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constant T2*, which is typically shorter than T2. Most of the inhomo-
geneities that produce the T2* effect occur at tissue borders, particularly
at air/tissue interfaces, or are induced by local magnetic fields (e.g. iron
particles). The loss of the MR signal due to T2* effects is called free
induction decay (FID). T2* effects can be avoided by using spin echo

sequences.

T1 and T2 relaxation are completely independent of each other but oc-
cur more or less simultaneously! The decrease in the MR signal due to T2
relaxation occurs within the first 100-300 msec, which is long before there
has been complete recovery of longitudinal magnetization M, due to T1 re-
laxation (0.5-5 sec).
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3 Image Contrast

What determines the contrast of an MR image and how can we influ-

ence it?

Having explained the concepts of excitation and relaxation, we can now
answer this question. Three intrinsic features of a biological tissue contribute
to its signal intensity or brightness on an MR image and hence image con-
trast:

— The proton density, i.e. the number of excitable spins per unit volume, ;
determines the maximum signal that can be obtained from a given
tissue. Proton density can be emphasized by minimizing the other two
parameters, T1 and T2. Such images are called proton density-weighted
or simply proton density images.

— The TI time of a tissue is the time it takes for the excited spins to
recover and be available for the next excitation. T1 affects signal
intensity indirectly and can be varied at random. Images with contrast
that is mainly determined by T1 are called T1-weighted images (T1 w).

— The T2 time mostly determines how quickly an MR signal fades after
excitation. The T2 contrast of an MR image can be controlled by the
operator as well. Images with contrast that is mainly determined by T2
are called T2-weighted images (T2w).

Proton density and T1 and T2 times are intrinsic features of biological tis-
sues and may vary widely from one tissue to the next. Depending on which
of these parameters is emphasized in an MR sequence, the resulting images
differ in their tissue-tissue contrast. This provides the basis for the exquisite
soft-tissue discrimination and diagnostic potential of MR imaging: based
on their specific differences in terms of these three parameters, tissues that
are virtually indistinct on computed tomography (CT) scans can be differ-
entiated by MRI without contrast medium ad ministration.
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3.1  Repetition Time (TR) and T1Weighting

In order to generate an MR image, a slice must be excited and the resulting
signal recorded many times. Why this is so will be explained in » Chap-
ter 4.

Repetition time (TR) is the length of the relaxation period between two
excitation pulses and is therefore crucial for T1 contrast. When TR is long,
more excited spins rotate back into the z-plane and contribute to the re-
growth of longitudinal magnetization. The more longitudinal magnetiza-
tion can be excited with the next RF pulse, the larger the MR signal that can
be collected.

If a short repetition time (less than about 600 msec) is selected, image
contrast is strongly affected by T1 (TR A in » Fig. 9). Under this condition,
tissues with a short T1 relax quickly and give a large signal after the next RF
pulse (and hence appear bright on the image). Tissues with a long T1, on the
other hand, undergo only little relaxation between two RF pulses and hence
less longitudinal magnetization is available when the next excitation pulse is

TR A: 500 msec
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Fig. 9. Relationship between TR and T1 contrast. When TR is short (A), a tissue with
1 short T1 regains most of its longitudinal magnetization during the TR interval and
1ence produces a large MR signal after the next excitation pulse whereas a tissue with a
ong T1 gives only a small signal. When TR is long (B), the signal differences disappear
secause there is enough time for regrowth of longitudinal magnetization in both tissues
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applied. These tissues therefore emit less signal than tissues with a short T1
and appear dark. An image acquired with a short TR is T1-weighted because
it contains mostly T1 information.

If a fairly long repetition time (typically over 1500 msec) is selected, all
tissues including those with a long T1 have enough time to return to equi-
librium and hence they all give similar signals (TR B in » Fig. 9). As a result,
there is less T1 weighting because the effect of T1 on image contrast is only
small.

Thus, by selecting the repetition time, we can control the degree of T1
weighting of the resulting MR image:

The relationship between the MR signal of a tissue and its appearance on
T1-weighted images is as follows:

3.2 Echo Time (TE) and T2 Weighting

What is an echo, anyway?

In » Chapter 4 we will see that different gradients have to be applied to
generate an MR image. For the time being it is sufficient to know that these
gradients serve to induce controlled magnetic field inhomogeneities that
are needed to encode the spatial origin of the MR signals. However, the gra-
dients also contribute to spin dephasing. These effects must be reversed by
applying a refocusing pulse before an adequate MR signal is obtained. The
signal induced in the receiver coil after phase coherence has been restored is
known as a spin echo and can be measured.
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Fig. 10. Relationship between TE and T2 contrast. When TE is very short (A), there is
virtually no signal difference between two tissues with different T2 times whereas clear
differences become apparent when TE is longer (B): a tissue with a short T2 rapidly loses

signal and becomes dark while a tissue with a long T2 retains its brighter signal for a
longer time

The echo time determines the influence of T2 on image contrast. T2 is in
the range of several hundred milliseconds and therefore much shorter than
T1.

If a short echo time is used (less than about 30 msec), the signal differ-
ences between tissues are small (TEA in » Fig. 10) because T2 relaxation
has only just started and there has only been little signal decay at the time of
echo collection. The resulting image has low T2 weighting.

If a longer echo time in the range of the T2 times of tissues (over about
60 msec) is used, the tissues are depicted with different signal intensities on
the resulting MR image (TE B in » Fig. 10): tissues with a short T2 having
lost most of their signal appear dark on the image while tissues with a long
T2 still produce a stronger signal and thus appear bright. This is why, for
instance, cerebrospinal fluid (CSF) with its longer T2 (like water) is brighter
on T2-weighted images compared with brain tissue.

By selecting an echo time (TE), the operator can control the degree of T2

weighting of the resulting MR image:

ShortTE > lowT2 weighting
LongTE. - strong T2 weighting
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» Fig. 10 also illustrates the relationship between the T2 value of a tissue
and its appearance on T2-weighted images:

The relationships between TR and TE and the resulting image n.oEHm,#
are summarized in » Table 1. » Table 2 lists the signal intensities of &m.mﬂna
tissues on T1- and T2-weighted images. » Table 3 provides an overview of

intrinsic contrast parameters of selected tissues.

A typical T1-weighted spin echo (SE) sequence is mnmz:.dm with a TR/TE
of 340/13 msec. A T2-weighted fast spin echo (FSE) MR image can be ac-
quired with a TR/TE of 3500/120 msec. MR images that combine T1 w:a T2
effects are known as proton density-weighted images (PD images). m.U images
with a TE of about 40 msec are also referred to as intermediate-weighted im-

~ages. As a rule, PD images have a higher signal-to-noise ratio (» Chapter 5)

than comparable T1- and T2-weighted images because the FD.W .HW allows
recovery of longitudinal magnetization while the mrn.vi Hm minimizes the
signal decrease due to the decay of transverse magnetization. .

Typical parameters for acquisition of a PD image are for instance a
TR/TE of 2000/15 msec for a PD-weighted SE sequence and a ,EN\YE.W of
4400/40 msec for a PD-weighted FSE sequence. PD sequences are especially

~~useful for evaluating structures with low signal intensities such as the bones

Or connective tissue structures such as ligaments and tendons. Proton den-
sity weighting is often used for high-resolution imaging. mm sequences are
preferred over FSE sequences for PD imaging because SE images are less
prone to distortion. In the clinical setting, PD sequences are mainly used for
imaging of the brain, spine, and musculoskeletal systern.

3.3  Saturation at Short Repetition Times

In the section on repetition time, we already said that there is little time
for the regrowth of longitudinal magnetization when TR is very mro.i. ﬁpm
shorter the TR, the smaller the component of longitudinal magnetization
that is restored and is available for subsequent excitation. As a consequence,
the MR signal decreases as well. When a series of excitation pulses is ap-
plied, the MR signal becomes weaker and weaker after each repeat pulse.

This process is known as saturation (» Fig. 11).
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Table 1,

Image contrast as a function of TR and TE

Table 2. Signal intensities of different tissues on T1- and T2-wei
Tissue

ghted images

T1-weighted image T2-weighted image

Table 3. Relative proton densities (%

) and intrinsic T1 and T2 times (in msec) of dif-
ferent tissues

Tissue Proton density

TI(15T

T2(1.5T)

VA

smeman

909

Semnn

3rd excitation.

Yomrme e S

'2nd éxcitation

Fig. 1. Mechanism of saturation. With a very short TR, the _o:m::&:m._ B.mmbm:Nw:oP
H\.%.Ewﬁ will recover in the interval and be available for subsequent excitation decreases
Zy

, TR is so short that slightly less than half
h RF pulse. In the example shown, the  les .
; MWMMM Mmpmmbm—ﬂosm#s&sﬁ magnetization can regrow before the next excitation pulse is

Fig. 12. Longitudinal magnetization at mrom.ﬁ repetition time. >~w/M_., nmwmwmmmwmmwmwnﬂ
very short intervals, the amount of longitudinal magnetization, M, res red after cach
pulse settles at a low level (equilibrium or steady state). In this situation,

MR signals that form after each excitation are very weak

Saturation is an important issue when fast or ultrafast MR techniques
are used. Here the MR signal may become very weak due to the very short
repetition times (» Fig. 12). We will return to this phenomenon when we
discuss gradient echo sequences.

3.4 Flip Angle (Tip Angle)

Partial flip angle imaging is a technique that can be used to B:&E.mw.m satura-
tion and obtain an adequate MR signal despite a very short repetition time.
A smaller flip angle does not deflect the magnetization all the way through
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90° but only by some fraction of 90° (e.g. 30°). As a result there is less trans-
verse magnetization and the individual MR signals are smaller while more
longitudinal magnetization is available for subsequent excitation even if TR
is very short. However, the overall signal is larger than the one obtained
with a 90° flip angle. In general, the shorter the TR, the smaller the flip angle
that is needed to prevent excessive saturation. The flip angle maximizing the
signal for a given TR and TE is known as the Ernst angle.

3.5 Presaturation

Another option available to modulate image contrast is presaturation. This
technique employs an initial 90° or 180° inverting pulse that is delivered
before the data for image generation is acquired. A presaturation pulse or
prepulse can be combined with all basic pulse sequences (SE, FSE, GRE, and
EPI sequences). But what is the benefit of this technique?

Fast gradient echo sequences are often limited by poor image contrast
because the short repetition times lead to homogeneous saturation of differ-
ent tissues. As we have seen above, the resultant images are T1-weighted but
not very strongly so. Stronger T1 weighting can be achieved by selecting a
larger flip angle but the resultant MR signal would be much too weak to ob-
tain a reasonable image quality because saturation would increase as well.

This is why presaturation is used to enhance T1 contrast. A more pro-
nounced T1 effect is achieved with a 180° inverting pulse than with a 90°
pulse because a 180° pulse inverts all longitudinal magnetization. As a re-
sult, T1 relaxation begins at -1 rather than 0 and twice as much longitudinal
magnetization is available. Additionally, the operator can modulate the T1
effect by varying the time interval between the 180° inversion pulse and
the excitation pulse (= inversion time, TI). TI can be chosen such that the
signal contribution from a specific tissue is eliminated by applying the ex-
citation pulse when the tissue has no magnetization. Thus, a short TT will
suppress the signal from fat (» Chapter 7.5) and a long TI the signal from
CSF (FLAIR sequence, » Chapter 7.6). Another practical application is
late-enhancement imaging in patients with myocardial infarction (» Chap-
ter 11.8).
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3.6 Magnetization Transfer

without explicitly saying so, we have thus far always referred to free protons
(i.e. protons in free water) when talking about protons because only these
contribute to the MR signal. In addition to water protons, biological tissues
also contain a specific pool of protons bound in macromolecules (usually
proteins). These macromolecular protons cannot be directly visualized be-
cause of their very short T1. They have a wider range of Larmor frequencies
than the water protons. This is why macromolecular protons can also be
excited by RF pulses with frequencies m:mrz< different from the Larmor fre-

quency of hydrogen protons. Hence, it is possible to selectively excite a tissue

with a large pool of macromolecular protons without directly affecting the

. protons in free water. Repeated delivery of the magnetization transfer pulse

saturates the magnetization of the macromolecular protons from where it is
transferred to free protons nearby. This process is associated with a drop in
signal that depends in magnitude on the concentration of macromolecules
and their interaction with free water and is known as magnetization transfer
(» Fig. 13). The decrease in signal intensity due to magnetization transfer is
large for solid tissues but only small for fluids (as long as their macromol-
ecule content is low) and fatty tissue.

Fig. 13.

The phenomenon of magnetization transfer is exploited to improve im-
age contrast using a technique known as magnetization transfer imaging.
Magnetization transfer contrast (MTC) is ysed in cartilage imaging where
it WB@HO/\OW contrast between m%ﬂczlm.— @SHQ and hmﬂﬁﬁmmm because w%UO/lN—
fluid contains only few bound protons and thus shows only little magnetiza-
tion transfer while cartilage contains a large proportion of bound protons
and therefore shows pronounced magnetization transfer. In the brain, the
MTC technique improves the detection of gadolinjum- enhancing lesions.
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4 Slice Selection and Spatial Encoding

In the preceding sections, we have outlined the MR phenomenon and dis-
cussed the role of repetition and echo times. Now, finally, we want to make a
picture! As a tomographic technique, MR imaging generates cross-sectional
images of the human body. The excitation pulse is therefore delivered only
to the slice we want to image and not to the whole body. How is this ac-
complished and how does the signal provide us with information about its
origin within the slice?

For illustration, we consider a transverse (axial) slice or cross-section
through the body. The magnetic field generated by most MR scanners is not
directed from top to bottom, as in the illustrations we have used so far, but
along the body axis of the person being imaged. From now on, this is the
direction that will be designated by “z” since, as already said, z stands for the
direction of the main magnetic field. The magnetic field gradients that now
come into play are represented by wedges with the thick side indicating the
higher field strength and the tip the lower field strength.

Both the excitation of a specific slice and the identification of the site
of origin of a signal within the slice rely on the fact that the precessional or
Larmor frequency is proportional to the magnetic field strength. In addition,
recall that protons are excited only by an RF pulse with a frequency roughly
equal to their Larmor frequency (resonarnce condition). If a uniform field of
identical strength were generated throughout the body, all protons would
have the same Larmor frequency and would be excited simultaneously by a
single RF pulse.

To enable selective excitation of a desired slice, the magnetic field is there-
fore made inhomogeneous in a linear fashion along the z-direction by means
of a gradient coil. As a result, the magnetic field strength has a smooth gra-
dient so that, for example, it is weakest at the patient’s head and strongest at
the feet. The Larmor frequencies thus change gradually along the z-axis and
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Fig. 14. Slice selection by means of the
z-gradient. An RF pulse of a specific fre-
quency excites exactly one slice (hatched)
with adjacent slices being unaffected be-
cause they have different resonant fre-
quencies

each slice now has its unique frequency. Hence, application of an RF pulse
that matches the Larmor frequency of the desired slice will excite only pro-
tons within the chosen slice while the rest of the body remains unaffected
(» Fig. 14).

Gradients are additional magnetic fields that are generated by gradient
coils and add to or subtract from the main magnetic field. Depending on

their position along the gradient, protons are temporarily exposed to mag-.

netic fields of different strength and hence differ in their precessional fre-
quencies. A shallow gradient generates a thicker slice while a steep gradient
generates a thinner slice (» Fig. 15a). Slice position is defined by changing
the center frequency of the RF pulse applied (» Fig. 15b).

Having selected slice position and thickness by application of an appro-
priate slice-select gradient, we can now proceed to explain how the spatial
position of an MR signal is identified. This is accomplished by spatial encod-
ing, which is the most difficult task in generating an MR image and requires
the application of additional gradients that alter the magnetic field strength
along the y- and x-axes. Once we have grasped the concept of spatial en-
coding, it will be easy to understand the different kinds of artifacts that de-
grade MR image quality in clinical practice. Spatial encoding comprises two
steps, phase encoding and frequency encoding. These two steps are discussed
in their appropriate order, which means that we must first turn to the more
difficult technique of phase encoding.

For phase encoding, a gradient in the y-direction (from top to bottom)
is switched on after the spins have been excited and precess in the xy-plane.
Such a phase-encoding gradient alters the Larmor frequencies of the spins
according to their location along the gradient. As a result, the excited spins
higher up in the scanner experience a stronger magnetic field and thus gain

4 Slice Selection and Spatial Encoding 23

Fiold 4
strengthor |
.+ fragaency

Strong gradient

Selaction of ol
) ction of Distance

‘more distal slice

Fig.15. a The strength of the gradient applied defines slice thickness. An RF pulse of a
given frequency bandwidth produces a thin slice if the gradient is strong and a thick slice
if the gradient is weak. b The center frequency of the RF pulse applied determines the
location of the slice
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phase relative to the somewhat slower spins further down. The result is a
phase shift of the spins relative to each other (» Fig. 16). The degree of phase
shift is determined by the duration and amplitude of the phase-encod-
ing gradient and by the physical location of the precessing nuclei along its
length. The phase gain is higher for nuclei closer to the top of the scanner.
When the gradient is switched off after some time, all spins return to their
initial rate of precession yet are now ahead or behind in phase relative to
their previous state. Phase now varies along the y-axis in a linear fashion
and each line within the slice can thus be identified by its unique phase.

The second spatial dimension of the MR signal that needs to be identified
is encoded by changes in frequency along the x-direction. To this end, a fre-
quency-encoding gradient is applied - in our example along the x-axis. This
gradient generates a magnetic field that increases in strength from right to
left. The corresponding changes in Larmor frequencies make spins on the
left side precess slower than the ones on the right side. When we collect
the MR signal while the frequency-encoding gradient is switched on, we
do not obtain a single frequency but a whole frequency spectrum (» Fig. 17)
comprising high frequencies from the right edge of the slice and low fre-
quencies from the left edge. Each column of the slice is thus characterized
by a specific frequency. Frequency and phase together enable unique spatial
identification of each volume element (voxel).

The MR signal measured in this way contains two pieces of information.
The frequency locates the signal along the x-axis. This information can be
extracted directly by applying a Fourier transform (or frequency analysis) to
decompose the signal into its component frequencies along the frequency-
encoding direction. This mathematical operation serves to identify the indi-
vidual frequencies that make up a signal. The phase distribution within each
frequency provides information on the place of origin of the corresponding
signal component along the y-axis. How do we get this second piece of infor-
mation when we merely have the sum of all spins with the same frequency
but different phases? The phases of the individual spins cannot be derived
from a single signal but only from a set of signals. In this respect, the MR
signal is comparable to a mathematical equation with many unknowns (e.g.
256) of which we only have the result but not the individual unknowns.

To calculate the unknowns, one needs as many different equations as there
are unknowns. Applied to the MR signal, this means that we must repeat the
sequence many times with increasing or decreasing gradient strengths. The
set of echoes acquired with different phase encodings allows us to derive the
required phase-encoded spatial information by applying a second Fourier
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Fig.16. Phase encoding by means of the y-gradient. Each horizontal line (e.g. the white
line in the example) is identified by a unique amount of phase shift

Frequency

Frequency

Fig. 17. Frequency encoding by means of the x-gradient. With the gradient switched off
(left), only a single frequency is received, the Larmor frequency w,. With the gradient
switched on (right), a frequency spectrum is received with each column being identified
by its unique frequency
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transform, this time along the y-axis. Hence, for spatial encoding in two
dimensions, the Fourier transform has to be applied twice, which is why this
technique is called two-dimensional Fourier transform (2D-FT). To perform
such complex calculations — which corresponds to solving a set of equations
with, for example, 256 equations and 256 unknowns - an MR scanner is
equipped with a dedicated computer, a so-called array processor.

Repeated measurements are performed with a specific temporal delay,
the repetition time previously mentioned. The number of phase-encoding
steps performed depends on the desired image quality. More phase-encod-
ing steps improve resolution and image quality but also prolong scan time.

4.1 Three-Dimensional Spatial Encoding

It is sometimes desirable to image a whole volume rather than just a number

of individual slices, for the following reasons:

— The acquired source data set is to be postprocessed, for example, to
generate reconstructions in different planes.

— One wishes to acquire thin slices without drowning the MR signal in
noise. Thin slices yield weaker MR signals because fewer spins are
excited. This drawback can be overcome by benefiting from the stronger
signal generated by an entire volume and extracting the individual slices
afterwards.

If we want to excite an entire volume instead of only a single slice, we
need an additional step to encode spatial information in the third direction
(z). (This is the information provided by the slice-select gradient when a
single slice is scanned.)

In volume imaging, the spatial position of a signal along the z-direction
is encoded by applying an additional phase-encoding gradient, a z-gradient.
As with the phase encoding gradient along the y-axis, the number of rep-
etitions performed with different values of the gradient determines image
resolution in the z-direction, which corresponds to the slice thickness in 2D
imaging. The computation of a volume image is even more time-consuming
because a three-dimensional Fourier transform (3D-FT) with an additional
transform in the z-direction has to be performed. The 3D-FT yields a 3D
data set of a volume without interslice gaps from which reconstructions in
any plane or projections can be generated with the aid of suitable recon-
struction algorithms. These techniques are very useful for MR angiography.

The major drawback of volume imaging is that it may unduly prolong
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scan time since spatial encoding in the x- and y-directions must be per-
formed for each phase-encoding step along the z-axis.

4.2 K-Space

Data collected from the signals is stored in a mathematical area known as
k-space. K-space has two axes with the horizontal axis (k,) representing
the frequency information and the vertical axis (k,) the phase information
(» Fig. 18). It is a graphic matrix of digitized MR data that represents the
MR image before Fourier transformation is performed. Each line in k-space
corresponds to one measurement and a line is acquired for each phase-en-
coding step. The center line (0) is filled with the data that is unaffected by
the phase-encoding gradient (gradient isocenter).

ky (phase)

e e
M 'q.: s bgne D4 ik
B ki (frequency)

Fig.18. K-space. k, is the frequency axis, k, the phase axis. The data from each measure-
ment fills a different horizontal line

An MR image is created from the raw data by application of 2D-FT after
the scan is over and k-space is filled. The lines in k-space do not correspond

- one to one with the lines in the resulting MR image. Rather, data in the cen-

ter of k-space primarily determines contrast in the image while the periphery
(the outer lines) primarily contains spatial information. When discussing fast
sequences (» Chapter 8), we will also learn how we can speed up scanning
by filling more than one k-space line with a single acquisition.
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In the preceding chapters we have learned how an MR signal is generated

and how the collected signal is processed to create an MR image. What we

have disregarded so far is that the MR signal can be degraded by noise. Im-

age noise results from a number of different factors:

— Imperfections of the MR system such as magnetic field inhomogenei-
ties, thermal noise from the RF coils, or nonlinearity of signal ampli-
fiers.

— Factors associated with image processing itself.

— Patient-related factors resulting from body movement or respiratory
motion. )

'The relationship between the MR signal and the amount of image noise
present is expressed as the signal-to-noise ratio (SNR). Mathematically, the
SNR is the quotient of the signal intensity measured in a region of interest
(ROI) and the standard deviation of the signal intensity in a region outside
the anatomy or object being imaged (i.e. a region from which no tissue sig-
nal is obtained).

A high SNR is desirable in MRI. The SNR is dependent on the following
parameters:

— Slice thickness and receiver bandwidth

— Field of view

— Size of the (image) matrix

— Number of acquisitions

— Scan parameters (TR, TE, flip angle)

— Magnetic field strength

— Selection of the transmit and receive coil (RF coil)

Before we discuss the effects of each of these parameters, it is first neces-
sary to clarify some concepts.
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] 5 Factors Affecting the Signal-to-Noise Ratio 3t
5.1 Pixel, Voxel, Matrix _
An MR image is digital and consists of : Sice | Slice | Slice | RF Pn Slice ; i Shice , | Shice |
A matrixis a two-dimenes m § Of'a matrix of pixels or picture elements A B ¢ pulse | H I B
grid is a pixel which ensional grid of rows and columns. Each square of 5. | | ;__HH_M_.
1xei which is assigned a value th . ¢ : | f
. . at corresponds t i : : information
sity. Each pixel of an MR j . ponds to a signal inten- m
1mage provides informati :
three-di : ton on a correspondi !
. mm m:dmwm_o:& volume element, termed a voxel (» Fig. 19) de e
size determines the spatial resolution of an MR image : voxel |
V i zsmv ¢ Time
Slice.: 'Slice ¢ Slice :
> e
| Partial excitation
X of slices A& C
Fig.20. aIdeal slice profile. b Distorted, non-
rectangular slice profile in SE imaging with
inadvertent excitation of adjacent slices re-
=P Juces SNR. ¢ With interslice gaps, the drop in

Time
SNR is minimized

complished only at the expense of the overall image acquisition time and
reduces the cost efficiency of the MR imaging system.

The receiver bandwidth is the range of frequencies collected by an MR sys-

" tem during frequency encoding. The bandwidth is either set automatically

or can be changed by the operator. A wide receiver bandwidth enables faster

, Exmw Slice thickness

Fig.19. A voxel is the tissue volume rep

image resented by a pixel in the two-dimensional MR data acquisition and minimizes chemical shift artifacts (» Chapter 13.3) but
also reduces SNR as more noise is included. Halving the bandwidth im-
proves SNR by about 30%. With a narrow bandwidth, on the other hand,
52 there will be more chemical shift and motion artifacts and the number of

Slice Thickness an i :
d Receiver Bandwidth slices that can be acquired for a given TR is limited.

An interslice gap is a small space between two adjacent slices. It would
be desirable to acquire contiguous slices but interslice gaps are necessary in
SE imaging due to imperfections of RF pulses. Because the resultant slice
profiles are not perfectly rectangular (» Fig. 20), two adjacent slices overlap
at their edges when closely spaced. Under these conditions, the RF pulse for
one slice also excites protons in adjacent slices. Such interference is known
as cross-talk.

MM .mnﬂ_gm optimal image resolution, very thin slices with a high SNR are
< ZmMM e. Ioiméw thinner slices are associated with more noise, and so the
ecreases with the slice thickness. C i .
. - Conversely, thicker slices are associ-
mﬁ%& with other problems such as an increase in partial volume effects
b nm poorer SNR of thin slices can be compensated for to some extent
¥ Increasing the number of acquisitions or by a longer TR. Yet this is ac-
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Cross-talk produces saturation effects and thus reduces SNR (» Fig. 20b),

In selecting an appropriate interslice gap one has to find a compromise
between an optimal SNR, which requires a large enough gap to completely
eliminate cross-talk, and the desire to reduce the amount of information
that is missed when the gap is too large. In most practical applications an
interslice gap of 25-50% of the slice thickness is used.

Alternatively, the undesired saturation of protons in adjacent slices can
be reduced by multislice imaging, which will be discussed in » Chapter 7.3,
Scan times are somewhat longer unless a shorter TR is used.

Gradient echo (GRE) sequences are different. They do not require a 180°
refocusing pulse and thus allow the acquisition of contiguous slices without
interslice gaps.

5.3 Field of View and Matrix

There is a close relationship between field of view (FOV) and SNR. When
matrix size is held constant, the FOV determines the size of the pixels. Pixel
size in the frequency-encoding direction is calculated as the FOV in mm di-
vided by the matrix in the frequency-encoding direction and pixel size in
the phase-encoding direction as the FOV in mm divided by the matrix in the
phase-encoding direction.

As illustrated in » Fig, 21, pixel size changes with the FOV. A smaller
FOV results in a smaller pixel size as long as the matrix is unchanged. Pixel
size is crucial for the spatial resolution of the MR image. With the same
FOV, a finer matrix (i.e. a matrix consisting of more pixels) results in an
improved spatial resolution (» Figs. 22 and 23).

Conversely, a coarser matrix (i.e. one with fewer pixels) results in a poorer
spatial resolution when the FOV is held constant (» Fig. 23).

From what has been said so far, one might conclude that the matrix
should be as large as possible in order to encompass a maximum of picture
elements. This is true in terms of image resolution but the minimum pixel
size is limited by the fact that, in general, SNR decreases with the size of the
voxel.

Another limiting factor is image acquisition or scan time, which increases
in direct proportion to the matrix size. Scan time is the key to the economic
efficiency of all MR systems and can be calculated by a simple equation.

‘Scantime =TRx number of phase:encoding st miber of sigingl

averages (NSA) [echo train length (ETL)].
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Fig. 21.

FOV held constant results in larger pixels and

thus a poorer spatial resolution

high spatial resolution in a reason-

i i ase-
bl ime. This is done by reducing the field om view nww_v\ MWHMWV%»-
able scan MB .ﬁ. n (rectangular field of view) and is possible e
m.EﬂuoaE_mch.Mnmm_MﬁmHBEma by the matrix size in ﬂwm.mnmmcmﬂﬁwm phase-
MM.anMMa while scan time is determined g\ n.vm .BNW._N mem-mbno&sm di-
acod direction. Reduction of the matrix size in the ph o e alf
HMMMM:W%MMMR does not reduce spatial Hmmogcmnr mmw:wm QMMMM imaging
in k-spa - 1e
@m normal EEMW MH MMMWMM«MMMMWHW MMSM wmnﬂmzmw_mﬂ FOV may be MMMMH
:.Bm mb&. the FO 3“:& artifacts when signal outside the MO/\ in EM P e
Qmﬁmm,i :MM\MMMMMD is mapped back into the image at an incorrect loca
encoding

. ieve 4
A “trick” can be used to achiev



34

1t
tH

|

- - AscEmERE

e

1,

1.1

Fig. 23. Effect of matrix size on spatial resolution. Consider we are imaging a smiley
face with a fine matrix (top) and a coarse matrix (bottom). The pixels representing the
face are black. The two depictions of the face illustrate the much poorer detail resolution
when a coarser matrix (bottom right) is used: pupil and eye cannot be distinguished and
the open mouth appears to be closed

(» Chapter 13). This kind of foldover can be suppressed by specific anti-
aliasing options such as “no phase wrap”. Moreover, reduction of the FOV
in the phase-encoding direction is associated with a slight drop in SNR. A
rectangular FOV is typically used to image the spine and extremities and for
MR angiography.

Scan time can be shortened further on state-of-the-art scanners that al-
low one to use rectangular fields of view in combination with rectangular
pixels.

Finally, various techniques of partial k-space acquisition (» Figs. 24, 25,
and 26) save scan time without one having to change the voxel size. In
partial Fourier imaging, only half the lines (or slightly more) in the phase-
encoding direction are filled (» Fig. 24) while fractional or partial echo imag-
ing (» Fig. 25) refers to a technique with incomplete filling of the frequency-
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Fig. 24. Complete k-space sampling.
Each data point represents one fre-
quency-encoding line and one phase-
encoding line
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Fig. 25. Partial Fourier imaging.
Slightly less than half the k-space lines
in the phase-encoding direction are
not sampled (gray dots). These lines are
interpolated
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Fig. 26. Fractional echo imaging.
Slightly less than half of the k-space
lines in the frequency-encoding direc-
tion are not filled directly (gray dots).
The unfilled lines represent the echo
portions that have not been sampled.
The resulting MR image has a similar
resolution but poorer SNR compared
with an image generated with com-
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encoding lines by sampling only part of each echo. Both techniques rely on
the inherent symmetry of k-space that allows one to interpolate the unfilled
lines and to thus reconstruct an MR image when only half or slightly more
than half the lines of k-space have been sampled. Both methods shorten scan
time but this is accomplished at the expense of SNR. Partial Fourier and frac-
tional echo imaging are needed for fast imaging techniques (» Chapter 8).

In routine 2D Fourier transform or spin-warp imaging, k-space is filled
sequentially one line at a time (linear or Cartesian k-space acquisition).
More sophisticated sequences use spiral k-space trajectories that fill the lines
from the center toward the periphery (elliptical centric ordering of k-space,
CENTRA). In MR angiography, for instance, this technique is used to fill the
center of k-space with the data important for evaluating contrast enhance-
ment patterns.

5.4 Number of Excitations

The number of excitations (NEX) or number of signal averages (NSA) denotes
how many times a signal from a given slice is measured. The SNR, which is
proportional to the square root of the NEX, improves as the NEX increases,
but scan time also increases linearly with the NEX.

5.5 Imaging Parameters

Other parameters affecting the SNR are the sequence used, echo time (TE),
repetition time (TR), and the flip angle. The SNR increases with the TR but
the T1 effect is also lost at longer TRs. Conversely, the SNR decreases as the
TE increases. With a short TE, the T2 contrast is lost. For this reason, the
option of shortening TE to improve SNR is available only for T1-weighted
sequences.

5.6 Magnetic Field Strength

Applying a higher magnetic field strength increases longitudinal magnetiza-
tion because more protons align along the main axis of the magnetic field,
resulting in an increase in SNR. The improved SNR achieved with high-field
systems (» Chapter 14) can be utilized to generate images with an improved
spatial resolution or to perform fast imaging.
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5.7 Coils

An effective means to improve SNR, without increasing voxel size or length-
ening scan time, is selecting an appropriate radiofrequency (RF) coil. In gen-
eral, an RF coil should be as close as possible to the anatomy being imaged
and surround the target organ. The nearer the coil can be placed to the or-
gan under examination, the better the resulting signal. RF coils can be used
either to transmit RF and receive the MR signal or to act as receiver coils
only. In the latter case, excitation pulses are delivered by the body coil. The
basic coil types that are distinguished are briefly described below.

571 Volume Coils

Volume coils may be used exclusively as receive coils or as combined trans-
mit/receive coils. Volume coils completely surround the anatomy to be im-
aged. Two widely used volume coil configurations are the saddle coil and the
birdcage coil. Volume coils are characterized by a homogeneous signal qual-
ity. Another type of volume coil is the body coil, which is an integral part of
an MR scanner and is usually located within the bore of the magnet itself.
Head and extremity coils are further examples of volume coils.

5.7.2 Surface Coils

Most surface coils can only receive the MR signal and rely on the body cail
for delivery of RF pulses. Combined transmit/receive surface coils are also
available. Surface coils are used for spinal MRI and imaging of small ana-
tomic structures.

5.7.3 Intracavity Coils

Intracavity coils are small local receive coils that are inserted into body cavi-
ties to improve image quality as a result of the closer vicinity to the target
organ. In clinical MRI, endorectal coils are used for imaging of the prostate
and the anal sphincter muscle. Experimental applications include endovas-
cular imaging and imaging of hollow organs.
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5.7.4 Phased-Array Coils

Phased-array coils serve to receive MR signals. A phased-array system con-
sists of several independent coils connected in parallel or series. Each coil
feeds into a separate receiver. The information from the individual receiv-
ers is combined to create one image. Phased-array coils yield images with a
high spatial resolution and allow imaging with a larger field of view as they
improve both SNR and signal homogeneity.

» Table 4 summarizes the factors affecting SNR.

» Table 5 summarizes the effects of matrix size, slice thickness, and FOV on
spatial resolution.

» Table 6 summarizes the effects of different sequence parameters on scan
time.

Table 4. Effects of different imaging and sequence parameters on signal-to-noise ratio
(SNR)
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Table 5. Effects of matrix size, slice thickness, and field of view (FOV) on spatial resolu-
tion
Change in parameter Spatial resolution

s

Table 6. Effects of different sequence parameters on scan time

Change in parameter Scan time
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