.
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Figure 10,9 T, contrast.
MR, magnetic rescnance; PD, proton density; TE, echo time.

Weighted images
The TE and TR are chosen so that pixel brightness
depends on one of three combinations of PD, Ty and Ty,

T;~weighted image Figure 10,8 shows that maximum
contrast {the difference between the curves) between
tissues of different T, is produced by a fairly short TR.
A TR of 300-800ms is used — about the same as the
average T; of the Hssues of interest. A short TE (15ms)
is also used, as this reduces the effect of T, on con-
trast. (It cannot be much shorter, as the system has to
apply the 180° RF pulse and a series of gradient puises
before the MR signal can be measured.) '
Image contrast is then principally due to the T
recovery properties of the tissues. The shorter is T,
the stronger the signal and the brighter the pixel. Fat

is bright, as is fatty bone marrow, while water and CSF
are dark.

T-weighted image Figure 10.9 shows that the lon-
ger is TE, the greater the contrast between tissues of
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Figure 10.10 Proton density (PD) contrast.
TR, repetition time.

different T,. However, it must not be so long that the
signal is so small as to be obscured by background
noise.

A relatively long TE of 90-140ms is used — about
the same as the average T of the tissues of inferest.
Along TR (1000-2000ms) is also used, as this reducgs
the effect of T; on contrast, although unfortunately it
increases the imaging time. .

Image contrast is then principally caused by dif-
ferences in the T, decay properties of the tissuels. The
longer is T, the stronger the signal and the brighter
the pixel. Water and CSF appear brighter than fat.

Proton density-weighted image Figure 10.10 com-
pares two tissues that differ only in PD, their T being
the same. It shows that the longer is TR, the greater
the contrast between tissues of different PDs,

Along TR (1000-3000ms) is used — about 3T; - and
this reduces the effect of T; on contrast. A short as
possible TE (15ms) is used, as this reduces the effect
of T, Generally speaking, PD weighting produces

reater signal strength and less noise.
i Imagegcrclmtrast i;g then principally caused by differ-
ences in the proton densities of the tissues. The greater
the PD), the stronger the signal and the brighter jche
image. CSF, fat and indeed most tissues, havil-lg a high
PD (number of hydrogen protons), appear bright.

Summary A large signal and a Dbright pixel result
from tissues having a large PD and a long Tp. A small
signal and a dark pixel result from a long Ty and (a's
will be seen later) arterial blood flow. In all images, air
and cortical bone, having no hydrogen, appear black.

The TR controls the amount of Ty weighting, apd
TE the amount of T, weighting in the image, as in
Table 10.2. .

In practice, matters may not be so clear—cgt. I.t is
not possible to rid any image of some T3 Wezghtu*fg,
and relative weighting may differ from tissue to tis-
sle across an image.

Table 10.2 T~ T,- and proton density-weighting
effects _

Result. - - -

Weighting Propesties : _

T;-weighted TR and TE both short = Shc’)rt Ty = b'fight
T-weighted TE and TR both tong I.'gng L= bn?ht
PD-weighted Short TE and long TR High PD = bright

PD, proton density: TE, echo time; TR, repetition time.

Bright

MR signal

Dark
2000
“ TR TE
Time {ms)

Figure 10.11 Contrast: combined effects of T an.d.Tz. ‘
MR, magnetic resonance; TE, echo time; TR, repetition time.

White and grey matter Ina PD-weighted image, grey
matter, with its somewhat higher PD), appears brighter
than white matter, In a T,rweighted image, grey
matter, with its longer T, and higher PD, is brighter
than white master. In a T-weighied image, white
matter is brighter than grey matter but its shorter T} is
somewhat counteracted by its lower PD.

The opposing effects of Ty and T,
Ty and T, are mutually antagonistic and have oppos-

_ ing effects on image brightness. Generally speaking,

tissues with a long Ty also have a long T, and those
with a short Ty have a short Ty. This is why images
cannot be weighted for both T) and T».

Remembering once again that the sigﬂgl pf‘oc?uced
by a 90° pulse depends on the value of M, immedintely
before the pulse is applied, Figures 10.8 and 10.9 can be
combined into Figure 10,11, This shows that, with an
injudicious choice of TE and TR, fissues with quite
different relaxation times can produce equal sign.als.
Showing no contrast, they will be indistinguish-
able. With a shorter TE than this, the image tends to
be Ty-weighted, and with a longer TE it tends to be
To-weighted.
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Table 10.3 Factors affecting magnetic resonance
sighal and contrast

Fixed parameter Machine Tissue characteristics
_ settings
Gyromagnetic ratio TR n
of nucleus TE T
- Proton density
Static magnetic T [see Flow {see section 10.6)
field section 10,5}

Tip angle {see
secticn 10.5)

Contrast medium
(see section 10.6)

TE, echo time; TR, repetition time.

Other factors affecting the magnetic resonance
signol and confrast

Table 10.3 shows that there is a more complex state of
affairs than in X-ray imaging.

10.4 SPATIAL ENCODING

To produce an image, it is necessary to collect and
analyse the signals coming from the patient in terms
of their amplitude, frequency and phase, and then to
Fourier transform them to produce the individual pix-
els or voxels in the image. Magnetic field gradients are
used to localize the MR signal, which itself is encoded
in terms of spatial frequencies using phase-encoding
and frequency-encoding gradients, The three basic
processes involved are slice selection, phase encoding
and frequency encoding. Note that every spatial fre-
quency must be collected and stored before the data
can be Fourier transformed to produce the image.

Slice selection

As in CT, an MR image is made up of a series of
parallel slices that are imaged in. turn. Figure 10.12
represents a sagittal section through the patient with a
transverse slice (shaded).

Simultaneously with the 90° RF pulse, DC is sent
for a short while through a pair of gradient coils,
which are additional to the main RF coil. This current
produces a controlled magnetic field gradient, along
the Z-axis, within the static magnetic field By, The
total B is diminished at (say) the head end and aug-
mented at the toe end (Fig. 10.12b) while remaining
the same at the isocentre. In this case, it varies from
head to toe with a constant gradient of a few milli-
teslas per metre (mT m™?),

Accordingly, protons at the head end precess more
slowly than those in the middle, and those at the

(a) Slice

Head

B
—» 7 Toe

Increasing B8

.y

Increasing resonant fraquency

(b) 1.001
1.000
0.989

(c} 42,574

FllHz) 4257 P Transmit bandwith
42 566 Slice thickness 7

Figure 10.12 Transverse slice selection with a Z-field gradient:
(a) sagittal cross-section of the patient, (b} magnetic field
gradient, and (c) transmit frequency gradient.

foot do so faster, There is therefore a corresponding
gradient, in the Z-direction, of the resonant frequency

of the protons, and so the frequency can be used to -

localize the signal. The protons in a selected slice are
all precessing with a narrow range of frequencies (Fig.
10.12c). '

The RF transmitter is tured to generate an RT pulse
that contains a small range of frequencies (a narrow
bandwidth). Oniy protons in a certain thin slice of the
patient will be excited by it. The magnetic vectors of
only those protons will tip and, in due course, pro-
duce an MR signal. Note that the slice select gradient
field is switched on during the application of the RF
puise. Different slices are selected in turn by simply
altering the central frequency of the RF pulse, without
having to move the patient.

Slice thickness

The slice thickness may be reduced by either increas-
ing the gradient of the magnetic field or decreasing
the RF {or transmit) bandwidth. A thinner slice pro-
duces better anatomical detail, the partial volume
effect being less, but it takes longer to excite.

A typical slice thickness is 2-10mm. The RF pulse
inevitably contains a certain amount of electromag-
netic energy of frequencies slightly higher or lower
thar the intended bandwidth, thus mildly exciting
tissues either side of the desired slice. To prevent
this ‘cross-talk’ affecting the image slice, a gap (say
10% of the slice thickness) may be left between slices,
although this is not necessary when the slices are
interleaved (see section 10.5).
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The slice orientation depends on the physical
gradient axis. As described here, using the Z-axis gives
a transverse slice. However, using the X-axis would
give a sagittal slice, and the Y-axis a coronal slice.
Any orientation is actually possible by combining the
gradients.

In-slice localization

Having selected the slice, the objects within the slice
have to be localized. This is achieved by applying
phase encoding and frequency encoding each orthogonal
1o the slice, the MR signal being measured during the
latter part of the frequency encoding gradient.

The complex MR signal is sampled and computer
analysed into a spectrum of component frequencies
using a mathematical process called Fourier analy-
sis. The data from every signal in a selected slice are
stored in what is known as K space. This space is sim-
ply a spatial frequency domain in the computer where
the signal spatial frequencies and their origin are
stored. The spatial frequencies correspond to the vari-
ations in image brightness as the encoding gradients
are applied. K space does not correspond to the image
but rather has axes corresponding to frequency and
phase. The number of lines filled in K space matches
the numberof encodings in the sequence (e.g. 128, 256
ot 512). The central part of K space contains data from
shallow encoding gradients, low spatial frequencies
and hence less details but stronger signals. The upper
and lower parts are filled with data from the steeper
gradients, high spatial frequency so better detail but
low signal intensity, as indicated in Figure 10.13. Note
that K space has to be completely filled with the data
from the imaging sequence before the sighals can be
analysed and processed into the image.

Phase encoding
Immediately after the protons in the slice have been
excited by the 90° pulse, but before they are inverted

—— High spallal
resclution

———High signai

Phase )
intensity

axls

I—— High spatial
E resolution

~ Frequency axis

Figure 10.13 K space: each datz pointin the matrix is a spatial
frequency component of the signal.

by the 180° pulse, DC is passed for a few millisec-
onds through a second set of gradient coils. This pro-
duces a magnetic field gradient, for example in the
Y-direction (Fig. 10.14ab), from the front to the back
of the patient.

For that brief period of time, some of the precess-
ing dipoles and M,, vectors speed up and some slow
down. Those in voxels near the top of the column
(say) precess more slowly and lag behind those in the
middie, while those near the bottom precess faster
and get ahead.

When the gradient pulse is over, they all precess
again at the same rate, and they again all emit the
same frequency signal. However, the phase differences
remain, and these are dependent on the position.
Those near the top are still behind those near the bot-
tom. There is a phase gradient in the MR signals com-
ing from different pixels for the same type of tissue
along the selected vertical line (Fig. 10.14c); the nuclei
are phase-encoded. With a steep gradient, the spins
will be evenly distributed in every direction and the
total signal will be zero. With no gradient, the spins
are all in phase and the signal will be a maximum.
This is referred to as zero spatial frequency and the
data are located on the central line of K space.

In order to map, for example, a 512 X 512 matrix,
there must be this number of possible spatial frequen-
cies. The phase-encoding pulse must be repeated with
the gradient increased a little after each excitation,
thus stepping up the phase shifts. By comparing the
pattern of increasing phase angles f, it is possible o
decipher the separate signals across the field of view
(FOV). The FOV increases if the phase-encoding step
size is made smaller. The pixel size equals the FOV
divided by the number of phase-encoding gradient
steps used.

Freguency encoding
At the same time as the gradients for phase encod-
ing are applied, DC is passed through the third set of

Increasing 8

Increasing phase lead

Increasing spaed of precession

Switchad DC gradient coils
Figure 10.14 Phase encoding using a Y-field gradient: (a)
transverse cross-section of the patient, (b) magnetic field
gradient, and (c) phase gradient for a given tissue fype.
DC, direct current.
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gradient coils to produce a magnetic field gradi-
ent, also orthogonal to the slice selection gradient,

i%fé?émple from side to side in the X-direction (Fig.
Pr(?tons in each vertical column of Figure 10.15
experience the same magnetic field, precess with the
same frequency, and emit MR signals of the same fre-
quercy. But those in the left-hand columns {say) pre-
cess more slowly than those in the middle, and those
on the right precess faster. There is corresponding
frec.;[uency gradient from left to right in the MR signals
emitted (Fig. 10.15¢). This is a bit like the frequency
gradient along the keyboard of a piano: the pitch of
. the note reveals (or ‘codes for’) the position of the key
that was struck. The MR signal produced by exciting
t}:le slice therefore consists of a range of RF frequen-
cies either side of the frequency of the applied pulse.

Fleld.of view The receiver is tuned to accept only a
ce.rtam range of frequencies, called the receive band-
width, coming from a corresponding FOV (Fig. 10.15¢)
The EOV may be increased by either making the fieIci
gr.adlent less steep or increasing the receive band-
width. The voxel width equals the FOV divided by
the number of components into which the frequency
spectrum has been sampled.

The.MR signal emitted by the whole slice therefore
comprises a mixture or spectrum of phases as well as
of frequencies, At the same time as the computer is

(8 [
| Switched DC |
gradient coils
Increasing B
Increasing signal frequency
{b) B
BD 77777777777777777777777
Isocentre
() £ Field of view

Receive
bandwidth
X

Figure 10.15 Freq_uency encoding using an X-field gradient:
(a) transverse section of the patient, (b) magnetic field gradient,
and (c) recelve frequency gradient. '

analysing the signal for frequency, it is analysing it for
phase. This Fourier analysis is analogous to the way
the human ear picks out individual instruments from
an orchestra. However, because phase angles repeat
themselves every 360° it is impossible to be confident
abo1-1t assigning a particular phase to just one point
Typically, there are several phase cycles across the'
whole FOV, so the phase angle of, say, 10° is repeated
at 370°, 730° and so on.

. Me:asuring a series of phase angles over 512 repeti-
tions is really the same as measuring a single signal at
512 points all in one go. Figure 10.16 shows how the
two methods can be seen as equivalent. By using a
F'ounler . transform along the phase-encoding direc-
tion, it is possible to measure the frequencies in this
direction, which correspond to position along the
phase-encoding axis. The TR is somefimes described
as pseudotime, and by analogy the FT of the phase-
enlcoded signals would be called a pseudofrequency. In
t]’.:l.‘lS sense, it is possible to think of phase encoding. as
simply frequency encoding over a very long time scale,

Imag{ing time  The time needed to acquire an image is
obtame‘d by multiplying the number of signal averages
or excitations N, the number of phase-encoding
steps, and the pulse repetition time TR, and may total
several minutes. Increasing the number of excitations

Time

Pseudotime

F|gure 10.16 Equivalence of frequency and phase encoding
using the concept of pseudotime. Each dot represents an '
acgulred data point. (a) With frequency encoding, al! the data
points are acquired at microseconds intervals ~ gradient on
all the ti'.me; (b) with phase encoding, each data point follows
the applllcation of a separate, increasing sized gradient in
pseudotime steps equal to repetition time (TR) ms

(Courtesy of E.A. Moore)) '




80

FARR'S PHYSICS FOR MEDICAL IMAGING

reduces noise at the expense of increased imaging
time. For example, four repetitions (‘excitations”) of
the foregoing SE sequence that are averaged will
imptove the SNR by a factor ¥4 = 2.

Once all the signals are collected, a fast Fourier
transform converts the K-space distribution into an
image of the patient. This actually produces a complex
image having real and imaginary parts, which are usu-
ally combined as a complex magnitude image. Note
that a phase image can also be calculated, if required,

If any tissues move during the repetitions, they
will be misregistered, i.e. signals will be attributed to
the wrong pixels in the phase-encoding direction of
K space. Such motion artefacts, described in section
10.8, when seen on an MR image make it clear which
is the direction of phase encoding vis-i-vis frequency
encoding. (Similarly, any chemical shift artefacts,
described in section 10.8, reveal the direction of fre-
quency encoding.)

Summary of gradients

The gradient fields are superimposed in pulses on
to the static field. One gradient defines the slice and
is applied when the RF pulse is turned on. A second
orthogonal gradient is used for phase encoding and
is applied briefly between the 90° and 180° RF pulses.
The third orthogonal gradient is used for frequency
encoding, during which the signal is measured. By
combining frequency encoding and phase encoding,
all the spatial frequencies within a slice can be col-
lected unambiguously as needed to produce the two-
dimensjonal image. Figure 10.6 shows how the field
gradients are applied during the SE sequence. In prac-
tice, the gradient sequences will usually be more com-
plex than described here.

The gradients are used to control the slice thick-
ness and the FOV. The steeper is the slice selection
gradient, the thinner the slice. The steeper are the
frequency and phase-encoding gradients, the smaller
the FOV. The steeper a gradient, the greater the power
consumed by the gradient coils.

There is a significant difference between phase
and frequency encoding. All the spatial informa-
tion required in the frequency-encoding direction is
obtained in 10-20ms by sampling a single echo, and
increasing the matrix makes no difference to the total
scan time (although it may reduce the number of slices
possible within the TR). In the phase-encoding direc-
tion, the spatial information is not complete until all
the gradient steps {e.g. 512) have been completed. This
can lead to the appearance of motion artefacts (see
section 10.8).

10.5 OTHER PULSE SEQUENCE AND
IMAGING TECHNIQUES

So far, we have considered imaging in the transverse
plane using a single SE sequence. The following gra-
dient sequences are those most often encountered,
although they may have different acronyms depend-
ing on the MR scanner manufacturer.

Multislice technigues
Most of TR is ‘wasted’ if the scanner has to wait up to
25 before repeating pulses on a given slice. This time
can be used to deliver a succession of 90° and 180° RF
pulses, each of a different frequency, exciting a series
of up to 32 separate slices before repeating the first
slice (Fig. 10.17). The shorter that TE is compared with
TR, the more slices can be interleaved in this way. If
TR = 1000ms and TE = 60ms, in principle 1000/60 =
16 slices, but in practice about 13 slices can be excited.
By acquiring the sfices out of sequence, the need
for gaps due to cross-talk when slices are acquired
sequentially is avoided.

Multiecho techniques

This is another way of making use of the long TR.
Following each 90° pulse, two or more successive 180°
pulses produce successive echoes with increasing TE.
Their peak amplitudes decrease with the time con-
stant T,. The first echo may produce a PD-weighted
image, while successive echoes produce images that
are increasingly Ty-weighted {and increasingly noisy).
A dual echo sequence can be written as 90, 180, 180
and produces two images per slice. The first echo has
a short TE (20ms) and long TR (2000ms), which pro-
duces a PD-weighted image. The second echo has a
longer TE (80ms) and produces a Ty-weighted image.
There may also be time during a single TR to inter-
leave a number of slices.

Fast {or turbo) spin-echo

The 90°, 180°, 180°, ... sequence can be medified by
phase encoding each of the 4-16 echoes (echo spac-
ing 20ms apart, say) with a different phase-encoding
gradient. This reduces by a factor of 4-16 the time

JTHEUHJ\ EEML__JJL%E

Figure 10.17 Multisfice Imaging.
TE, echo time; TR, repetition time.
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(i.e. the number of TR intervals) needed to acquire a
complete image. However, fewer slices can be inter-
leaved. Fat produces an extremely high (bright) signal
on fast SE (FSE or TSE) T-weighted images, because
th? rellpid succession of 180° pulses reduces Ehe spin-
spin {nteracﬁons, thus increasing T, Fat suppression
’Fechmques are sometimes needed. Conversely, muscle
is often darker than in single SE To-weighted images
as the succession of pulses increases the transfer o%
magnetization and results in saturation.

As scan time is reduced, matrix size can be increased
to improve spatial resolution (smaller voxels). Note
tﬁbat FSE is incompatible with respiratory compensa-

_tion techniques, but the use of powerful gradients can
enable an image to be obtained in a single breath hold.

Inversion recovery

To accentuate T, weighti initi i
. ghting, an initial 180° puise is
;sed. (Fig. 19.1851). This tips the spins antiparallel to the
-axis and inverts M,. The spins progressively refurn
to pE}raHeli,Idue 1o spin-lattice relaxation. M, recovers
passing through zero and reversing directi ’
time of 0.69 X T). B clrection after a
¢ After a variable time (TT is the time to inversion,
e.g. 580ms), a 90° pulse is applied that tilts the avail-
able M,. The M,, vector so produced rotates in the
transverse XY plane (Fig. 10.3), producing an MR sig-
nal (FID). A second 180" pulse is then used to develop
an echo signal. The whole (180°, 9C°, 180°) cycle is
repeated after TR (Fig. 10.18a). Typical parameters

might be TR = 1000ms and TE = 20ms.

{a) 180° °
0 - 180
n———-iﬁo
PE—— Time
ﬂiﬂ‘v\‘
-FID Echo
b
{h)  M,| Paraliei Short T,
.
' Long Ty
M=0—
2=0 Time
Antiparallel

Figure 10,18 () Inversion recovery sequence. (b) Recovery of

tissue having different T, values.
FID, free induction decay; TE echo time; T, time to inversion;

TR, repetition time.

Consider two tissues of different T,. If T = 0.69 X the
longer T), that tissue gives no signal, as there is no avail-
able M,, to convert, whereas the tissue with the shorter
Ty does. The image is T)-weighted, and tissues with the
longer T, are suppressed. The longer T1 is or the shorter
T s, the greater the MR signal produced. TE controls
the T, decay and must be short for T, weighting.

The Tlisused asa T, contrast control. TR is about 3T
to ensure nearly total recovery between puises, Thi;
technique is time-consuming, especially at higher field
strengths, which makes Ty and so T long but gives
good grey-white matter discrimination,

Short-Tl inversion recovery sequence:

for fat suppression

In SE sequences, the very bright signal produced by
fat may obscure confrasts in other tissues. There are
several ways of dealing with this. One is to remove
the signal from fat by using an inversion recovery
sequence, with its initial 180° i
Py 180° pulse, followed rapidly

The 180° pulse tips both fat and water protons anti-

parallel, but they recover more quickly in fat, with its
sho‘rt T, than in water. This is shown in Figlire 10.19
which ‘may be compared with Figure 10.18. Afte;
a certain time TI {about 125ms), half the spins in fat
ha.ve ljeverted to parallel, and its M, = 0. Few of the
spins in water have so reverted, and it still has some

M. A 90° pulse at this instant produces a signal from
water and other tissues but none from fat.

Tip angle

There are several ways of reducing scan times. One
method is to reduce TR to 200ms or even ZOms: This
would give M, little time to recover and result in rather
small signals from the usual 90° RE pulse. Instead, an
RF pulse of shorter duration (smaller tip angle or ’flip

angle) is used, which inverts only a small fraction of
the dipoles.

.

Fat
Water

Time

| s
N

Figure 10.19 Short-T inversion recovery,

T )
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Figure 10.20 (a) Meaning of tip angle. Relative values of M,
and M, at tip angles (b) 30° and (c) 15¢,

Table 10.4 Effect of tip angle

Weighting Properties Result

T,-weighted TR and TE both short T!p angle >70°
T-weighted TR and TE both long TEP angle 5-10°
PD-welghted Short TE and long TR Tip angle 5-10°

PD, proton density; TE, echo time; TR, repetition time.

Figure 10.20a (which may be compared with Fig.
10.4) shows how M,, M,, and the tip ‘angle ¢ are
related through a right-angled triangle. Figure 10.20b
shows that a 30° pulse produces only half of tl-\e usual
M,,, and the consequent MR signal. However, it leaves
87% of M., which does not take long to recover fully.
This ensures a good signal following the next RF
pulse. Similarly (Fig. 10.20c), a 15° pulse produces
25% of the usual M, but leaves 97% of M. ‘

The stronger the initial R¥ pulse and the longer its
duration, the greater the tip angle. The greater the tip
angle, the greater the T weighting (Table 10.4). ‘

The optimunm tip angle, which gives the .greatest sig-
nal, is a balance between leaving sufficient M. and
producing sufficient M, The shorter TR is, compared
with T}, the smalier is the optimum tip angle:

1 0.14 0.03
68 30 15

TRIT, 3
6. 87

Gradient {recalled) echo (GRE) -

With TE typically 15ms, there is time w1th1r} the short
TR for very few slices to be imaged. If TR is as short
as 20ms, the image must be acquired one sh.ce at a
time. Some 15 separate slices can be faken in 30.3’
a sufficiently short time for patients to hold ‘ti.lell'
breath but not rapid enough to produce‘ real'—tupe
images (see Echo planar imaging and Parallel imaging). -

RF
Voltage
30°L
Echo .
il n fin
v u \J U\"l v
«— ——TE———
e— TR— —>
(b) X
Magnetic First

field
gradient

X F4
Time
LT

Last
Figure 10.21 Gradient echo. {a) Radiofrequency (RF} pulses

and signal and (b} magnetic field gradients. o
FID, free induction decay; TE, echo time; TR, repetition time.

M=z

With such short TE, there is no time for a 18(‘)0
puise as used in SE sequences. Instead, rephasing is
achieved using a gradient echo (Fig. 10.21). The grs.lch—
ent field is reversed to refocus the out-of-phase spins.
This compensates for the dephasing hproduceid l:;y
the change of magnetic field across the voxel pro-
duced bygthe gradglt tield (see section 10.3).. Unlike
SE, however, it does not eliminate the effect of thom(?-
geneities in the static field, and so the image is
T,*-weighted; nor does it compensate for magnetic
susceptibility effects (see section 10.8). - .

The usual frequency-encoding gradient pulse .X is
preceded by a reverse pulse X’ (of half the .duranon).
During the first, negative, part of the gradient pulse,
the dipoles at one side of each voxel are made to pre-
cess faster than and get ahead of those at the other,
Then the gradient current reverses and 'the latter
begin to catch up with the former, coming nto phase

again to produce the echo signal. The peak 9f the MR
signal appears at the middle of the X-gradient pulse
{(Fig. 10.23b). ‘
To summarize: compared with the SE sequence, in
a GRE sequence the RF pulse is of reduced strength
and tips the magnetic vector through a smaller angle
than 90°, thus allowing a short TR. The nega.lt{ve
gradient pulse X' dephases the spins, and the positive
gradient pulse X, which is twice as long, rephases

them.

Magnetic resonance imaging

An important characteristic of GRE scans is that
moving blood appenrs bright (see Magnetic resonance

angiography).

Echo planar imaging

A 50-ms ‘snapshot’ may be produced by an extremely
fast form of GRE called echo planar imaging (EPI).
Following a standard (90°, 180%) SE sequence and
slice selection gradient, the polarity of a frequency-
encoding gradient is continually teversed, as fast
as possible, each time inducing a gradient echo. The
phase-encoding gradient is also switched on and off,
briefly, just before each echo, thus encoding each of
the echoes with a different phase-encoding gradi-
ent. Multiple echoes can be collected before M,, has
decayed too far, to give a complete image in the 50ms
following the SE 90-180° pulses. PD or T, weight-
ing is obtained by using short or long effective TE.
T; weighting is possible if an inverting pulse is
applied before the excitation pulse to produce satura-
tion. The whole brain can be imaged in about 2-3s.
However, resolution, echo strength and the signal to
noise are all compromised.

The strong field of a superconducting magnet is
necessary, and artefacts may be a problem. As very
high gradients and very fast switching are needed,
this will induce small, unwanted currents in nearby
metaliic structures, and these may cause blurring and
artefacts in the image (see section 10.8). They can be
reduced by active shielding of the gradient coils (see
section 10.10}.

This ultrafast technique can be used for functional
imaging, real-time cardiac imaging and perfusion or
diffusion imaging.

Imaging in other planes
Any desired image plane can be selected without
moving the patient.

To image in the coronal plane, the Y-gradient is
used for slice selecting and the other two for fre-
quency and phase encoding. To image in the sagittal
plane, the X-gradient is used for slice selecting and
the other two for frequency and phase encoding. To
image in the coronal oblique plane, slice selectonis
applied to the X- and Y-gradients simuftaneously.

Generally speaking, the phase-encoding gradi-
ent is best applied along the shorter dimension of the
patient’s anatomy.

Three-dimensional Fourier imaging

{volume imaging)

This is an alternative method of spatial encoding.
Ashallow Z-gradientis used o select a thick slice, thick

enough to include the whole volume to be imaged. As
usual, frequency encoding is used along one axis, but
phase encoding is used along both of the others. The
data-processing requirements are increased accord-
ingly; so is the scan time, but this may be mitigated
by using GRE with a short TE. A three-dimensional
Foutier transform is used to decode the information.
Because the slice selection direction is phase encoded,
it is also subject to motion artefacts and to phase
wraparound artefacts, just like the normal in-plane
phase encoding. The three-dimensional data can be
‘reformatted’ to produce images of a serjes of very
thin contiguous slices (no gaps) in any orientation,
with no cross-talk.

Paralle! imaging :

Most MR fechniques need high temporal and spatial
resolution. Before parallel imaging techniques were
available, multiple slice techniques and increasing
the gradient strength were the only way to do this,
although the latter is expensive and has unwanted
side effects (peripheral nerve stimulation),

Simultaneous acquisition of spatial harmonics (SMASH)
and sensitivity encoding (SENSE) each use an array
of RF detection coils to perform some of the phase
encoding usually done by magnetic field gradients.
Conventional spatial encoding with gradients is a
serial process, whereas SMASH and SENSE are par-
tially parallel imaging techniques. Each coil in an
array is connected to a separate RF receiver, resulting
in parallel streams of data, each of which produces
a separate image. SMASH and SENSE use the infor-
mation from both the localized sensitivities of the
individual coils and their independent signals. Thus
images are obtained with fewer phase encode steps,
the limiting factor in MRL Most existing fast-imaging
sequences such as EPI can be used with SMASH and
SENSE in half the nozmal image acquisition time.

If each RF coil transmits as well as receives the sig-
nal, better separation of the signals is obtained. The
pulse duration is reduced, enabling short TE-short
TR sequences, optimizing the SNR with reduced scan
time in transmit SENSE.

This field is developing constantly and is enabling

 techniques such as radial or spiral scanning to become

available,

10.6 SPECIALIZED IMAGING TECHNIQUES

Magnetic resonance angiography

The effect on the MR image of the flow of blood
depends on many factors, inctuding its velocity, flow
profile, and direction relative to the slice (it is great-
est for flow perpendicular to the slice), as well as the




184 FARR'S PHYSICS FOR MEDICAL IMAGING

(a) Slice

Staticnary B
tissue

Slowl|flowing blood {strong signal)

Stationary B
tissue
(b} Slice
Stationary B
tissue

Fast flowing blood (no signal)

Staticnary B
tissue

Figure 10,22 Appearance of blood during spin-echo: (a) slow-
flowing and (b) fast-flowing.

pulse sequence and its parameters. In multislica'e imag-
ing, the appearance depends on Wheth(—::r the slices are
acquired in the same or opposite directxoln to the ﬂc‘wv.
A few simple principles can be identified regarding
the 5E sequence.

& Vessels containing slow-flowing blood (e.g. in a veii)
may appear bright (flow "enhancement). Previously
unexcited blood (A in Fig. 10.22a) that enters the
slice during a 90° pulse is more affected l?y the
pulse and produces a stronger echo than stationary
tissue (B) in which M, has not yet fully re?overed

from the previous 90° pulse. The effect is rpost
noticeable when the pulses are repeated rapidly,
with a short TR.

& Vessels containing fast-flowing blood (e.g. in thg aorfu)
appear dark or void. Some of the blood (C in Fig.
10.22b) excited by the 90° pulse has already left the
slice before the 180° pulse oceurs, and 5o prodm?es
no echo signal. Conventional T, Weightmg! with
presaturation pulses produces ‘black blood flow,
and so any signals from a vessel indicate stagnant
flow or an occlusion.

o Turbulent flow produces a rapid loss of coherence, thits
reducing My, and usually appears dark - for example,
turbulence downstream of a stricture in a vessel.

In a GRE scan, flowing blood and CSF usually appear
bright, for the following reason. The RFlpulses, which
are rapidly repeated, excite spins only in ths selecte.d
slice, but the gradient pulse (unlike the 780 pulse'm
SE, Fig. 10.22) rephases all spins whether in the slice
or outside it. Even if (as in the second principle abow?)
some of the excited blood has left the slice, the grat‘:h-
ent pulse will rephase it, and it will stili produce a sig-
nal. Flowing blood does not therefore appear black.
On the contrary (as in the first principle above), the
in-flowing blood will give a larger signal and appear
brighter than stationary tissues, which have.prer
ously been tepeatedly excited as long as TR is well
below the Ty recovery of the stationary tissues.

To image only the blood vessels in GRE, moving

blood is recognized either by its increased brightness
in “time of flight angiography’, or by the phase cha?lge
caused by movement along the magnetic ﬁc?ld gradient
{‘Phase contrast angiography’). Staﬁona-ry tissue shgws
no net phase change. No contrast medlum.ls required
because of the large difference in the MR signals fL“om
flowing blood and tissue. In two-dirnens‘ionall angiog-
raphy, a series of images, stacked in-the.dlrectu‘)n of the
vessel, is produced, analysed for maximum mtegsﬁy
related to each voxel; this is projected on to a single
image plane to produce the angiogram. T.he same
construction technique is used for CT anglography
(Ch. 7.42). For good three-dimensionfll (volme) angi-
ography with high signal to noise, high-velocity flow
is needed (e.g. intracranial flow).

Perfusion imaging :
Perfusjon imaging uses a paramagnetic contrast agent
to teasure the rate at which blood is delivered to the
capillary bed of tissues and thus metabolic activity.
There are two main methods - either using a bolus
of contrast agent or arterial spin labelling — usually
needing EPI techniques. - .
Gadolinium (as the ion Gd*") is a highly suit-
able material to use as, having seven unpaired ele‘c-
trons, it is strongly paramagnetic. Being very toxic,
it is chelated with diethylenetriaminepenta—acetl.c
acid (DTPA), which is water-soluble and to which. it
remains bornd until excreted. However, it is contrain-
dicated in patients with renal dysfunctjon. '
Used as an intravenous conitrast medium,
Gd-DTPA is not itself visible on the MR image.
Tumbling at around the Larmor frequency, the para-
magnetic molecules shorten both T; and Tz of the
hydrogen nuclei in their vicinity as a magnetic suscep-
tibility effect. As the effect on Ty is greater than on Ty,
* it is called a positive contrast agent, The area of .upte.\lce
is made brighter in a Ty-weighted image. Ty V\fe%ght'“mg
is therefore generally used after gadolinium injection.

Magnetic resonance imaging =11

Baseline Bolus Ist pass Recirculation

Signal intensity
oy

Time {s)

Figure 10.23 Signal intensity during boius transit through
different tissues: a, no change in signal, no perfusion; b, strong
change, normal perfusion,

However, during the first pass of the agent, the gado-
linium remains in the blood vessels and causes a large
susceptibility effect in perfused tissues. T,* weight-
ing with a gradient echo is sensitive to these changes.
Because the transit of the bolus through the tissue lasts
only a few seconds, fast imaging techniques must be
used. Analysis of the signal decay gives information on
blood volume and a measurement of perfusion in terms
of millilitres of blood per 100g tissue per minute, the
tracer concentration being roughly proportional to the
relaxation rate in normally perfused tissues (Fig. 10.23).

As Gd-DTPA is water-soluble, it may produce
increased contrast between pathological and normal
tissue. It does not cross the normal blood-brain bar-
rier and so is used to reveal breakdown of the barrier.
The protons in water are more affected than those in
fat. Water may appear equally bright as fat, and fat
suppression techniques may have to be used.

The greater the concentration of Gd-DTPA, the
shorter the relaxation times. Because Ty and T short-
ening have opposite effects, the concentration of
Gd-DTPA must not be so great that the T, effect can-
cels out the T; effect.

In arierial spin labelling, two images are generally
obtained, one in which the blood water magnetization
is different, obtained by spin inversion techniques
(spin-iabelled image)}, from that of tissue water, and
the control image, in which they are in the same state
(no inversion is applied). Subtracting the two images
gives the perfusion image from which the blood flow
can be measured.

Applying the off-resonance RF pulse for inversion
can cause magnetization transfer between free and
bound water, resulting in a decrease of the expected
contrast. To mifigate the effect in the subtracted image,
an off-resonance RF pulse is usually applied before
acquisition of the control image so that the magneti-
zation transfer effects cancel.

Diffusion imaging
Diffusion-weighted imaging requires combining EPI
or fast GRE sequences with two large gradient pulses

applied after each RE excitation. The gradient puises
effectively cancel if spins do not move (are static),
while moving spins undergo a phase shift. Tissue
water with normal random thermal motion (diffu-
sion) aftenuates the signal due to the destructive
interference of all the phase-dispersed spins, while a
high signal appears from tissues with restricted move-
ment or diffusion. Subtle changes in the restriction of
movement are reflected in the signal attenuation that
is directly related to the apparent (or effective) diffu-
sion coefficient multiplied by a sensitivity weighting
factor that depends on the time and the amplitude of
the diffusion gradient.

Diffusion gradients must be strong and are applied
in X-, Y- and Z-directions to obtain the diffusion-
weighted image. Although the images themselves
provide visual information on, for example, tisstes
damaged because of oedema, much more can be
obtained only by post-processing of the data to pro-
vide parameters that enable quantitative assessment
of tissue integrity and connectivity, for example,

Functional imaging (functional MR}

Functional MRI techniques acquire images of the
brain during an activity or stimulus and compares
them with at-rest images. The physiological effect that
produces the greatest change in MR signal between
stimulus and rest is the blood oxygenation level.
Haemoglobin contains iron and transports oxygen
bound to the iron in the vascular system and so into
the tissues. Oxyhaemoglobin is diamagnetic {magnetic
properties are weakly opposed to the main field),
while deoxyhaemoglobin is paramagnetic and produ-
ces magnetic field inhomogeneities in neighbouring
tissues, increasing T,". At rest, tissues have roughly
equal amounts of oxy- and deoxyhaemoglobin.
When metabolic activity is increased, more oxygen is
extracted from the capillaries, increasing blood flow
and causing a change in deoxyhaemoglobin and thus
the MR signal. The effects are very short-lived and so
need very rapid sequences such as EPI or fast GRE.
Typically, low-resolution volume images are acquired
with long TE (about 50ms) every few seconds while
the physiological stimulus is applied. The areas of the
subtracted images (stimulus minus rest) that show
increased signal intensity correspond to the brain area
activated by the stimulus, The subtracted images can
then be overaid on to a normal high-resolution image
of the area to provide the functional map.

Mognetic resonance spectroscopic imaging

Magnetic resonance spectroscopy provides a frequency
spectrum fingerprint of the tissue based on its mole-
cular and chemical composition. Peak intensities and
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Figure 10.24 Magnetic resonance spectroscopy.

position indicate how an atom is bonded to a mole-
cule. Most clinical spectroscopy studies hydrogen, but
other MR-active nuclei are possible.

Nuclei with even numbers of protons and evennum-
bers of neutrons (even 7 and even A} cannot show
MR (v = 0). Those with an odd number of protons
or an odd number of neutrons can do so. Different
nuclides have different gyromagnetic ratios.

For MRI to be feasible, a nuclide must have a high
gyromagnetic ratio, the isotope must be abundant in
the element, and the element must be abundant in the
human body. Of the four most abundant elements in
the human body, 11 is, on all three counts, the easiest
to image. 160, N and **C possess no nuclear magne-
tism. 1°C has an odd number of neutrons but accounts
for only 1% of carbon atoms. Naturally abundant *'P
has a lower gyromagnetic ratio (17.2MHz at 1T) than
IH, but it can be imaged using a sufficiently strong
magnetic field and appropriate surface coils. Although
the MR signal is several orders of magnitude less than
for "1 and so the images have lower spatial resolution

(see below), the metabolism of phosphorus is of sig-
nificant interest as an indicator of energy metabolism
and is also used as a monitor of therapy outcome.

Because of chemical shift, phosphorus nuclei have
different resonant frequencies when bound in inor-
ganic salts, adenosine sriphosphate, phospho mono-
ester, phospho diester and phosphocteatine. Using a
proadband RF pulse, all these can be made to reson-
ate, The MR signals from a defined volume of tissue
can be analysed as a frequency spectrum (Fig. 10.24),
and each of the metabolites can be imaged separately.
Sequential imaging allows the study of their metabo-
lism in vivo.

A high magnetic field 2T or mote) is needed to
give sufficient signal strength and sufficiently good
spectral resolution. The field must be uniform to better
than 1ppm. As spectroscopy depends on frequency,
only phase-encoding gradients can be used in imaging.
Accordingly, to reduce imaging time, much larger pix-
els in a coarser matrix of 1em pixels must be used.

It is not practicable to produce MR images in vivo
with other MR active nuclides (such as *F or By and
other metabolites, although they are routinely assessed
in vitro, as their low SNR implies very long scar times,

Dixon method for chemical shift imaging

Spinning proions are affected to some extent by the
magnetic fields of atomic electrons circulating innearby
atoms, The resonant frequency of a proton is therefore
affected by its chemical environment. Measurement
of this ‘chemical shift’ can give information about
molecular structure.

The valence electrons in the H-O bond in water
produce a slightly smaller magnetic field in the region
of the proton than do those in the H-C bond in lipids.
As a result, the resonant frequency of the proton is
about 3ppm greater in fat than in water.

The difference in resonant frequencies can be
exploited to produce separate images of water and fat:

@ After the 90° pulse in a conventional MR scan, the
dipoles in water and fat precess at slightly different
rates and are continually going in and out of phase
with each other every few milliseconds. A (water
plus fat) image is obtained by setting the TE when
they are exactly in phase, and a (water minus faf)
image is obtained by slightly delaying the TL
until they are exactly out of phase. Adding these
two images produces a water-only image, and
subtracting them gives a fat-only image.-

10.7 MAGNETIC RESONANCE IMAGE
QUALITY

Image quality depends on many parameters, such as
the magnetic field strength, the pulse sequence and
its timing, number of excitations, slice thickness, siice
separation, dimensions of the image matrix and FOV,
inherent or injected contrast, and the use of surface
coils. In this section, their effect on the signal, noise,
image contrast, spatial resolution and scan times are
considered. Section 10.8 looks specifically at image
artefacts.

Signal to noise ratio
Noise is a random variation in the MR signal, occur-
ring at all frequencies and all the time, due to the

following,.

o Patient. Noise is principally due to the presence
of the patient. Random thermal movenent of
the hydrogen atoms in the tissues induces in the
receiver coils currents having a wide range of RFs,
called white noise. '

@ gcanner.. Electronic noise comes from the statistical
uctuations in the numbers of electrons in the
currents flowing in the electronic circuits.

@ Enmmnment. Some noise can come from RE
}ntl?rference, either outside the scanner room or
inside from ancillary equipment.

. All noise reduces and obscures contrasts between
tlssue§. It appears worst in the ateas of low PD and
low 51gnai. The SNR can be improved by any of the
fo!lowmg measures, although each needs to be opti-
mized for the image required: ’

@ Increasing the signal by:
© — increasing voxel size by increasin
! . g the FOV or
sl;lce thickness or by decreasing the number of
Phase-encoding steps, although at th
of spatial resolution ’ s ¢ e
— decreasing TE
S—E increasing TR or the fip angle.
sequences generally give a bigger si
' enal than
gradient echo (GRE). The signal strength would

also be increased by using a machi i i
et atromatt v % a machine with a higher

& Reducing the noise by:

— mcrea'sing Ngy (the number of excitations)

— redugmg' the bandwidth of the receiver so
that it p%cks up less of the spectrum of noise
frequenmes, although  unfortunately this
increases the chemical shift and moti
described below conaneiacs

— reducing c%'os_s-talk by having larger gaps
betwe‘en slices or by using multislice techniques

—_ Iredtfcmg the volume of tissue from which noise
is Plcked up by using well-positioned surface
co-lls of good design such as a phased array
Wlth.multiple small coils.

'11"1hree-dnne¥18i0na1 imaging can give a better SNR

than two-dimensional multislice imaging, but at

the expense of increased imaging times,

Contrast

Contrlast is the difference in the SNR between adja-
cent tissues and is controlled similarly to the SNR ]as
above. It can, however, be enhanced, either by us,in

MR tec}?m'ques to weight PD, Ty and T, depending
on the tissue to be imaged (as in section 10.3), or btcjr
using a contrast agent. o ’

® ?/Iagnetiza:tion transfer contrast uses off-resonant
requency RF pulses to transfer magnetization to

freé protons to su i
ppress the signal from proto
bound to macromolecules. PR

Magnetic _kesqn’an_cé' imaging

& Fat suppression can be achieved usm;g'.a.“.éhort I
inversion recovery (STIR) sequence to enhance th
contrast between lesions and adjacent fatty tissue )

e T, weighting specifically increases the cont
beftween normal and abnormal tissue, the la];?St
be%ng brighter, as it contains water and is m, o
evident than on T;- or PD-weighted images. e

® Paramagnetic contrast medig such as gadolinium
ghortens Ty of nearby hydrogen nuclei in adjacent
tissues and thus enhances the inherent contrast
Manganese (as the ion Mn®"), with five Impaired.
electrons, and iron {as the jon Fe®*), with four, have
also been used as paramagnetic or positive co,ntrast
agents but are not in such wide clinical use.

] Supe‘rparamﬁgnetic contrast media. Minute (30nm)
part%cles of the iron oxide FeyO; with an inert
coating are too small to be ferromagnetic but, bein,
very easily magnetized, they are referred’ to a%
superparamagnetic. 50 too is dyspresium (as the
ion Dy*") DTPA, with five unpaired electrons. Used
as contrast agents, they produce local magnetic
fle’}d gradients that are sufficiently large to shorten
15" and 7. Areas of uptake appear black, They are

also called bulk susceptibili i
ot T ty or negative contrast

e Hyperpolarized gas as a wnew contrast agent
Hyperpolarized (by laser) xenon (***Xe) is starting'
tc? be used for imaging and spectroscopy. Xenon
di§solves in blood and shows a large chemical
shift. Tt can be used at very low fields, giving good
SNR. It has good potential for MRI of the lings
and for low-field angiography. Tt is also capab%re
of transferring polarization to C for future
spectroscopic imaging.

Spatial resolution

Spatia[ resolution depends on the pixel size, which
in turn depends on the matrix and the FOV ,chosen
A rePresentaﬁve value would be 1mm. Using a iarger-
matrix, reducing the FOV and using a local coil reduce
th'e pixel size and improve resolution, Using a thinner
s‘hce also improves resolution, on account of the par-
tial \.rolume effect. Three-dimensional data (voluIr)ne)
;Lc?tmsistlﬁlﬁ, iescribed above, has high resolution and
etter than -di i isli
betier SNR Voxegi;‘go dimensional (multislice) scan

Scan time

IE';can time is a function of TR, the phase matrix (num-

Slelr of encod].}lgs), and the number of excitations (N,,).
ort scan times obviously help to reduce motfgn
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artefacts and thus improve jmage quality, but a com-
promise is needed.

o Reducing the TR:
— reduces SNR
— reduces the number of slices per acquisition
— increases T weighting (tissues more likely to be
saturated).
& Reducing the phase matrix:
— reduces resolution.
o Reducing the Ny
— reduces SNR
— increases motion artefact.

10.8 ARTEFACTS

Aliasing
Aliasing is a sign that the FOV is too small. It occurs
if that part of the patient which is excited by the RF
overlaps the chosen FOV. Then signals picked up by
the body coil from tissues outside the FOV are falsely
allocated to pixels within the matrix. This can pro-
duce image wrap-round in the phase-encoding direction.
Part of the image is shifted bodily to the opposite side
from its true anatomy.

- The electronic circuits are designed to suppress
aliasing in the frequency-encoding direction. Aliasing
in the phase-encoding direction can be reduced by:

o An anti-aliasing or over-sampling technique; for
example, doubling the FOV in the phase-encoding
direction and at the same time doubling the
number of phase-encoding steps (to keep the same
pixel size}, halving N to keep the same imaging
time and SNR, and displaying only the central half
of the image (i.e. covering the original FOV).

@ Using a stirface coil that more closely matches the
FOV, or increasing the FOV to match the coil.

Motion ortefacts

Patients may find it hard to keep still during the long
imaging time. As well as causing blurring or smear-
ing of the image, motion can be responsibie for ghost
images. Frequency encoding takes place so quickly
and phase encoding so slowly that the effects of
motion are usually apparent only in the phase-encoding
direction. Note that the ghosts appear in this direction
even if the motion is through the slice or in the fre-
quency direction. Swapping the frequency and phase
direction sometimes displaces the artefact from the
area of interest. Cyclical motion of tissues due to heart
motion or breathing can produce multiple images
in the phase-encoding direction of, for example, the
abdominal aorta or any pulsating vessel.

Cardiac friggering can be used to reduce cardiac
meotion artefacts. The pulse sequence is triggered by
the R-wave and TR made equal to the R-R interval.
The acquisition of data is thereby synchronized with
cardiac motion. Respiratory triggering is also pos-
gible but more difficult because the motion is slower.
Reliance is usually placed on a fast scan with breath
holding.

Pulsatile flow in arteries and the chambers of the
heart can also produce multiple ghost images (e.g
of the aorta), again in the phase-encoding direction.
The faster the motion, the wider is the spacing of the
ghosts, Techniques such as the motion artefact sup-
pression technique removes artefacts caused by phase
changes resulting from movement (e.g. of blood and
CSF). It does so by modifying the field gradients and
is generally described as gradient moment rephasing.

Magnetic susceptibility

When an iron core is inserted in a DC solenoid, it
becomes magnetized and increases the magnetic field.
A patient inserted inside a DC solenoid similarly
becomes very slightly magnetized. This is an afomic
and not a nuciear effect. The patient disturbs the static
magnetic field very slightly, especially:

o at the interfaces between tissue (susceptible) and
air (not susceptible to magnetization) in lungs,
sinuses, etc.

& because of fhe concentration of haemoglobin that
may occur following bleeding, as this is slightly
ferromagnetic due to its iron content.

Such unavoidable inhomogeneities of, typically,
2ppm in the local magnetic field lead to an increase
or a decrease in the MR signal and are responsible for
certain artefacts. They are likely to be more noticeable
on GRE than on 5E images.

Chemical shift artefact -

The imaging system cannot distinguish whether
changes in resonant frequency are due to chemical
shift or to the frequency-encoding gradient. Both are
interpreted as a displacement ir the frequency-encoding
direction. Compared with water, fat, with its slightly
higher resonant frequency, is falsely allocated to loca-
tions a few pixels up the gradient. For example, kid-
ney is displaced relative to perinephric fat (Fig. 10.25).
A white band is produced where the signal from fat
is superimposed on that from water, and a black band
where neither produces a signal. Similar effects are
seen with fat around the optic nerve and at the margins
of vertebral bodies. The stronger the static field of
the machine, the greater the shift in terms of pixels.

Water Fat Water

Anatomy

Frequency - encoding direction
Increasing magnetic field

Image

Water Fat Water
Figure 10.25 Chemical shift arfefact,

Itican be reduced by using a steeper gradient or a
wider receiver bandwidth (although the latter lets
'through more noise). Alternatively, two chemical shift
images can be superimposed with perfect registration

bEt“V cen fat aIld Water, thus elimir atlllg (he ical s ]{t
T
ar tefaCtS.

Other artefacts

A centlml line or “zipper” artefact is produced across
the rr}1dd1e of the image (usually in the phase-encodin
dzrec.tzon.) when RF leaks from the transmitter to th(g
receiver. Line artefacts can also be produced by RE
interference from outside, with the patient actig as
an aerial (e.g. when the shielded door is ajar). &

I.mplants of ferrous materials distort the local mag-
netic field and can distort or even black out quitega
large surrounding area of the image.

' Truncation or ‘ringing’ refers to the paralle] stria-
tions that can appear at high contrast interfaces (e.g
between fat and muscle or between CSF and the 31‘31-.
f‘lal cord;. This is similar to the artefact encountered
in CT gnd is due to a low sampling rate. This is more
hke‘ly in the phase-encoding direction. Tt can be reduced
by increasing the matrix or reducing the FOV.

Meth(?ds to reduce the more cotnmon artefacts are
summarized in Table 10.5.

10.9 QUALITY ASSURANCE

As for other imaging modalities, MRI requires a regu-
lar quality assurance programme, The homc;geneit
of the magnetic field is crucial, and it can be measureg
d1recﬂ¥ at different positions within the magnet usin:
a spe:cml nuclear MR probe or, indirectly, by using
imaging test devices. ’ i

Magnetic resonance imaging

Table 10.5 Common artefacts and solutions

Artefact Possibie solution

Aliasing Enlarge the FOV or better match
surface coils
Increase frequency bandwidth,

reduce FGV or superimposition

Chemica! shift

Motion Counsel, immaobilize or sedate
patient, or swap phase and
] frequency
Magnetic susceptibility ~Remove metal object or use
spin-echo

Phase mismapping Exchange phase and frequency

directions, or use gating
Inerease phase encodings or reduce

Truncation
: the-FOV

FQV, field of view.

The same general quality assurance factors as

for. CT need to be considered: contrast, resolution
noise, artefacts (ghosting) and geometrical distortion’
Q.uahty assurance tests should include verification of.
Shcel thickness, image uniformity and linearity, SNR
spatial resolution and contrast (using phanton{s) RF’
Pulse parameters, and the video display cheureu:tcizris~
t1c§. Test devices are available designed to fit into the
coils to measure each of parameters listed.
. Emergency equipment and safety features regard-
ing the special hazards of MRI should also be part of
standard checks. Box 10.1 gives a short checklist of
quality assurance tests.

10.10 MAGNETS AND COILS

The patient is placed inside the magnet bore and is
sprrounded by a set of coils (the innermost coils in
Fig. 1[?.26) connected 1o an RF generator (transmitter
ot oscillator), which sends through them a pulse of RF
current lasting 1ms or less.

Thete are three types of main magnet.

© A permanent magnet consists of two opposing

flat-faced highly magnetized pole' pieces (iron
and alloys of aluminium, nickel and cobalt are
commeonly used) fixed to an iron frame, It is.large
and can weigh some 80 tonnes. It is expensive
to buy but the cheapest to run. It requires no
power but cannot be shut down and will only
give lowi-strength, vertical fields, up to -about
0.3T. This magnet is used for claustrophobic

patients, children, obese adults and interventional
Drocedures.
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Figure 10.26 Arrangement of the coils in a magnetic resonance
machine.

e A resislive electromagnet is a set of DC coils with
copper or aluminium conductors, which consume
some 50-100kW of power. The heat produ.ced
is removed by cooling water, pumped :r.apldly
through the hollow coils. The vertical or herizontal
magnetic field is limited by heating to Q.ST, and
has significant fringe fields. It can be switched off
at will, at the end of the day or in an emergency. It

then takes 15-30 min to ‘ramp up’, ie. re—est'abl?ish
the field. It is the cheapest and smiallest, weighing
some 2 tormes. .

A superconducting electromagnet is a DC solenoid,
about 1m in diameter, with conductors made of a
rather brittle niobium—titanium alloy in a copper
matrix, They are supercooled by a ‘cryogen™
liguid helium at 4K {(—269°C). At this temperature,
they have negligible resistance, and large (]?C)
currents can be used without overheating,
producing horizontal fields up to at least S.T bL.lt
with significant fringe fields. The machme.z is
correspondingly large and expensive and w‘elghs
some 6 tonnes. Its funnel configuration is unsuitable
for very large or claustrophobic patients. Srgall-k?ore
machines up to 77T are also in use for brain imaging.

It takes several hours for the coil to cool down
and the current to build up. The coil is then short
circuited and the power removed. The current
continues to flow while using virtually no power,
but liquid gas is consumed to maintain the low-
temperature need for negligible resistance. If and
when the machine is shut down, the electro-
magnetic energy (some 20kWh) stored within the
superconducting coil has to be removed carefully to
avoid a ‘quench’ (see section 10.11). ' o

The expensive liquid helium is contained within
a fragile cryostat (vacuum, Dewar or The.:rmos
vessels) and replenished periodically. A refrigera-
tor system is used to reduce helium losses. Car‘e
must be taken when replenishing the cryogen. Air
entering the system wotld solidify like a plug.

The coolant level must be logged daily. If it falls
too low, quenching occurs; the temperature rises,
superconductivity is lost and the stored energy
released, If the temperature rises, the qul,}ld gas
boils off rapidly and must be vented outside the
building. As the superconductivity d_isappears, the
copper matrix takes over the conduction of current.

The magnetic field '
The main field must be stable, unaffected by ambient
temperature, and uniform to 5ppm over a large vol-
wme for imaging {1 ppm for spectroscopy). In thtla case
of a permanent magnet, the field is usua}liy allgned
vertically, from front to back of the supine patient,
while in a solenoid it points horizontaily along the
length of the patient.

The magnetic field lines form closed loops‘ and
crowd together within a solencid but spread w1de1.y
outside it as a fringe field (Fig. 10.27). This effect is
reduced by an iron shroud weighing many tonnes or
by additional large shimming coils. The fringe field of

" Figure 10.27 Fringe fields (&) and field contour plots (b)
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a permanent magnet is negligible, as it is concentrated

within the iron yoke.

Optimum field strength The static magnetic field
should be large enough to produce an adequate sig-
nal but not so large that it exceeds the safety guide-
lines (see section 10.11). Opinions differ about the
optimum field strength for MRL Against a high field is
an increased Ty, necessitating a longer TR and imag-
ing time and the greater cost of the magnet. The static
field is harder to make uniform, and there is a stronger
fringe field, which can affect equipment in adjacent
areas, Chemical shift artefacts ate increased unless a
higher field gradient is also used. Motion and suscep-
tibility artefacts are worsened. Potential hazards to
the patient, including RF heating, are greater. In favour
of @ high field is a larger MR signal and improved SNR

producing optimum images, and special applications
become possible.

Coilfs
Working inwards from the outer main magnet coils
(see Fig, 10.26), there are the following,

@ The shim coils (not shown) carrying DC, which
are fine tuned to make the main magnetic field

as uniform as possible throughout the imaging
volume.

@ The three sets of gradient coils, carrying DC, which
are varied to alter the slope of the magnetic field,
typically 20mTm™'. The coils are conmected to
gradient amplifiers that control the rise time and
maximum value of the gradients. The currents must
be switched off rapidly, in 1ms or less, which causes
the coils to emit a Ioud bang. The direction the
current is passed through the coil determines the
increase or decrease in the field strength relative to
the centre. The slice select or Z-axis gradient field is
switched on during the application of the R pulse.
The steeper the gradient, the thinner the slice. -

showing controlled areas. A, scanner roam; C, equipment room; B, operator

During the few milliseconds that the MR echo
signal is being received, DC is passed through a
second set of gradient coils (XX in Fig. 10.26). This
produces a magnetic field gradient from side to
side, in the X-direction (Fig. 10.15b), for example
for frequency encoding. Steep frequency encoding
gradients are needed for small FOV.

Immediately after the protons in the slice have
been excited by the 90° pulse, but hefore they are
inverted by the 180° pulse, DC is passed for a few
milliseconds through a third set of gradient coils
(YY in Fig. 10.26). This produces a magnetic field
gradient from the front to the back of the patient,
in the Y-direction (e.g. for phase encoding). Steep-
phase encoding gradients produce fine-phase
matrices.

e RF (transmitter/receiver) coils, which are tuned

like a radio to the resonant frequency. They

produce a magnetic field at right angles to the main

field. To maximize the signal, the coil should be as
close as possible to the part being imaged. The RE
coils are of several types.

— The standard body coil is usually a permanent
part of the scanner. It is used to transmit the RF
pulse for all types of scan and to receive the MR
signal when imaging large parts of the body
(e.g. the chest and abdomen). The patient
should be positigned so that the coil includes
the anatomy to be imaged.

— The head (transmit/receiver) coil is part of the
helmet used in brain scanning,

— Surface or local (receiver) coils are separate coils
designed to be applied as close as possible to
image parts close to the surface, the lumbar
spine, knee, orbit, etc., before the patient is
inserted into the machine. They receive signals
effectively from a depth equal to the ¢oil radius.
They allow smaller voxels and give better
resolution but have a smaller FOV and less
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uniformity. They are harder to use and must be
positioned carefully. Being closer to the p?':rtlent
than body coils, they pick up a larger s1g?\a1.
Having a smatler FOV and 1im1t§d pengtratlon,
they pick up less noise, thus improving the .
SNR. Intracavity (e.g. rectal) coils can also
be used to give greater resolution of small
structures deep in the body.

— Phased array coils are multiple (four or II‘l.OI'e)
receiver coils whose signals ave rc?celved
individually (less noise) and then-combined to
increase SNR but with a large FOV. All data are
acquired in a single sequence. The great‘er. the
number of independent coils, the more d1ff1c.u1t
it is to keep them decoupled Wllthout losing
the signal. Geometrical and electrical methods
are needed for this. With a 64-channel array,
MR cine at 125 frames s~ has been achieved
at1.5T.

— Transmit phased array coils produce a curreni on
each element. Special amplifiers are needed
to define this current. Careful control of the
relative amplitude and phase of each elemf:‘nt
enables them to be mutually indepen(%ent. With
reduced pulse duration, higher SNR, improved
field homogeneity and, ]‘ncidentz.\}ly, reduced
specific absorption rate (see section 10.11) at
" high field strengths, paraliel MRI can be used

in the excitation phase as in Transmit SENSE.

The complete magnetic resonance system

In addition to the magnet, coils and thel%* controllers
in Figure 10.24, there is a pulse control unit. The %]JI;E
sequences are selected at the operator console, an lt e
control unit synchronizes the gradients and RF pulses

[ Gt e |

magnet and shim coils

oy

[ Po@ﬁpply‘ for

" Patient

[

Figure 10.28 Typical system configuration. RF, radiofrequency.

R
J\_RF transmitter|

Signal d'igitizers

for the selected parameters. The main computer hgs

an array processor (for the Fourier tra.nsforms) and

sends the data to the image processor (Fig. 10.28).
Siting of the machine should take account of:

s steel girders and reinforced concre.te, which may
become magnetized in the fringe field, arfd moving
elevators and vehicles, all of which can distort the
main field

o lifts and power cables, which may cause RF
interference and so distort the image and also
produce linear artefacts.

The walls of the room incorporate wire mesh (a -
Faraday cage) to screen the scanner from such exter-
nal RF interference. Doors are similarly screened and
also interlocked to ensure that they are propetly glosed

during imaging.

10.11 HAZARDS AND SAFE PRACTICE

Magnetic resonance imaging does not ]'nvolye ior'ﬁzing
radiation, As at present practised, following (in the
UK) Medicines and Healtheare products Regulator%
Agency (MHRA) guidelines based on the Healt
Protection Agency advice and implementl.ng Europe?n
directives, the threshold for the following p.otentlal
hazards do not appear to be exceeded; certainly, no
acute ill effects have been noted.

Static magnetic field (oiways presen t) o
Voltages might be induced in ﬂowglg blogd, whic

could cause depolarization, and, in moving hEE.iI“C
muscle, changes may be seen in the. e]gctrocarcho—
gram. No adverse effects are expected if fields do not

Main computei'——:\k

ol

s)

Eﬂse CO;‘ItFO
_t

Op.eratﬂ console

exceed the following MHRA guidelines for whole
body exposure of patients:

Normal mode: less than 2.5T
Controlled mode: between 2.5T and 4T
Research or experimental

mode; more than 4T

Pregnant patients should not be exposed above
2.5T. In the controlled mode, patients must have a
panic button and be monitored with constant visual
-contact with the possibility of verbal contact. Using
a pulse oximeter (fibre-optic) is also recommended.
Note that the patient’s electrocardiogram is affected
above 03T but returns to normal after exposure,
Fthics committee approval is required above 4T, as
adverse bioeffects may occur.

Statf should not be exposed to more than 2T whole
body and 5T for limbs, Over 241, the average expos-
ure should not exceed 0.27T. Manufacturers supply
field plots around their machines to show 200mT
field lines (0.2T). Fable 10.6 gives the restricted expos-
ure times.

Note that MRI is contraindicated if the patient has
an implanted pacemaker. Anyone with a cardiac pace-
maker should be excluded from MR areas and where
stray fields are greater than 0.5mT. Consequently, this
defines the controlled area for safety purposes around
the scarmer installation,

Time-varying gradient fields {(d8/dt)

Electric fields are produced perpendicular to the gra-
dient field, inducing eddy currents in conductive Hs-
sues and causing stimulation, for example peripheral
nerve stimulation, involuntary muscular contraction,
breathing difficulties and even ventricular fibrillation,
Peripheral nerve stimulation has the lowest threshold,
about 60Ts™! for a rise time less than 1 ms, but it does
vary between patients.

Particular care should be taken of patients with
heart disease. Other effects are flashes of light (mag-
netophosphenes) on the retina, vertigo, nausea and
sensations of metallic taste all experienced with dB/dt
for fields greater than 3T.

Table 10.6 Restricted whole body exposure times

Exposure time {h) Average field strength (T)
24 0.2

8 0.6

4 1.2

2 - 20

1 2.0 (limit)

Symptoms associated with time-varying” gradient
fields do not seem to occur below 20Ts", There is
not thought to be any effect on fetal development but,
as a precaution, MRI is usually not carried oyt during
the first trimester of a pregnancy and pregnant staff
may be redeployed.

Implanted devices and monitoring equipment may
be affected by dB/dt-induced voltages (e.g. cochlear
implants, cardiac pacemakers and electrocardiography
monitors). Devices need to be specified as MR com-
patible or MR safe to be unaffected by the MR scan-
ner and safe to use. This specification also indicates
they do not affect the image quality. Note that MR
conditional labels indicate equipment that may be
taken into the scanner room but may be affected by
the fields and may cause image distortion.

Acoustic noise associated with fast-switching mag-
nefic fields {GRE) increases with field strength and
with higher gradient amplitudes (e.g. shorter TR,
TE, high resolution, thin slices). The machine limit is
140dB, although most do not exceed 120dB, However,
hearing protection is required to prevent irreversible
damage at 90dB. Farplugs reduce noise by 10-30dB
and alleviate patient discomfort and distress. Hearing

protection should be matched to the frequency spec-
trum of the noise produced. Note also that low-
frequency sounds are transmitted to the fetus and,
although not yet proven, damage to hearing develop-
ment is of concern.

Radiofrequency fields
Microwave heating may occur, especially at the
higher frequencies associated with strong static fields,
It is usually compensated by vasodilation. The cornea,
with no blood supply, and the testes, with little, may
be at risk. Heating of metallic implants may also pres-
ent a problem. Skin and rectal temperature rise may
be monitored and should not exceed 1°C.

The specific absorption ratio (SAR) is the RF energy
deposited per mass of tissue expressed as watts per
kilogram. Restricting whole body SAR in the body to

- an average of 1Wkg™! restricts the whole body tem-

perature rise to 0.5°C, Table 10.7 gives recommended
exposure limits. The patient’s weight is needed to cal-
culate the temperature tise and control pulse sequences
to ensure safe heating levels.

The SAR is greater for large body parts than for
small, for high static fields than for low, for a 180°
pulse than for a 90° pulse, for SE than for GRE, and for
high-conductivity tissues {brain, blood, liver and CSF)
than for low-conductivity tissues (fat and bone mar-
row). There may be some hotspots, and some combiri-
ation of imaging parameters may not be allowed.
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Table 10.7 Recommended specific absorption ratio
whole body exposure limits

Exposure time (t, min} SAR limit (W kg™ ")

<0.5C <1.0°C
<15 20 4.0
15-30 30/t 60/t
>30 1.0 20

Only MR-compatible monitoring equipment should
be used in the imaging room, and special care taken
over the disposition of leads to minimize induced cur-
rents. The majority of reported adverse incidents con-
cern burns to the patient, often from monitoring leads
and electrodes,

Other hazards

Protocols for the operation of the MR machine take
account of other potential hazards, such as the
following.

Mechanical attraction of ferromagnetic objects var-
ies as the square of the magnetic field and the inverse
cube of the distance (projectile effect), The fringe field,
which can extend for a few metres (as in Fig. 10.27b),
may convert scissors and scalpels into potentially
lethal projectiles. Oxygen cylinders, patient beds, fire-
fighting apparatus, etc. have all caused major inci-
dents and injury. Aneurysm clips may be displaced or
rotated in the tissues when the patient is inserted into
the magnet. Non-magnetic, MR-compatible materials
should always be used. MRI may be contraindicated
in case of ferrous foreign bodies, especially near the
eye. Joint and dental prostheses are firmly fixed and
should present no problem.

The fringe field can also affect some watches, destroy
data on computer disks and credit cards, distort
nearby video displays, and affect photomultipliers.
It is minimized by the design of the coil and the use
of iron shielding. The area around the main magnet
is designated as controlled (see Fig. 10.27) and must
be carefully supervised. On account of the effect on
tmplanted pacemakers, free access of the public is
limited to areas outside the controlled area where the
field is less than 0.5mT.

Safety procedures

Patient screening Patients must be screened or inter-
viewed before any examination, in accordance with the
local imaging protocol. Safety questions must cover
implants {especially pacemakers), surgical history,
functional disorders, allergies (contrast agents), pres-
ence of metallic objects (internal, fixed externally or
removable) and weight (for the SAR). Much advice is

available on implantable devices, metallic foreign bod-
ies and transdermal patches, tattoes, etc. Appropriate
clothing should be provided, and patients should
remove hairpins, jewellery and even eye make-up (as
this can contain iron oxide, creating artefacts in brain
images).

Requirements for safe imaging Once cleared for imag-
ing, patient comfort, safety and confidence are crucial,
Successful and safe imaging requires:

2 positicning equipment leads to avoid RF burns

@ using MR-compatible foam pads for comfort while
ensuring that pillows and covers de not inhibit
heat loss

& providing music, human contact or even light
sedation, as appropriate, to minimize claustrophobia

o hearing protection against the loud percussive
noise produced by the repeatediy switching
gradient — essential for anaesthetized patients

& visual monitoring and, when appropriate,
physiological monitoring using MR-compatible
equipment.

Note that only appropriately trained and experienced
anaesthetists should attend the patient, as special
equipment and procedures are necessary.

Emergencies
Written procedures to cover emergencies and avoid
panic reactions include the following,

Cardiac arrest The procedure comprises resuscita-
tion to keep airways open and cardiac massage while
the patient is removed from the magnet on to an
MR-compatible trolley and taken quickly to the resus-
citation area outside the controlled area, where the
resuscitation team will take over. Or, if the scanner has
a resistive magnet, it is switched off to enable prompt
access by the resuscitation team. All equipment is
removed before switching the magnet oh again.

Fire Resistive magnets should be switched off.
Permanent magnets have lower fringe fields, but fire-
fighting equipment should be used only at a distance
of 1m or more from the bore. Superconducting mag-
nets should be quenched only if the firemen need to
enter the inner controlled area. Note that non-ferrous
carbon dioxide extinguishers should be used.

Quench Before initiating a controlled quench in the
event of a fire or when someone is trapped to the
magnet by a metal object, the door should be fixed
open to avoid a build-up of pressure in the scan room.
All scar rooms contain an oxygen monitor and a
gas-venting system. External venting channels should
be checked periodically to ensure that they function.
Accidental quenching, releasing helium cooling gas
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Table 10.8 Favourable effects of changing imaging parameters: -

Parameter Effect of parameter

when increased

<. when decrea

TR SNR increases

Allows more slices
TE T; contrast may increase
Slice thickness SNR increases
Larger volume scanned
Slice interspace Larger volume scanned
Cross-talk reduces

Matrix Smaller pixels

Spatial resolution improves

Ny SNR increases

FOV Image covers larger area
SNR improves

Aliasing artefacts fess likely

Vi Scan time shartens

when body or head coil used

Coils Gives large FOV

FOV, field of view; SNR, signal to noise ratio.

Aliasing artefacis

into the room, might cause suffocation or produce
frostbite. The glass window between the scanner and
the control room should be broken to equalize the
pressure if necessary.

10.12 SUMMARY

s Table 10.8 lists the favourable effects of changmg
imaging parameters.

@ MRI measures the hydrogen content of individual
voxels in each transverse slice of the patient and
represents it as a shade of grey or colour in the cor-
responding image pixel on the screen.

@ The patient is placed in a strong electromagnetic
field for an MRI scan.

@ Hydrogen nuclei (protons) in the body align: them-

selves parallel or antiparallel with the magnetic
field.

o For each fransverse image slice, a short, powerful
radiosignal is sent through the patient’s body, per-
pendicular to the main magnetic field.

@ The hydrogen atoms, which have the same fre-
quency as the radiowave, resonate with the RF
wave.

» The hydrogen atoms: return

energy state, releasing their excitati
an RF signal (the MR signal) whe
wave is turned off. The Hme: this; akes
time, depends on the type of fiés

The time and signals are comp er
an image is reconstructed.

The favourable effects of 1ncrea
parameter are also the drawbacks of decrea
and vice versa.

Soft tissue contrast is high, The raii‘g’e of:
values in soft tissue is even wider than the ran
CT numbers.

Bone and air do niot produce artefaéts :

MRI is non-invasive, contrast media bemg requz
only for specialized techniques. :

Images can be obtained s1mu1taneously v nmy
ber of plares at any angle.

MHRA guidelines should be mcorporated :
safety protocols to avoid 'potential hazards.’_' )
patients and staff. S

Tonizing radiation is not involved.




