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Foreword

The introduction of spiral and multi-detector-row computed tomography has a
profound impact on radiological practice. Within one and a half decades we
witnessed a breathtaking technological development allowing for high quality
imaging data within a very short acquisition time and providing excellent image
quality and diagnostic accuracy. Not surprisingly, there was also a considerable
increase in radiation exposure to the patients and the population. This resulted
in concerns about potential health hazards as well as various initiatives and
actions of governmental and non-governmental bodies. At the same time great
efforts were made in order to reduce the radiation exposure to patients without
compromising image quality and diagnostic efficacy.

The high actuality of this topic is underlined by the fact, that within a short
period of time a second edition of the book “Radiation dose in CT” became
necessary. It is the great merit of the editors Denis Tack, Mannudeep K. Kalra
and Pierre Alain Gevenois and the authors contributing to this book, to
compose a second edition which covers many important issues such as CT
technology and use, general aspects of CT radiation, practical approaches to
dose reduction, radiation risk management in low dose MDCT screening
programmes, initiatives for dose reduction and the vendor perspective on CT
radiation dose. The editors as well as the authors are internationally distin-
guished scientists in the field. This book gives a comprehensive overview on all
aspects of radiation dose in CT. I would like to express my great appreciation
and thanks for this magnificent work which I am confident will be of great use
not only for radiologists and CT practitioners but also for those interested in
radiation protection as well as for political decision makers.

Prof. Dr. Maximilian F. Reiser
Munich



Preface

Radiation dose in CT is the second edition of our textbook titled Radiation Dose
from Adult and Pediatric Multidetector Computed Tomography. The second
edition of this textbook was necessitated by continued technologic advances in
multidetector-row computed tomography (MDCT) since the first edition as well
as by development of new and promising radiation dose reduction technologies.
Despite these developments, MDCT still poses challenges in radiological
protection to the extent that CT radiation dose has been labelled by some as
one of the topmost patient safety concerns. Applications and use of MDCT
continue to proliferate with emergence of newer clinical indications; requests of
clinicians for high diagnostic confidence as provided by MDCT are factors
contributing to a continuous increase in the collective radiation dose from
diagnostic CT imaging.

The first edition of the textbook dealt with radiation issues with MDCT in
two parts. The first part was preceded with detailed discussions on the clinical
use and expansion of CT in modern medical practice. In Part I, the book
provided a comprehensive approach to perceived and potential risks of low
radiation dose, influence of CT technical factors on the radiation dose, and
technologic developments for optimization and reduction of the radiation dose
per acquisition. In Part II, a comprehensive clinical approach of radiation dose
justification, optimization, and reduction was provided, covering the fields of
pediatric, head and neck, chest, abdomen, cardiovascular, bone and joint, and
interventional MDCT. Finally, a detailed discussion on the balance between the
risks and benefits of screening for cancer using low-dose MDCT was presented
in the field of lung cancer and colon cancer.

The second edition of the textbook has recent and updated information about
the two parts presented in the first edition. Several new chapters from renowned
international radiation experts have been added to embellish the second edition,
which now boasts seven parts including an online only Interactive Atlas-based
teaching part which has four additional chapters for understanding the effect of
CT radiation dose on image quality and lesion detection and appearance. In the
second edition, Part I deals with technologic advances in MDCT and updates on
clinical expansion in use of MDCT. Part II deals with risk issues with CT, and
several technical aspects of CT radiation dose management with new chapters on
iterative reconstruction techniques, noise reduction filters, hardware develop-
ments for dose optimization, tube potential adjustments for dose reduction, and
an unbiased perspective on the use of shielding devices in CT. A new chapter on
radiation dose recording and auditing has also been added to this part.

vii
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Preface

Practical and clinical approaches to dose optimization in different radiology
subspecialties are presented in Part III of the second edition, which has been
enhanced by addition of a chapter based on issues with CT scanning in preg-
nant patients. Part IV deals with radiation issues and dose reduction strategies
for lung and colon cancer screening CT protocols. Part V presents perspectives
of several regulatory bodies, organizations, and campaigns on CT radiation
dose including the IAEA, FDA, ICRP, Image Gently, and Image Wisely. This
part also includes two chapters on software for estimating CT dose and risks,
and on discussion of guidelines for appropriate use of CT. Part VI brings
entirely new content to the second chapter with four new chapters from major
CT vendors outlining their CT radiation dose reduction and optimization
technologies.

Several international experts, from Europe and North America, selected for
their important contributions to the scientific literature, have contributed to this
book with a common objective of providing readers with a comprehensive, up-
to-date, practical, clinical, and well-documented approach on radiation dose
optimization and reduction, suitable for daily MDCT practice.

Among the three editors, Denis Tack, is a general radiologist subspecialized
in MDCT, and Pierre Alain Gevenois is Chest radiologist and Professor of
medical imaging at the Faculty of Medicine and the School of Public Health of
the University of Brussels, Belgium. Their researches deal with radiation dose
reduction with MDCT, and quantification of pulmonary emphysema and
pulmonary edema by computed tomography. The new editor, Mannudeep K.
Kalra is a Chest and Cardiac radiologist at the Massachusetts General Hospital
and an Assistant Professor at Harvard Medical School in Boston with key
interest in CT radiation dose research and education.

Denis Tack
Mannudeep K. Kalra
Pierre Alain Gevenois
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clinical potential of CT. On the other hand, clinical
experience indicates that a level of saturation has
meanwhile been reached, and that adding even more
detector rows will not by itself translate into increased
clinical benefit.

Consequently, recent CT developments have
focused on solving remaining limitations of MDCT,
such as limited potential to dynamically scan entire
organs or insufficient temporal resolution for cardiac
CT. As a result, new CT-system concepts have been
introduced, such as CT-scanners with large area
detectors providing 16 cm volume coverage, or
dual-source CT-systems enabling CT imaging at a
temporal resolution of up to 75 ms.

In the following sections, we will discuss some of
these new developments.

1.1 CT-Systems with Area Detector

One remaining challenge for MDCT is the visualiza-
tion of dynamic processes in extended anatomical
ranges, e.g. to characterize the inflow and outflow of
contrast agent in the arterial and venous system in
dynamic CT angiographic studies (CTAs), or to
determine the enhancement characteristics of the con-
trast agent in volume perfusion scans. One way to solve
this problem is the introduction of area detectors large
enough to cover entire organs, such as the heart,
the kidneys or the brain, in one axial scan. In 2007,
a CT-scanner with 320 x 0.5 mm collimation and
0.35 s gantry rotation time was commercially intro-
duced by one vendor, after a long evaluation phase using
prototype systems (see Fig. 1) with 256 x 0.5 mm
collimation and 0.5 s gantry rotation time (Mori et al.
2004; Mori et al. 2006a; Funashabi et al. 2005; Mori et al.
2006b; Kido et al. 2007).

CT-scanners with area detectors are optimized
for the acquisition of axial (sequential) scan data
without table movement. The reconstructed scan
field of view (SFOV) is cone-shaped, see Fig. 2.
With 320 x 0.5 mm detector collimation, a SFOV of
16 cm z-width is feasible at the iso-center, however,
z-coverage reduces to only 11.7 cm at a distance of
160 mm from the iso-center. Larger scan volumes in
the z-direction have to be covered by “stitching”, i.e.
by appending axial scans shifted in the z-direction.
With increasing SFOV, more overlap in the z-direction
is required for gapless volume coverage.

detector
256 x 0.5 mm collimation (from: Mori et al. (2006))

Fig. 1 Prototype of a CT area providing

CT-scanners with area detector show advantages in
cardiac scanning and in the acquisition of dynamic
CT data.

With the typical MDCT detector z-coverages of
40 mm (and recently up to 80 mm, Weigold 2009),
ECG-controlled CT volume imaging of the heart is
comprised of several subvolumes acquired during two
to four consecutive heart beats (Flohr et al. 2007).
These image subvolumes can be blurred or shifted
relative to each other as a consequence of insufficient
temporal resolution or variations of the heart motion
from one cardiac cycle to the next, resulting in
stair-step or banding artifacts in multi-planar refor-
mations (MPRs) or volume rendered images (VRTs).
The width of an image slab originating from one
heart beat is proportional to the detector z-coverage.
CT-systems with large area detectors can image the
entire heart in one axial scan without table movement,
in this way avoiding stair-step artifacts. As a down-
side, the entire scan will be distorted in case of
arrhythmia or ectopic beats during data acquisition.
Meanwhile, successful use of the commercially
available CT-system with 320 x 0.5 mm detector
collimation for coronary CTA has been demonstrated
(Rybicki et al. 2008; Hoe and Toh 2009; Steigner
et al. 2009; Dewey et al. 2009).

As a second benefit, CT-systems with area detec-
tors can acquire dynamic volume data by repeatedly
scanning the same anatomical range without table
movement, which is useful in dynamic CT angio-
graphic studies or in volume perfusion studies (see
Fig. 3), e.g. to differentiate hepatocellular carcinoma
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Fig. 2 The scan volume
acquired in an axial scan
with an area detector is

cone-shaped. To obtain

gapless volume coverage,
consecutive scans have to
overlap in the z-direction

Fig. 3 Dynamic CT scan of
a patient with hepatocellular
carcinoma using a CT-system
with area detector. Coronal
images with maximum
intensity projection (MIP)
beginning a 30 s, b 31.0 s,
¢33.1s,d345s,e374s,
f 39.4 s after contrast
injection (from Mori

et al. (2006c))

(HCC) from normal liver tissue (Mori et al. 2007), or
for the evaluation of myocardial perfusion defects.
A challenge of larger detector z-coverage in par-
ticular for perfusion scanning is increased X-ray
scatter. Scattered radiation may cause hypodense
artifacts, may affect CT-number stability, and the
scatter-induced noise may reduce the contrast-to-noise
ratio (CNR) in the images (Flohr et al. 2009b). The
magnitude of scatter artifacts scales linearly with the
illuminated z-width of the detector (Engel et al. 2008).
An alternative approach to dynamic CT scanning
of a larger volume is the use of a spiral shuttle mode.
By periodically moving the patient forward and
backward during data acquisition (Fig. 4), a scan
range larger than the detector z-width is covered. The
scan range can be flexibly adapted to the organ of
interest. As a downside, the maximum temporal
sampling rate is lower than with a wide detector, and

data sampling is temporally equidistant only in the
center of the scanned area. The non-equidistant data
sampling at different z-positions within the volume
has to be considered in the calculation of the perfu-
sion parameters; their accuracy, however, is not
compromised (Haberland et al. 2010). Using a spiral
shuttle mode with a 4 cm detector, a scan range of
about 15 cm can be dynamically covered at an aver-
age sampling rate of 1.5 s, which is sufficient for
perfusion scanning of the brain and of abdominal
organs (Abels et al. 2011).

Figure 5 shows an example for the use of dynamic
volume perfusion CT in oncology. Changes of tumor
vascularity demonstrated by a change of perfusion
parameters might be earlier indicators for response
to modern anti-angiogenesis therapy than a change of
the tumor size, which is the conventional parameter to
assess therapy response.
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6
Fig. 4 a Using a spiral Detector
shuttle mode to acquire width

dynamic CT data in an
extended scan range.

b Time attenuation curve
with temporal sampling
points at different z-positions.
Note the temporally non-
equidistant sampling outside
the center of the scanned
area (blue circles)

Fig. 5 Permeability map
obtained from a volume
perfusion scan of a patient
with bronchial carcinoma.
Initial scan (a) and scan

2 weeks after combined
treatment with radiotherapy
and a vascular targeting
drug (b). Although there
is no change in tumor size,
permeability decreases and
indicates therapy response
(courtesy of Vicky Goh,
King’s College London,
Great Britain)

1.2 Dual-Source CT

Cardiac imaging with CT requires excellent temporal
resolution, i.e. very short exposure time of the
individual axial slices, and the corresponding dedi-
cated scan and image reconstruction techniques. To
improve temporal resolution in a clinically reliable
way, the gantry has to rotate faster. Despite gantry
rotation times of 0.3 s and less, motion artifacts at
higher and irregular heart rates remain a challenge
for coronary CTA even with the latest generation
of MDCT. An alternative scanner concept that pro-
vides considerably enhanced temporal resolution but
does not require faster gantry rotation is a CT with
multiple tubes and corresponding detectors (Robb and

Ritman 1979; Ritman et al. 1980). In 2006, a dual-
source CT (DSCT), i.e. a CT scanner with two X-ray
tubes and two corresponding detectors offset by 90°
(Flohr et al. 2006), was commercially introduced by
one vendor, see Fig. 6.

Detector A covers the full SFOV of 50 cm
diameter, while detector B is restricted to a central
26 cm FOV. Both detectors provide 64 overlapping
0.6 mm slices with the use of a z-flying focal spot.
The shortest gantry rotation time is 0.33 s. Each of the
two X-ray tubes can be operated independently with
regard to their kV- and mA-settings. This allows the
acquisition of dual-energy data, with one tube being
operated at e.g. 80 kV while the other is operated
ate. g. 140 kV.
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Fig. 6 Dual-source CT-scanner with two independent measurement systems. a First-generation. The measurement systems are at
an angle of 90°. b Second-generation. To enlarge the SFOV of detector B, the system angle was increased to 95°

Projection angles

Time shift .
in parallel geometry

to R-wave

Fig. 7 Principle of dual-source CT: Two simultaneously
acquired quarter-scan sinograms in parallel geometry are put
together to the half-scan sinogram needed for image recon-
struction. The total data acquisition time is a quarter of the
gantry rotation time

In 2009, the second-generation of DSCT-systems
was introduced. The angle between the X-ray tubes was
increased to 95° to allow for a larger SFOV of 33 cm
with detector B (see Fig. 6). The detectors have a larger
z-coverage and acquire 128 overlapping 0.6 mm slices.
The shortest gantry rotation time is 0.28 s.

The key benefit of DSCT for cardio-thoracic
scanning is improved temporal resolution. In parallel
geometry, 180° of scan data (a half-scan sinogram)
are necessary for image reconstruction. Due to the 90°
angle between both X-ray tubes, the half-scan sino-
gram can be split up into two 90° data segments
which are simultaneously acquired by the two
acquisition systems in the same phase of the patient’s
cardiac cycle and at the same anatomical level, see
Fig. 7. Therefore, the total data acquisition time
per image is a quarter of the gantry rotation time
t.o/4 in a sufficiently centered region of the SFOV
(Flohr et al. 2006). For the first-generation DSCT
with f, = 0.33 s, the temporal resolution is
t.o/4 = 83 ms. For the second-generation DSCT with
tor = 0.28 s, it is 75 ms as a consequence of the
increased system angle of 95°.

With the dual-source approach, temporal resolu-
tion is independent of the patient’s heart rate, because
data from one cardiac cycle only are used to recon-
struct an image. This is a major difference to single-
source MDCT-systems, which can provide similar
temporal resolution by combining data from several
heart cycles to an image in a multi-segment recon-
struction. Then, however, temporal resolution
strongly depends on the relation of heart rate and
gantry rotation time. Meanwhile, several clinical
studies have demonstrated the potential of DSCT for
coronary CTA with little or no dependence on the
patient’s heart rate (Achenbach et al. 2006; Johnson
et al. 2006; Scheffel et al. 2006; Matt et al. 2007;
Leber et al. 2007; Ropers et al. 2007).



Fig. 8 ECG-triggered start
of table movement and data
acquisition for the high-pitch
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DSCT-systems offer an alternative way to scan
the heart within one heartbeat. With a single-source
CT, the spiral pitch p is limited to p < 1.5 to
ensure gapless volume coverage along the z-axis. p is
defined as the table feed per rotation divided by the
total detector z-coverage. If the pitch is increased
beyond p = 1.5, sampling gaps will lead to severe
image artifacts. With DSCT-systems, however, data
acquired with the second measurement system a
quarter rotation later can be used to fill these gaps.
In this way, the pitch can be increased up to p = 3.4
in a limited SFOV that is covered by both detectors
(Petersilka et al. 2008; Flohr et al. 2009a). Because of
the high-pitch, no redundant data are acquired, and
a quarter rotation of data per measurement system
(in parallel geometry) is used for image reconstruc-
tion. Therefore, each of the individual axial images
has a temporal resolution of #.,/4.

At a pitch of 3.4, and with t,,, = 0.28 s, the table
feed with 38.4 mm detector z-coverage (2nd genera-
tion DSCT) is 450 mm/s, which is sufficient to cover
the heart (12 cm) in about 0.27 s. The patient’s ECG is
used to trigger both table motion and data acquisition.
The patient table is positioned, and table acceleration is
started in a way that the table arrives at the prescribed
start z-position (e.g., the base or the apex of the heart) at
the requested cardiac phase after full table speed has
been reached, see Fig. 8. Then data acquisition begins.
The scan data for images at adjacent z-positions are

Time

acquired at slightly different phases of the cardiac
cycle. With a length of the diastolic phase of the heart
of about 300 ms for low to medium heart rates (e.g.,
below 65 bpm), visualization of the coronary arteries
without image quality degradation by motion artifacts
can be expected. Meanwhile, several clinical studies
have demonstrated the successful use of the high-pitch
scan technique for coronary CT angiography in patients
with sufficiently low and stable heart rate, with the
potential to scan the entire heart in one beat at very low
radiation dose (Achenbach et al. 2009, 2010; Lell et al.
2009; Leschka et al. 2009).

In a non-ECG-gated version, the high-pitch mode
has also frequently been used for the examination
of larger anatomical ranges in very short scan times,
e.g., when the patient has limited ability to cooperate,
such as in pediatric radiology, see Fig. 9.

DSCT-systems show interesting properties for
general radiology applications too. Both X-ray tubes
can be operated at different kV- and mA-settings,
allowing for the acquisition of dual-energy data.
While dual-energy CT was evaluated 20 years prior
(Kalender et al. 1986; Vetter et al. 1986), technical
limitations of the CT-scanners at those times pre-
vented the development of routine clinical applica-
tions. With a DSCT-system, dual-energy data can be

acquired with subsecond scan times and flexible
selection of other scan parameters such as mAs per
tube or spiral pitch. The use of dual-energy CT can in
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Fig. 9 CT scans of a moving doll phantom simulating motion
of a child without sedation. a the moving phantom. b and
¢ VRTs and MPRs of the phantom scanned with a standard
spiral (pitch 1, 0.33 s rotation time) show significant motion
artifacts. d and e Using the DSCT high-pitch spiral (pitch 3.4,

Fig. 10 Dual-energy scan of
a patient’s hand. The dual-
energy information is used to
identify uric acid crystals
(highlighted in green), which
are characteristic for gout.
Courtesy of Clinical
Innovation Center, Mayo
Clinic Rochester, MN, USA

principle add functional information to the morpho-
logical information based on X-ray attenuation that is
usually obtained in a CT examination. In CT the two
relevant interaction mechanisms of X-ray photons
with matter are the photo effect and the Compton
effect. Both show different dependence on the photon
energy E and on the atomic number Z of the inves-
tigated materials. A material can therefore be identi-
fied by its characteristic change of attenuation when
scanned with two different mean X-ray energies,
provided by running one X-ray tube at e.g., 80 kV and
the other at e.g. 140 kV. Clinical applications of dual-
energy CT include tissue characterization, calcium
quantification, calculation of pseudo-monochromatic
images and quantification of the local blood volume
in contrast-enhanced scans (Johnson et al. 2007,
Primak et al. 2007; Scheffel et al. 2007; Graser et al.
2008, 2010; Glazebrook et al. 2001). Figure 10 shows
an example of dual-energy-based identification of uric
acid crystals for the differential diagnosis of gout.

0.33 s rotation time) motion artifacts are significantly reduced
because of the very short scan time and the good temporal
resolution per image. Courtesy of C. McCollough, Clinical
Innovation Center, Mayo Clinic Rochester, MN, USA

Spin: 180
Tilt: -47

Despite their clinical benefits, DSCT-systems have
to address a number of challenges. One major chal-
lenge for image reconstruction is cross-scattered
radiation, i.e. scattered radiation from X-ray tube (B)
detected by detector (A) and vice versa. Cross-scat-
tered radiation can produce artifacts and degrade
the contrast-to-noise ratio of the images. The most
straightforward correction approach is to directly
measure the cross-scattered radiation in detectors (A)
and (B) and to subtract it from the signal. This tech-
nique is implemented in the second generation DSCT
(Petersilka et al. 2010). It requires additional detector
elements on each detector outside the direct beam. An
alternative to direct measurement is a model-based
cross-scatter correction. The primary source of cross-
scattered radiation is Compton scatter at the object
surface, hence knowledge of the surface is sufficient
to predict cross-scatter. The object surface, however,
can be readily determined by analyzing the outline of
the raw data sinogram. This technique is realized in
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Fig. 11 Schematic illustration of the definition of the CTDI as a measure for the radiation energy deposited in one axial slice of

the patient

the first-generation DSCT. Pre-stored cross-scatter
tables for objects with similar surface shape are used
for an online correction of the cross-scattered radia-
tion. Scatter correction can efficiently reduce scatter
artifacts, however, at the expense of increased image
noise.

2 Radiation Dose in CT

Radiation exposure of the patient by computed
tomography and the resulting potential radiation
hazard have gained considerable attention both in the
public and in the scientific literature (e.g., Brenner
et al. 2007). Typical values for the effective patient
doses of selected CT protocols are 1-2 mSv for head,
5-7 mSv for chest and 8-14 mSv for abdomen and
pelvis (McCollough 2003; McCollough et al. 2009;
Morin et al. 2003). This radiation exposure should be
appreciated in the context of the average annual
background radiation, which is 2-5 mSv. If medically
indicated, the benefits of a properly performed CT
examination by far outweigh the potential radiation
risks. Nevertheless, it is mandatory to optimize data
acquisition modes and scan protocols with regard to
radiation exposure in all CT examinations, and to
utilize techniques to reduce radiation dose.

In CT the established parameter to describe the
average radiation dose in the axial scan plane is
the computed tomographic dose index CTDI (Morin
et al. 2003; McCollough et al. 2003), which is a
measure for the radiation energy deposited both in
a slice with nominal slice width S and outside of it
(as a consequence of scattered radiation), see Fig. 11.
CTDI is measured with ionization chambers in lucite

Fig. 12 TIonization chamber and 32 cm lucite phantom used to
measure CTDI

phantoms with a diameter of 16 cm for head and
32 cm for body scans (Fig. 12). Most commonly
CTDI, is used, which is defined as

50mm
CTDIlOQ = —/ D(Z)dZ
N —50mm
D(z) is the dose distribution along the z-axis. The
integration range accounts for the typical length of an
ionization chamber (100 mm).

Note that CTDI, significantly underestimates the
dose for MDCT systems with wider detectors in the z-
direction, such as the newer scanners with 8 or 16 cm
detector coverage at isocenter.

Dose measurements are performed both in the
center (position A) and at the periphery (position B)
of the lucite phantoms, resulting in the CTDI,
(weighted CTDI)

1 2
CTDIL, = §CTDI?OO + gCTDI?OO.
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1

CTDI,, is an indicator for the average patient dose
only if the patient’s scanned area has about the same
diameter as the lucite phantoms used for measure-
ment. CTDI,, will overestimate radiation dose for
large patients, and it will underestimate radiation dose
for small patients.

Scan protocols for different CT-scanners should
always be compared on the basis of CTDI,, and never
on the basis of mAs, since different system geometries
can lead to significant differences in the radiation dose
that is applied at identical mAs. CTDI,, depends on
scanner geometry, in particular source-isocenter dis-
tance, slice collimation and beam prefiltration as well
as on X-ray tube voltage, tube current mA and gantry
rotation time f,.. To obtain a parameter characteristic
for the scanner used, it is helpful to introduce a nor-
malized nCTDI given in mGy/mAs:

CTDI,, = mA - t;o - nCTDI,, = mAs - nCTDI,,,

To represent the dose in a spiral/helical scan, it is
essential to account for gaps or overlaps between the
radiation dose profiles from consecutive rotations of
the X-ray source (Morin et al. 2003). For this purpose
CTDI,,,, the volume CTDI,,, has been introduced

CTDI,,= 1/p - CTDI,

p is the pitch of the spiral examination. The factor 1/p
accounts for the increasing dose accumulation with
decreasing spiral pitch due to the increasing spiral
overlap. Some manufacturers such as Siemens use an
“effective” mAs-concept for spiral/helical MDCT
scanning which includes the factor 1/p into the mAs-
definition:

(MAS) g = MA -t - 1/p =mAs - 1/p.

The dose of a spiral/helical scan is then equivalent
to the dose of a sequential CT acquisition with the
same detector collimation and the same mAs, and is
simply given by

CTDl,5=(mAs), - nCTDL,.

Some other manufacturers stay with the conven-
tional mAs-definition, and the user has to perform the
1/p correction by himself. When comparing the scan
parameters for CT-systems of different manufactur-
ers, the underlying mAs-definition needs to be taken
into account.

Radiation dose as given by the CTDI is a local
parameter, it does not reflect differences in the total
radiation exposure to the patient due to different
scanned ranges. The dose-length product DLP,
defined as

DLP = CTDI, - L

and measured in mGy-cm, accounts for the scan
range L of a CT examination. CTDI,,, and DLP are
physical dose measures, they do not inform about
the radiation risk associated with a CT examination.
For this purpose the concept of “effective dose” E has
been introduced by the International Commission on
Radiological Protection (ICRP). The effective dose,
measured in mSv, is the weighted sum of the organ
doses Dg, i to all organs i in a CT examination,
and includes both direct and scattered radiation. The
weighting factors w; depend on the biological radia-
tion sensitivities of the respective organs

E= ZWi . Dorg,i-

The w; are estimated and published on a regular
basis by the ICRP. As research and measuring tech-
nologies advance, these factors may undergo signifi-
cant changes. The recommendations of the ICRP of
2007 (ICRP Report 103) indicate that gonads are less
radiosensitive and the breast is more radiosensitive
than assumed in the ICRP report of 1990 (ICRP
Report 60).

Effective dose can be measured using whole-body
phantoms such as the Alderson-Rando phantom, or
derived from computer simulations using Monte
Carlo techniques in mathematical models of “stan-
dardized patients”. Because each individual patient
deviates from this idealized mathematical model,
effective dose cannot be used to quantify the radiation
exposure to an individual patient, but rather the mean
radiation exposure to a standard patient group.

For different scan ranges, the effective dose E can
be approximated from the DLP by applying a con-
version factor

E=DLP-f.

Examples of f for the different body regions are
Head. f = 0.0021 mSv/(mGy-cm)
Neck. f = 0.0059 mSv/(mGy-cm)
Thorax. f = 0.014 mSv/(mGy-cm)
Abdomen and Pelvis. f = 0.015 mSv/(mGy-cm)
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3 Radiation Dose Reduction

Modern CT-scanners are equipped with a variety of
different techniques to reduce radiation exposure.
Some of them will be explained in this section.

3.1 Anatomical Tube Current

Modulation

The most effective means to reduce radiation expo-
sure is an adaptation of the dose to the patient’s body
size and shape (Donelly et al. 2001; Frush et al. 2002;
Wildberger et al. 2001).

This can be achieved by an adaptation of the X-ray
tube current to the patient’s anatomy, either manually
by selecting patient-individual mAs-settings or auto-
matically with the use of automatic anatomical tube
current modulation (automatic exposure control). This
technique modifies the tube output in the through-
plane (z-axis) direction to maintain adequate dose
when scanning body regions with different attenua-
tion, for instance thorax and abdomen. In addition,
angular tube current modulation is performed during
each rotation of the gantry to compensate for strongly
varying X-ray attenuations in asymmetrical body
regions such as the shoulders and pelvis. The varia-
tion of the tube output is either predefined by an
analysis of the localizer scan (topogram, scout view)
or determined online by evaluating the signal of a
detector row (Fig. 13). In some approaches, the
attenuation of a “standard-sized” patient is stored in
the control computer for each body region. The user
selects a reference mAs-setting in the standard scan
protocol that will be applied if the patient’s attenua-
tion matches the stored standard attenuation. If the
patient’s attenuation deviates, the tube output will
be adapted accordingly. Some vendors try to adapt the
tube current such as to maintain constant image noise
in all examined body parts. Others allow for a weaker
increase of the tube current with increasing body size,
since radiologists tend to accept noisier images with
more obese patients.

With use of anatomical dose modulation approa-
ches, radiation exposure can be significantly reduced.
Several authors demonstrated radiation dose reduction
by 20-68% depending on the body region without
degrading image quality (Mulkens et al. 2005; Greess

et al. 2004). It has to be noted, however, that automatic
exposure control reaches its limits with larger detector
z-coverage because the detector then covers different
anatomical regions at the same time which would
require different mA-settings, such as the transition
from liver to lung or from shoulder to neck.

3.2 Organ-Based Tube Current

Modulation

Organ-based tube current modulation is a variant of
automatic anatomical tube current modulation
designed to specifically reduce radiation exposure to
selected organs, such as the female breast. For this
purpose, bismuth breast shields have so far been used.
Their benefit, however, is doubtful, since they result
in increased image artifacts and reduced overall
image quality. Using organ-based tube current mod-
ulation, the X-ray tube current is reduced in a
selectable angular range, e.g. when the X-ray tube
moves directly in front of the female breast. The tube
current has to be correspondingly increased when the
X-ray tube is on the opposite side, see Fig. 14.

Organ-based tube current modulation therefore
does not lead to an overall radiation dose reduction,
but to a different distribution of the radiation dose in
the scan plane (Fig. 15). It has been shown that the
local radiation dose to the breast or to the thyroid
gland can be reduced by 20-35% without loss of
image quality (Ketelsen et al. 2011).

3.3 ECG-Controlled Tube Current

Modulation

The radiation dose in electrocardiogram (ECG)-gated
spiral/helical examinations of the heart can be
reduced by means of ECG-controlled tube current
modulation. This technique is also sometimes called
“ECG-pulsing”. During scan data acquisition, the
X-ray tube current is modulated according to the
patient’s ECG. It is high (100%) in a user-defined
phase of the cardiac cycle, in general the mid- to end-
diastolic phase, and reduced to 4-25%, depending on
the implementation, during the rest of the cardiac
cycle, see Fig. 16.

Clinical studies with 4-slice CT-systems and ECG-
controlled modulation of the tube current to 20% of



Multi-Detector Row CT

attenuation (a. u.)

Tube current with

automatic exposure control

- 1 »

]
3x360°

] ]
0° 1x360° 2x360°

Angular tube

] ] v

]
4x360°  5x360° position

Fig. 13 Principle of automatic adaptation of the X-ray tube current to patient size and shape (automatic exposure control)

Fig. 14 Principle of organ-
based tube current modulation
to reduce the radiation dose to
the female breast

Reduced tube current

Increased tube current

its nominal value demonstrated dose reduction by
30-50%, with higher dose savings at lower heart rate
(Jakobs et al. 2002). Further reduction of the tube
current to 4% of its nominal value outside the targeted
heart phase can reduce the radiation dose by another
10-15% (Stolzmann et al. 2008a). ECG-controlled
dose modulation needs to reliably predict the patient’s
next RR-interval length by analyzing the preceding
RR-intervals. While the first ECG-controlled dose
modulation approaches only worked in patients
with stable sinus rhythm, more refined algorithms
have now been developed that can also be used in
arrhythmic patients.

Simulated dose distribution

Organ based tube
current modulation

Constant tube current

Fig. 15 Monte Carlo simulation of radiation dose distribution
with constant tube current (left) and organ-based tube current
modulation (right). Red means lower dose. Note the reduced
dose to the female breast with organ-based tube current
modulation

If the patient’s heart rate is not too high and suffi-
ciently stable, ECG-gated spiral/helical scans may be
replaced by ECG-triggered axial scans, which lead to a
further level of dose reduction. Using modern ECG-
triggering approaches, the scan can be automatically
repeated at the same table position in case of ectopic
beats, and a flexible selection of the width of the data
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Fig. 16 Principle of ECG-
controlled dose modulation
for ECG-gated spiral scans

Tube current
A

100% —

4-25%

acquisition window allows for retrospective optimiza-
tion of the reconstruction phase similar to ECG-gated
spiral scanning. Depending on patient size and scan
technique, the effective patient dose can be as low as
1.5-3 mSv for ECG-triggered coronary CTA (Earls
et al. 2008; Scheffel et al. 2008; Shumann et al. 2008;
Stolzmann et al. 2008b; Blankstein et al. 2009).

34 Adaptation of the X-ray Tube

Voltage

Automatic dose modulation approaches modify the
X-ray tube current according to the patient’s anatomy
or the patient’s ECG, but they do not change the
user-prescribed X-ray tube voltage. Adaptation of the
X-ray tube voltage to patient size and to the intended
application, however, is another powerful means to
reduce radiation exposure, in particular in contrast-
enhanced studies such as CT angiographies. In these
examinations the contrast-to-noise ratio at equal
radiation dose increases with decreasing X-ray tube
voltage because the iodine contrast significantly
increases at lower kV (McCollough et al. 2009). This
effect is most pronounced for small- and medium-
sized patients, see Fig. 17.

As a consequence patient dose can be reduced
by applying lower kV, if a certain contrast-to-noise
ratio is considered adequate for diagnosis. Ideally,
contrast-enhanced CT examinations in small- and
medium-sized patients should be performed at 80 kV.
In reality, however, the maximum X-ray tube current
available at 80 kV may not be sufficient to obtain the
desired contrast-to-noise ratio.

ECG

Time

It is therefore difficult in clinical practice to man-
ually pick the right kV-setting and the correspond-
ingly adapted mAs for a particular patient and a
particular scan. Recently, approaches for automatic
tube voltage selection (ATVS) have been introduced,
such as CARE kV (Siemens Healthcare, Forchheim,
Germany). Prior to each scan, the scanner software
analyzes the patient’s attenuation by evaluating the
localizer scan (topogram, scout view), and proposes
optimized kV- and mAs-settings according to the
planned examination type (e.g., CTA, scan of organ
parenchyma, non-enhanced scan) and the system
limitations (e.g., maximum tube current available,
maximum system load). CARE kV provides different
decision criteria for tube voltage selection, depending
on the relative importance of iodine enhancement for
the particular diagnostic task (more aggressive for CT
angiography, less aggressive for scans of organ paren-
chyma, conservative for unenhanced scans). Compared
with the standard 120 kV protocol, Winklehner et al.
(Winklehner et al. 2011) demonstrated radiation dose
reduction by 25% when using automatic tube voltage
selection for thoraco-abdominal CT angiography in a
group of 40 patients, see Fig. 18.

3.5 Dynamically Adjustable Pre-patient
Collimator to Avoid Spiral Over-

Ranging

CT-systems face the problem of over-ranging in spiral
scans, because scan data beyond the user-defined scan
volume in the z-direction (through-plane direction)
are required for spiral image reconstruction. Usually,
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Fig. 17 Contrast of a 2% iodine solution (/eft), image noise at
constant dose (center) and contrast-to-noise ratio at constant
dose (right) for different kV settings and different phantom
sizes (small, medium and large). Iodine contrast significantly
increases at lower tube potential. For small- and medium-sized
patients, image noise at constant dose is independent of the tube

potential, as expected. For large patients, image noise at
constant dose increases at 80 kV for the evaluated CT-scanner,
because of the increased relative contribution of electronic
noise. As a consequence, CNR increases at lower tube potential
for small- and medium-sized patients (right)

Fig. 18 Automatic adaptation of the X-ray tube voltage to the
patient anatomy and the examination type. a Contrast-enhanced
scan of the neck with standard parameters: 120 kV, 132 mAs,
CTDI = 8.9 mGy. b Follow-up scan using automatic tube

the corresponding pre- and post-spiral scan ranges are
fully irradiated by the X-ray tube. The resulting
scan data, however, are not fully used for image

voltage selection, resulting in modified scan parameters: 70 kV,
403 mAs, CTDI = 4.6 mGy. In this example, dose could be
reduced by 50% without degradation of image quality (courtesy
of H. Alkadhi, University Hospital of Zurich, Switzerland)

reconstruction and represent wasted dose (Fig. 19).
The relative amount of unused radiation dose
increases with increasing z-coverage of the detector.
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Meanwhile, some CT-vendors mitigate the prob-
lem with dynamically adjustable pre-patient collima-
tors allowing independent control of both tube
collimator blades. The collimator blades open and
close asymmetrically at the beginning and at the
end of each spiral scan, thereby reducing spiral
over-ranging. Radiation reduction depends on detec-
tor z-coverage, scan range and spiral pitch. For one
implementation, estimated reductions in effective
dose were 16% for the head, 10% for the chest and
liver, 6% for the abdomen and pelvis and 4 and 55%
for coronary CT angiography at pitches of 0.2 and 3.4
(Christner et al. 2010).

3.6 Iterative Reconstruction

Iterative reconstruction is not a new image recon-
struction technique. For many years, it has been a
well-established reconstruction method for positron
emission tomography (PET) or single photon emis-
sion computed tomography (SPECT). Recently, iter-
ative reconstruction was reintroduced to computed
tomography (CT) as a method to improve image
quality, enhance image resolution and lower image
noise (Thibault et al. 2007).

While increased spatial resolution is directly
correlated with increased image noise in filtered back
projection reconstruction as it is used in all com-
mercially available CT-scanners today, iterative
reconstruction to a certain extent allows decoupling of
spatial resolution and image noise.

Relative z-Axis Position (mm)

In an iterative reconstruction, a correction loop is
introduced in the image reconstruction process. After
an image has been reconstructed from the measured
projection data, a ray-tracing in the image is per-
formed to calculate synthetic projections that exactly
represent the reconstructed image. The deviation
between measured and calculated projections is used
to reconstruct a correction image and update the ori-
ginal image in an iterative loop. Each time the image
is updated, nonlinear image processing algorithms are
used to stabilize the solution. They maintain or
enhance spatial resolution at higher object contrasts
and reduce image noise in low contrast areas. This
step, called regularization, is responsible for the
image noise reduction properties of an iterative
reconstruction. The repeated calculation of correction
projections removes image artifacts introduced by the
approximate nature of the filtered back projection
reconstruction, but does not necessarily reduce image
noise. In addition to artifact reduction, image reso-
lution can be increased by carefully modeling the
measurement system during forward projection in a
so-called model-based iterative reconstruction.

Several iterative reconstruction algorithms have so
far been introduced by the different vendors, such as
adaptive statistical iterative reconstruction (ASIR),
iterative reconstruction in image space (IRIS), sino-
gram affirmed iterative reconstruction (SAFIRE) or
model-based iterative reconstruction (MBIR). The
potential of these techniques with regard to radiation
dose reduction is discussed in Chapter “Conventional
and Newer Reconstruction Techniques in CT”.
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Abstract

The principles of protecting the patient undergoing
clinical investigation using radiation are clear
and well established: it is the responsibility of all
radiological services to ensure the information
required for the clinical management of the patient
is obtained with the lowest practicable exposure
to radiation. Within this clear objective, however,
medical investigation operates in a constantly
changing scenario influenced by increasing knowl-
edge of disease processes and advancing techno-
logical development. This syndrome ensures that as
time passes differing objectives and concerns come
to the fore. With the now widespread adoption of
multidetector computed tomography (MDCT), for
a broad range of examinations, MDCT continues to
be the dominant source of dose from medical X-ray
examinations, thereby posing significant challenges
in radiological protection to the extent that some
now claim that this represents today’s greatest
single challenge in radiation protection in diagnos-
tic use. This book expounds the challenges posed
by MDCT to scientists and physicians and in this
chapter we provide an introduction to the main
themes which are of concern.

1 Introduction

The principles of protecting the patient undergoing
clinical investigation using radiation are clear and
well established: it is the responsibility of all radio-
logical services to ensure the information required for
the clinical management of the patient is obtained
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with the lowest practicable exposure to radiation.
Within this clear objective, however, medical inves-
tigation operates in a constantly changing scenario
influenced by increasing knowledge of disease pro-
cesses and advancing technological development.
This syndrome ensures that as time passes differing
objectives and concerns come to the fore. With the
now widespread adoption of multidetector computed
tomography (MDCT), for a broad range of examina-
tions, MDCT continues to be the dominant source of
dose from medical X-ray examinations, thereby pos-
ing significant challenges in radiological protection to
the extent that some now claim that this represents
today’s greatest single challenge in radiation protec-
tion in diagnostic use. This book expounds the chal-
lenges posed by MDCT to scientists and physicians
and in this chapter we provide an introduction to the
main themes which are of concern.

Since its inception in 1973 (Hounsfield 1973) the
development of computed tomography (CT) has been
dramatic and the technique continues to mature and
expand. Over 30 years ago a typical study consisted
of 10 mm sections, a 20 s exposure time and a 60 s
image reconstruction time. Technical developments
including the development of slip rings, increased
X-ray tube heat capacity, advances in multi-detector
technology and improvement in computer processing
now permit rapid sub-second exposures for acquiring
sub-millimeter sections and almost instantaneous
image reconstruction along with options of multi-
planar reconstruction and three-dimensional (3-D)
imaging. These improvements have brought benefits in
clinical examination, extending the applications of CT
into new areas and facilitating difficult or demanding
examinations in all applications. The major develop-
ment in technology has been MDCT, which has dra-
matically increased the performance capability of CT.
It is now routine to expect modern radiology depart-
ments to have systems capable of acquiring 64 or more
sections simultaneously have been introduced (Berland
and Smith 1998; Hu et al. 2000; Kalender 2000; Prokop
2005). Even greater configurations are now becoming
available, with the latest cone beam systems capable of
simultaneously acquiring 256 sections (Mori et al.
2006). Beyond this dual energy scanners, for the dis-
tinction of bone and vessel structures (Morhard et al.
2009), and iterative reconstruction methods, as a means
for dose reduction with controllable noise reduction
(Gervaise etal. 2011), are both being trialled clinically.

The incorporation of slip ring technology into the
design of scanners in the late 1980s removed the need
for rigid mechanical linkage between the power
cables and the X-ray tube. The ability to rotate the
tube continuously in one direction allowed the
development of helical CT and re-established CT as a
front-line imaging modality. Helical CT allows a
volume of tissue rather than individual slices to be
scanned as the table supporting the patient also moves
continuously while the tube is rotating; the data are
reformatted automatically to display the images as
axial slices. Furthermore, whereas conventional and
spiral scanners use a single row of detectors, MDCT
scanners now have multiple active rows of detectors
and selectable geometry. The increased number of
detectors combined with sub-second tube rotation
times have increased the speed and the ability to
cover large body areas without anatomical misregis-
tration (Garney and Hanlon 2002). Whole CT exam-
inations may now be carried out within a single
breath-hold (e.g. thorax, abdomen and pelvis in a
trauma patient in 20 s) (Kalender et al. 1990). As well
as increased speed and volume coverage, MDCT
offers excellent opportunities for dedicated 2-D and
3-D visualization and post processing. Continuous
data acquisition also means lesions can be evaluated
during different phases of contrast enhancement and
small lesions which may be missed with conventional
CT can now be detected (Ichikawa et al. 2006).

Thus, modern CT scanners now offer clinical tools
of vast flexibility. However, these benefits have not
been without a price and it is arguable that MDCT has
become Diagnostic Radiology’s major radiation pro-
tection challenge.

2 Clinical Expansion

The continued development of MDCT means it
remains a challenge of patient protection, owing to
increased use in established applications and the
introduction of a wide range of new applications.
Despite efforts to move away from CT in some tra-
ditional examination areas, using either ultrasound
(US) or magnetic resonance imaging (MRI) as the
first imaging modality for patient examination, the
further development of new CT technology and
associated applications means the volume of patient
examinations shows no signs of decreasing yet.
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Fig. 1 Annual numbers of
NHS CT examinations in
England, showing the growth
in frequency of scans since
the millennium

Number of
NHS CT
examinations
in England
(millions)

Figure 1 shows how in England CT use has continued
to grow (Hart et al. 2010) with the National Health
Service (NHS) referral frequency increasing year on
year since the millennium (Meeson et al. 2011).

MDCT is routinely used for multiphase enhance-
ment studies (Zoetelief and Geleijns 1998) including
optimized injection protocols in multiphasic contrast-
enhanced MDCT of the liver (Ichikawa et al. 2006). CT
angiography continues to expand (Makayama et al.
2001; F or Lederlin et al. 2011), with CT urography
(Anderson and Cowan 2004) and CT virtual colonos-
copy (VC) (Landeras et al. 2007) contributing to
greater use of 3-D imaging and virtual reality
(Caramella and Bartolozzi 2002). For example, in the
case of a neoplasm of the pancreas, it is possible to
outline the primary neoplasm at an optimal phase of
enhancement while at the same time gathering images
of the liver in different phases of enhancement in order
to examine for metastatic disease (Johnson 2001).
Where the investigation is justified, completing it in
one sitting is clearly of benefit in terms of facilitating
treatment planning and for the patient.

Itis recognized that the effective dose from CT scans
of the head and neck is considerably lower than that
from CT examinations of the abdomen or chest.
However, head and neck CT examinations for well-
established clinical indications (such as sinusitis, uni-
lateral conductive hearing loss and acute stroke) are
more common and the collective dose to the population
from cranial examinations is therefore higher. Scan

parameters for head and neck CT examination proto-
cols are generally chosen to obtain the best image
quality and meet the highest diagnostic criteria, but
with an associated radiation dose cost. Radiation dose
from head CT scans may vary considerably as a result
of inherent differences in equipment and because of
variations in exposure technique and scanning proto-
col. Previous studies where systematic changes in
scanning parameters were analyzed with respect to
resulting image quality have reported dose reductions
of 40% or more in CT scans of the head without loss of
relevant information or diagnostic image quality
(Smith et al. 1998; Cohnen et al. 2000; AC or Kropil
et al. 2010; AD or Abul-Kasim et al. 2011).

The use of CT for the evaluation of cervical
spine trauma achieves an end health state of high
value compared to just conventional radiography
(Theocharopoulos et al. 2009; European Commission
2008). However, our latest cervical spine test phan-
tom and low dose CT studies suggest there is clear
latitude for reducing dose while preserving image
quality (publication forthcoming).

Well-established clinical indications for CT of the
chest include bronchiectasis and the evaluation of
interstitial lung disease. Chest CT is also commonly
used to detect pulmonary metastases. CT is now the
“gold standard” in imaging suspected pulmonary
embolism (PE) (European Commission 2008; Henzler
et al. 2011) replacing pulmonary scintigraphy or
angiography as a first line investigation for PE
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(Mayo 1997). While traditional angiography will
continue to be used for various treatment options
(such as the placement of stents or angioplasty) the
diagnostic role of angiography is increasingly being
carried out using the non-invasive procedure of CT
angiography. A meta-analysis of this technique has
demonstrated sensitivities of 53—100% and specifici-
ties of 83-100%, wide ranges which are partly
explained by technologic improvements over time
(Rathburn et al. 2000; Wittram et al. 2004).

MDCT has reduced scan times to a few seconds
allowing patients to be scanned with very high reso-
lution. Also, patients with severe pulmonary disease
and congestive heart failure can be examined in a
single breath-hold. Fast acquisition of narrow slices
combined with ECG gating permits scans with greater
temporal resolution. The main use of these images is
for the visualization of the coronary arteries and
calcium scoring for assessment of stenoses. The
evaluation of the effect of ECG controlled tube
current modulation on radiation exposure in retro-
spectively ECG-gated multi-slice CT of the heart has
been shown to reduce dose by 37% (Poll et al. 2002)
or more (Lehmkuhl et al. 2010).

Established indications for CT of the abdomen
include detecting causes of sepsis (sensitivity 95%
and specificity 91% (Meeson et al. 2009)), and
detection of retroperitoneal lymphadenopathy or liver
metastases from neoplasms. A relatively new clinical
indication is urolithiasis. CT urography (CTU) allows
comprehensive evaluation of the urinary tracts and it
is now the primary imaging study for the evaluation
of adults over 40 years old with hematuria (European
Commission 2008). Together with other genitourinary
conditions CTU has become an established technique
for examining patients with acute renal colic
(Kawashima et al. 2004; Wells et al. 1998). The
sensitivity and accuracy of non-contrast CT in
assessing ureteral calculi has been reported to be as
high as 97% (Smith et al. 1996). Both CT angiogra-
phy and CT urography cover large body areas with
several hundred sections. The field of 3-D imaging
and virtual reality is too large to cover here but
MDCT has made these studies remarkably easy, for
example, facilitating the development of CT virtual
colonography. The technique of virtual colonoscopy
was first introduced in the mid-1990s as a non-inva-
sive technique to image the colon (Vining 1997).
Thin axial slices through the abdomen are obtained in

supine and prone positions and may be reconstructed
into 3-D surface rendered images giving the impres-
sion of viewing the large bowel via an endoscope. It
has now been suggested that best practices for polyp
size measurement with VC include the use of 3-D
endoluminal displays, 2-D displays with a window
level near —500 HU and automated measurement
software (Summers 2010).

A further development has been CT fluoroscopy
which enables real-time monitoring for image-
guided biopsy procedures. Improved needle manipu-
lation has made previously difficult procedures
easier. However, careful use of this technique is
essential as there is potential for large skin doses to
both patient and operator (Olerud et al. 2002). The use
of tube currents as low as 10-30 mA have been
shown to give significantly lower patient skin doses
while still providing sufficient image quality in order
to control the difficult steps of the procedure. In
addition, lead protection has been shown to reduce the
scattered dose to the operator by more than 90% (Irie
et al. 2001).

CT screening is an emerging concept targeting
early detection of disease entities such as lung cancer,
colon cancer and coronary artery disease. The issue of
screening for disease by CT is a difficult area, as
clinical benefit has to be demonstrated conclusively to
justify irradiation of a large number of normal indi-
viduals. Furthermore the impact on patients and
health care services also needs to be quantified to
determine the physical, psychological and financial
costs of false negative impressions and subsequent
unnecessary clinical interventions. One American
study of the detection of pulmonary nodules found
a primary neoplasm rate of only 0.03% (Benjamin
et al. 2003).

In situations where the diagnostic yield of CT is
expected to be so low, alternative, safer examinations
should always be considered. Contrary to the general
expectation that, with the advent of magnetic reso-
nance imaging and its widespread use the use of
X-ray computed tomography would decline rapidly,
MDCT has continued to gain importance (Kalender
2000). However, MRI is an imaging modality that is
considerably safer than CT on the basis of a number
of factors, of which radiation dose is perhaps the most
significant. It therefore provides the main “competi-
tion” for MDCT in clinical practice where it is
available and applicable. A recent article has
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shown that screening MRI of the entire body may be
more accurate than individual “gold standard” diag-
nostic investigations of individual organ systems
(Lauenstein et al. 2004). There are important differ-
ences between MDCT and MRI, including speed,
metal object compatibility, availability and cost.
However, the present high use of MDCT suggests
powerfully that whether MRI can replace CT for
various indications should be continuously re-evalu-
ated, perhaps even in circumstances where MDCT
may be diagnostically more accurate (Semelka 2005).

The extension of CT into new areas continues.
Several studies have already demonstrated that CT is
ideally suited to the challenges posed by patients with
suspected appendicitis. Raptopoulos et al. (2003)
have reported the use of CT for selecting patients for
management of acute appendicitis, finding that with
increased use of CT there were less severe imaging
findings, a significant decrease in surgical-pathologic
severity and shortened hospital stay. These would
seem to be clinical benefits but the routine use of a
high radiation dose in a relatively benign process
requires careful study of costs and benefits, especially
as most patients with acute appendicitis, of whatever
stage, are managed effectively without specialized
investigation. In the latest update to the European
Guidelines on the use of MDCT (European Com-
mission 2008) US is now recommended as the first
modality of imaging in acute abdominal pain, with
CT used in clinically equivocal cases.

3 The Dose Problem

The fact that CT is a modality giving significant
exposure is well known. In the past this was seen as
permissible as in areas of its greatest application, such
as the investigation of malignancy; its diagnostic
value was greater than its inherent risk. However, CT
is now used extensively in benign disease and in the
young in whom cumulative dose considerations are of
the utmost importance.

This issue of radiation dose from CT has received
much attention in both the popular media and scien-
tific literature, due in part to the fact that the dose
levels from CT typically exceed those from conven-
tional radiography and fluoroscopy, and that the use
of CT continues to grow. CT contributes a significant
portion of the total collective dose from ionizing

radiation delivered to the public from medical pro-
cedures. The United Nations Scientific Committee on
the Effects of Atomic Radiation (UNSCEAR) has
highlighted that medical radiology is the largest arti-
ficial source of exposure to ionizing radiation
(UNSCEAR 2010) and that in the USA there about 67
million CT examinations performed annually at a rate
of about 223 examinations per 1000 persons.
UNSCEAR also estimated previously that CT con-
stitutes about 5% of all X-ray examinations world-
wide while accounting for about 34% of the resultant
collective dose. In the countries that were identified as
having the highest levels of healthcare, the corre-
sponding figures were 6 and 41%, respectively
(UNSCEAR 2000). In the UK the most recent esti-
mate from the Health Protection Agency (HPA) put
the contribution from medical X-ray examinations
(including dental) at 90% of the dose from all artifi-
cial sources of exposure in the UK.

In a frequently cited study performed by the Fed-
eral Bureau on Radiation Protection in Germany, it
was found that between 1990 and 1992 only 4% of all
X-ray examinations were performed on CT scanners,
yet CT accounted for 35% of the collective effective
dose (BMU 1996). In the United Kingdom, in 1991
the National Radiological Protection Board (NRPB)
pointed out that CT makes a disproportionately large
contribution to dose, at that time representing only
2.5% of examinations but constituting 25% of the
collective dose to the population from diagnostic use
(Shrimpton et al. 1991). Subsequent studies indicate
that this proportion has increased; in 1998 Shrimpton
and Edyvean (1998) suggested that the cumulative
radiation dose was closer to 40%. Mettler et al. (2000)
have indicated that in their department CT comprises
11% of examinations and 67% of the collective dose,
11% of these examinations being carried out in chil-
dren, in whom radiation protection considerations are
paramount. These growing trends have continued
with population doses from diagnostic X-rays in the
UK and USA showing CT remains the dominant
source of dose from medical X-ray examinations.
In the UK 68% of the population dose comes from CT
examinations, while CT represents only 11% of all of
the X-ray examinations performed (excluding nuclear
medicine) (Hart et al. 2010). Similarly in the USA
the percentages are 66 and 18%, respectively (NCRP
2009). In the UK HPA (includes former NRPB)
report of 2010, per caput CT dose in the UK was less
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than five times the equivalent figure in the USA.
However, in the UK there were typically 56 CT
examinations per 1000 population rising to 223 per
1000 in the USA.

Whereas, there is still a paucity of published data
available on the trends in patient doses following the
introduction of MDCT, an increased contribution to
patient dose may be expected due to reduced geo-
metric efficiency and the more prominent impact of
the additional tube rotations necessary before and
after data acquisition over the planned scan range.
When scanning in helical mode, all CT scanners
acquire additional rotations at each end of the scan
length in order to obtain sufficient data to reconstruct
the full imaged volume. Two studies have reported
significant increases in effective dose per patient of
10% and 34% for multislice compared with single
slice CT (Brix et al. 2003; Yates et al. 2004a, b).
Reconstruction methods on multidetector systems
sometimes require a greater number of additional
rotations. This together with greater X-ray beam
widths used can result in a significant increase in
effective dose, particularly for short scan lengths
(Nicholson and Fetherston 2002). Published results
from the 2003 UK CT dose survey (Shrimpton et al.
2005), a review of CT practice after the introduction
of helical CT nationally, show that there has been a
reduction in average patient doses from CT examin-
ations since the previous national CT dose survey
published in 1991. However, they also show that
doses from MDCT are consistently slightly higher
than dose levels from single slice CT scanners. The
Third UK national CT dose survey of current practice
(2010/2011) is currently under way with the aims of
updating existing examination-specific national ref-
erence doses and providing guidance for some new
establishing examinations.

Of particular concern is the fact that many of the
new applications are especially applicable to young
patients and those with benign disease. However, this
challenge is not the only problem facing radiation
protection in CT. The short scanning time of MDCT
means there is a danger of uncritical use being made
of the technique and previous studies have shown that
there are large variations in the scanning protocols
employed for the use of CT (Lewis and Edyvean
2005). The risk is that the flexibility of MDCT in
terms of long scan lengths and use of narrow imaged
slices with high mAs values can lead to unnecessarily

high doses if diagnostic requirements are not ade-
quately considered (Shrimpton et al. 2005).

Controlling technique variations may be problem-
atic. Recommendations of CT manufacturers vary
with regard to clinical protocols and cannot be com-
pared easily because of different scanner makes and
models (Scheck et al. 1998). Institutions may also
change protocols according to their needs with vari-
ations even noted between different departments in
the same hospital where equivalent technology is in
use. Further, different CT scanners employ specific
detector geometry and filtration characteristics. As a
result it has been shown that even identical scanning
parameters can result in considerable dose differences
in the patient (Scheck et al. 1998). Consequently,
there is a worrying level of variation in exposure for
examinations carried out for identical purposes.

Shrimpton et al. (2005) reported that effective dose
could differ by a factor between 10 and 40 in exam-
inations for the same application and Olerud (1997)
has reported variations between 8 and 20 times. These
differences seem to relate principally to variations in
examination technique. In our experience (unpub-
lished data) a 10-fold variation in the number of
sections and exposure factors is found across the work
of one general department. It is inevitable that some
complex cases will require a larger number of CT
sections and multiple phases, but the disparity
occurring between apparently similar applications is
of serious concern.

It is now widely accepted that unoptimized CT
examination protocols are a significant contributor of
unnecessary radiation dose. There appears to be much
scope for dose optimization through use of appropri-
ate protocols (Lewis and Edyvean 2005). Efforts and
measures to reduce dose can be initiated by the
examiner by critically considering the indication and
the choice of scanning protocols and parameters for
CT examination.

There may be justifiable reasons for some vari-
ability in practice, of which the most important one is
the difference in clinical indication. Furthermore, as
techniques develop there is a period of learning dur-
ing which the examination technique should develop
to a mature level. This difference is greater if opera-
tors and practitioners are insufficiently educated in
newly emerging technology. Further, increasing
demand in radiology may induce radiologists to
use over-intense protocols for CT, for viability to
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supervise the examination directly while engaged in
other work. It is perceived that this is more likely to
occur with relatively inexperienced workers and, it is
also possible that some examinations are carried out
more intensively than needed as a means of clinical
risk limitations. These factors indicate strongly
against measures to provide effective radiation pro-
tection. Low annual referral frequencies for examin-
ations may also lead to unnecessarily high patient
exposures where a lack of familiarity with the pro-
cedure and a failure to optimize the examination
parameters increase the dose cost to the patient. This
is particularly the case for centers with low numbers
of pediatric referrals.

A further factor is the frequency with which
patients may undergo CT in a single illness. Surveys
have shown that it is not difficult for a patient with a
complex illness to acquire several exposures in a short
time (European Commission 2008). In our own study
in patients with abdominal sepsis (Meeson et al.
2009)—a non-malignant condition—we found when
looking at all CT referrals locally a maximum of 18
examinations for a single patient during one year. The
relative percentages of patients with six or more CT in
a year were comparable with other institutes taking
part in the European survey. It was agreed that the
high number of patients receiving more than six CT
examinations in a year raised concern about the
appropriateness of the repeated CT examinations.
This has significant implication for interpreting the
impact of population exposure; many population
surveys give an average exposure per caput, whereas
what is happening in practice is that there are patients
who are receiving a large number of exposures over a
short period. This makes protection measures even
more important in the individual case.

One of the critical questions to ask is to what
extent developments in technology should alter
examination technique. There is a natural tendency
for changes in the examination technique to be dri-
ven by advances in technology but the person car-
rying out the examination has to ask if there is added
benefit in intensifying the examination and therefore
the radiation exposure. It has to be accepted that
clinical demand and workload pressures currently
motivate against protection measures and that
optimization of practice is one of the greatest chal-
lenges facing dose constraint in CT (Golding and
Shrimpton 2002).

Unfortunately, despite the development of expo-
sure reducing technology, the evidence base for
practice is limited (Kalra et al. 2004). Optimization of
scanning protocols involves many parameters
including tube voltage, tube current, section thick-
ness, collimation and pitch (McCollough et al. 2006).
A dose reduction of 90% has been reported in high
resolution CT of the face in patients with orbital
trauma (Jackson and Whitehouse 1993), and in CT of
the chest minimizing tube current has been reported to
reduce the dose by 50%. Starck et al. (1998) reported
that in very specialized circumstances a 96% reduc-
tion in dose can be achieved and similar levels of
reduction may be possible in CT colonography
(Iannaccone et al. 2003). Our own studies in this area
bear out this experience. These studies related to areas
of high natural contrast and high resolution imaging,
where large exposure latitude may be expected.
However, research is needed in the main areas of
application of CT, where detection of low contrast
lesions is paramount. It is necessary to establish the
minimum exposure threshold that will deliver ade-
quate image quality in each application, preferably
expressed in terms of clinical effectiveness (Mini
et al. 1995). Dose reductions achieved in studies with
test objects also need to be confirmed in clinical trials,
demonstrating image suitability, before potential dose
savings can be achieved more widely.

4 Approaches to the Problem

The answers to the challenges facing the use of
MDCT must come both from technological develop-
ment and from the clinical practice. On the industrial
side the significant developments that have already
been achieved in dose-constraint technology must
continue and must impact on the way that MDCT
operates in practice, as described in the following
chapters. A harmonization of dose-constraint methods
employed by all manufacturers, including the differ-
ent options for automatic tube current modulation, is
also desirable to achieve the best possible image with
the lowest dose and to ensure that operators under-
stand both the protocol settings selected and the
impact of modifying them. The advances in practice
must be based upon a clear perception of the factors
important in protecting the patient in MDCT, as
outlined below.
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5 The ALARA Principle

The ALARA principle states that all medicinal
exposure for diagnostic purposes shall be kept as low
as reasonably achievable. It is based on the radiation
assurance recommendations of various international
expert committees and organizations and forms the
cornerstone of radiation protection. Based on the
assumption that there is no lower threshold for car-
cinogenesis (i.e. there is no dose that can be consid-
ered completely safe or harmless), the reduction of
radiation exposure to ‘ALARA’ remains an ongoing
challenge.

6 The Role of the Referrer:
Justification

It is a sine qua nom of investigational medicine that
the risk of the procedure is outweighed by the putative
benefit to the patient. Although simple in essence, this
principle may be difficult to put into practice. In many
areas of established use of CT the potential benefit to
the patient is clear and its application therefore well
justified. However, patients are all individuals and in
other areas it may be difficult to quantify accurately
the potential benefit to the patient in many instances,
it is accepted, clinicians may tend to refer patients for
examination in order to give themselves reassurance
concerning their intended management regime; in
such cases benefit is difficult to demonstrate and dose
constraint should be employed here.

The aims of radiation protection—and of effective
justification and the ALARA Principle—may best be
met by encouraging referring clinicians to adopt a
critical appraisal of their own referral practice. The
clinician needs to ask, before referring a patient for
MDCT, “do I really need this investigation? Will it
change what I do?” If the answer to these questions is
positive, the next critical question is to ask whether
the information that is needed could be obtained
without the use of ionizing radiation. In many
abdominal and pelvic applications ultrasound and
MRI provide acceptable alternatives to MDCT, and
MRI is also an effective competitor elsewhere in the
body. Even where these two techniques may not be
as sensitive as MDCT, there may be a case for
employing them first, especially in young patients, on

the basis that if they yield the required information
then exposure of the patient to radiation may not be
required. In our own practice the investigation of
some cases of orbital fracture—an application usually
regarded as exclusively a requirement for CT—have
been successfully achieved using MRI. In such clin-
ical decisions referral guidelines such as those issued
by the Royal College of Radiologists in the UK have
an established value.

7 The Role of the Operator:
Optimization

It should be a given principle that all MDCT equip-
ment is operated at optimum technical performance
and subject to regular quality assurance. However, the
objectives of optimization of the examination go
beyond this. As indicated above, there are current
technological advances which may be used to con-
strain exposure and, in appropriate circumstances,
image quality can be manipulated to reduce exposure,
provided that the resulting examination does not fall
below an acceptable threshold of image quality and
therefore of sensitivity appropriate to the clinical
application. All departments should have in place
local guidelines, based on the best evidence to date, to
ensure that these objectives are met.

8 The Role of Guidelines in MDCT

As indicated above, the evidence base for dose con-
straint in CT is not strong and in these circumstances
practice guidelines may be important. In 1994, the
European Commission set up a working group on
image quality and dose in CT, resulting in publication
in 2000 of the European Guidelines on Quality Cri-
teria for Computed Tomography (European Com-
mission 2000). This group continued its work and
produced updates to the guidelines. The second edi-
tion of the guidelines (European Commission 2000)
surveyed technical and clinical principles in MDCT
and made recommendations on good technique in
common areas of application, together with the
guidelines on dose measurement and audit. Particular
attention was also paid to pediatrics, a group of
patients who should always be examined using pro-
tocols that have been optimized for children and not
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adults. In 2008, the updates concentrated on MDCT
scanners that can acquire data with at least 16 slices
simultaneously (European Commission 2008).

One problem that the group has had to face is the
variation in the performance of individual CT scan-
ners. Whereas, in the first edition it was possible to
make specific recommendations on slice thickness and
pitch, only ranges can now be specified. As in the first
edition, the guidelines recommend quality criteria that
enable examinations to be assessed. However, the key
issue of diagnostic effectiveness and exposure still
needs to be addressed by robust research studies for
both established and emerging applications of MDCT.

9 The Role of Evidence: Vigilance

Overall, experience indicates that the dramatic rise in
applications of CT has not yet reached a plateau. This is
despite the fact that both technically and clinically,
MSCT may be used in a way to aid dose constraint
(Olerud 1997; Kalendar 2004; Yates et al. 2004a, b). A
number of factors actually offer the potential of dose
reduction if taken into consideration by clinicians. For
example, repeat scans which were frequently required
if the patient moved significantly or breathed between
single scans, have been practically eliminated by
MDCT. Overlapping scans which were often selected
for good multiplanar or 3-D displays and led to corre-
sponding increases in dose are no longer a necessity
because overlapping images are routinely available in
helical CT with no additional exposure. Also, the
selection of pitch factors >1 results in a reduction in
dose corresponding to the pitch factor (Kalender 2000).
Significant reduction of dose can also be obtained
through attenuation-dependent tube current modula-
tion which allows constant image quality to be main-
tained regardless of patient attenuation characteristics
and is now widely available on most MSCT systems
(Yates et al. 2004a, b).

It is important that all practitioners in CT continue
to review emerging evidence and adapt their practice
accordingly. For the present dose audit remains
mandatory and further surveys of practice are
required. Departments must ensure that their justifi-
cation criteria are soundly applied, and that examin-
ations are carefully targeted to clinical applications
and do not exceed the clinical requirements. Where
evidence supports the approach, exposure should be

adjusted to the lowest threshold that delivers the
required clinical sensitivity. It is necessary to follow
published guidelines and observe all updates in these.
Beyond this, however, new legislation has now been
passed in the USA to enforce radiation protection at a
patient level. The Governor of California, Arnold
Schwarzenegger, has signed a bill into law related to
CT dose. SB1237, that was signed into law September
30, 2010, paves the way for the implementation of the
first state law aimed at protecting patients from
excessive radiation exposure received during CT scans
and radiation therapy procedures. The bill will impose
strict new procedures and reporting requirements to
protect patients from medical radiation overdoses when
it becomes effective July 1,2012. The bill also provides
an accreditation mandate for CT scanners that will take
effect from January 1, 2013 (American Association of
Physicists in Medicine (AAPM) 2011). The bill
requires that dose be recorded on the scanned image
and in a patient’s health records, and that radiation
overdoses be reported to patients, physicians, and the
state Department of Public Health.

CT manufacturers are constantly reviewing dose
optimization and regulation. Five companies that
manufacture the majority of the world’s CT scanners
are cooperating in an initiative to improve patients’
safety by including additional radiation dose safe-
guards on their equipment. Under the Medical
Imaging and Technology Alliance (MITA) “dose
check” initiative (Computed Tomography Dose
Check (NEMA Standards Publication XR 25-2010)
2010), manufacturers of computed tomography
equipment have agreed to add an alert feature to
notify CT operators when recommended radiation
dose levels are exceeded. The AAPM have also issued
dose check recommendations regarding notification
and alert values for CT scanners (AAPM Dose Check
Guidelines 2011).

Overall, the challenge of patient exposure in
MDCT will best be served by continuing vigilance;
from the manufacturers toward new dose-saving
developments and advice to their uses, from clinical
referrers to ensure that over-demand is avoided, and
from radiology department staff to ensure that the
principles of best practice are always applied. This is,
therefore, a field in which understanding of the bal-
ance between risks and benefits is most likely to be
served by effective inter-disciplinary communication,
education and vigilance.
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Responsibility

It is an unfortunate fact of radiation protection in this
field that we are not in a position to judge definitely
whether the increase in population exposure due to
CT will or will not create a future problem in radia-
tion-induced disease, as many claim. All our estima-
tions of risk are based on extrapolation from outside
the range of diagnostic exposures. It is not even
known if the Linear No Threshold (LNT) model is
applicable at this level of exposure. However, in
Medicine it is insufficient practice to assume safety; if
we do not know for certain that we are safe we have a
professional obligation to proceed with caution. The
evidence from successive surveys makes it clear that
this is not happening.

It is essential that all available guidelines for patient
protection and adherence to protection law are applied.
Wide variations in exposure for similar indications need
to be outlawed, possibly by international action. How-
ever, we also need to reverse the climb in exposure. This
may be done by replacement of CT wherever practica-
ble but also by department staff taking a proactive
approach to introducing the results of protection
research as they become available. Diagnostic Radiol-
ogy staff should also be alert to the number of examin-
ations that patients may have in a single disease episode,
together with their total numbers of examinations in any
given year, and be prepared to modify examination
protocols to limit repeat exposures. While departments
carry the legal responsibility for protection, there is
much thatindividual staff can achieve by being sensitive
to the perceived challenge in exposure from MDCT and
having the aspiration to go further in protecting the
patient than required by law. In this sense the issues
addressed in this book are as much a matter of individual
professional responsibility as the application of science.
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Abstract

The outline of a quantitative model is presented
which can be used to derive the pathway from
radiation-induced molecular damage, the DNA
double strand break, to cellular effects such as
cell killing, chromosomal aberrations and muta-
tions and on to radiation-induced cancer. Evidence
is provided to support the links in the chain which
relate the different cellular end-points to each other
and to cancer. The influence of differing dose rates
and types of radiation on dose effect relationships
are discussed. The extension to radiation induced
cancer is made using a two mutation multi-step
model for carcinogenesis and evidence is provided
to support the assumption that radiation induced
cancer arises from a somatic mutation. The dose
response for radiation induced cancer is presented
and various implications for radiation risks are
outlined. The model is also extended to a consid-
eration of deterministic effects by assuming that
these effects arise as a result of multi-cell killing at
high acute doses. The implications of the model for
medical diagnostic radiology are discussed.

Introduction

1.1 Preamble

Deleterious health effects induced by ionising radia-
tion are conventionally divided into two different
categories, deterministic effects and stochastic effects.

Exposures to high acute doses in excess of one or

two gray (Gy) or sievert (Sv) cause substantial levels of
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cell killing which is expressed as organ and tissue
damage and, soon after exposure, as deleterious clini-
cal effects. These effects are called deterministic and
the dose-effect relationships exhibit a long threshold
dose with no observable effect after which the effect
increases in severity as the radiation dose increases.

At lower doses, deleterious health effects, such as
cancer or hereditary disease which may take years to
be revealed, can occur as a consequence of molecular
damage to the nucleus of a single cell. These effects
are called stochastic effects and the probability for
their occurrence increases as the dose increases but
the severity of the effect is unrelated to the dose.

The radiation doses received by patients undergoing
diagnostic radiological examinations using computed
tomography (CT) are generally in the order of
1-24 mSv per examination for adults (UNSCEAR
2000) and 2-6.5 mSyv for children (Shrimpton et al.
2003). These effective doses can be classified as low
even though they are invariably larger than doses from
conventional diagnostic radiology. The immediate
question which comes to mind is whether these low
doses carry any risk for the patient.

Under normal circumstances with doses in the
range of 1-24 mSv per examination deterministic
health effects, such as radiation sickness or organ and
tissue damage, can be excluded. However, there are
some diagnostic procedures where skin damage can
occur (Buls and de Mey 2007) and the report of a
6 Gy exposure during a brain examination (Smith-
Bindman 2010) suggests that the occurrence of
deterministic effects cannot be completely excluded.
Consequently, although a thorough treatment of
deterministic radiation effects is beyond the scope
of this chapter, a brief section illustrating the analysis
of deterministic effects is presented to draw attention
to the potential dangers and implications of larger
exposure doses.

The potential for stochastic health effects to occur
as a consequence of computed tomography examin-
ations cannot be so easily dismissed because the
shape of the dose-effect relationship at low doses is
not known. The aim of this chapter is, therefore, to
present a model of radiation action at the cellular
level which provides a comprehensive understanding
of radiation biological effects, defines dose-effect
relationships down to zero dose, can be extended to
the induction of cancer and identifies the nature of
radiation risk at low doses.

1.2 Cancer Risk: Threshold or Linear

No-Threshold

The estimation of the risk for radiation-induced cancer
relies on the analyses of epidemiological data from
exposed populations, most notably the atomic bomb
survivors. In all the epidemiological data, the cancer
inducing effects of low doses are not significantly
different from the background levels of cancer in
unexposed populations so that the dose-effect rela-
tionship at low doses is not well defined. There are
essentially two different opinions about the shape of the
dose-effect relationship for stochastic effects at low
doses. There are those who believe that very low doses
of radiation carry no risk so that a threshold dose has to
be exceeded before an effect will be induced and there
are others who support the concept of radiation risk
increasing linearly with dose from zero dose up, i.e. the
linear no-threshold (LNT) concept.

The LNT concept of radiation risk has been the
subject of much debate (Academie des Sciences 1997;
Clarke 1998; Tubiana 1998; Kellerer 2000; Kellerer
and Nekolla 2000) and supporters of the “threshold”
concept (Bond et al. 1996; Becker 1997; Tubiana 2000)
include some who support the idea that low doses can
have a beneficial health effect, i.e. “radiation horme-
sis” (Calabrese 2002; Luckey 1997; Sagan 1992;
Kesavan and Sugahara 1992). Others who support the
LNT concept include some who claim that the linear
no-threshold concept underestimates the risk of low
dose radiation (Gofman and Tamplin 1971; Stewart
and Kneale 1990; Edwards 1997). However, it is
important to note that, following extensive reviews,
both the United Nations Scientific Committee on the
Effects of Atomic Radiation (UNSCEAR 2000) and
the National Council on Radiation Protection and
Measurements of the United States of America (NCRP
2001) have concluded that the LNT extrapolation
provides the interpretation of low dose radiation effects
which is most consistent with current scientific data
and developing knowledge. UNSCEAR qualifies this
by adding that a strictly linear dose response should
not be expected in all circumstances.

Even more important is the fact that the Recom-
mendations of the International Commission on
Radiological Protection (ICRP), outlined in its Pub-
lication 60 (ICRP 1991), implicitly adopt the LNT
concept and ICRP considers that the risks estimated
using the concept are probably conservative. The
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concept has formed the basis for the development of
an extremely useful radiological protection philoso-
phy including the valuable As Low As Readily
Achievable [ALARA] principle and Collective Dose
which is a parameter that, while useful, is also open to
abuse. In this context, it is worth noting that there are
indications that the ICRP might adopt a different
strategy in the future (Clarke 1999; ICRP 2003).

However, the ICRP has, in its current Recommen-
dations which date from 1991, adopted the LNT concept
and estimated low dose-rate radiation risk essentially
using an interpretation of the data on cancer induction in
the atomic bomb survivors. ICRP uses a dose and dose-
rate reduction factor (DDREF) of 2 to convert from high
dose-rate risk to low dose, low dose-rate risk to take
account of the sparing effect of low dose-rate which is
commonly found in radiation biology. The ICRP quan-
tified radiation risk in 1991 by adopting a value of 5% for
the nominal lifetime excess absolute risk (EAR) per
sievert (Sv) for fatal cancer for a general population
exposed to low doses. A value of 4% for the nominal
lifetime excess absolute risk per sievert for fatal cancer
was adopted for a population of working age.

More recently UNSCEAR (2000) has derived a
quantification of radiation risk in a somewhat different
way. Starting from an assessment of lifetime risk esti-
mates for solid cancer mortality in a population of all
ages after an acute dose of 1 Sv (9% for men, 13% for
women) UNSCEAR applies a 50% reduction to estimate
risk for chronic exposures but suggests that solid cancer
incidence risks are about twice those for mortality.
Children are thought to have twice the levels of risk
compared with adults. The lifetime risk for leukaemia is
taken as 1% for both men and women following an acute
dose of 1 Sv but the nonlinearity of the acute dose-
response is expected to lead to a 20-fold reduction in risk
if the acute dose is reduced from 1 to 0.1 Sv.

1.3 What the Data Tell

The debate about the LNT concept continues to rage
because the extrapolation of epidemiological and
experimental radiation biological data measured at
higher doses down to zero dose is open to several
interpretations and has important economic and pol-
icy implications for radiological protection and
medical radiology as well as energy production and
nuclear decommissioning. The discussion about the

different interpretations of the shape of the dose—
effect relationship at low doses continues to be
unresolved because the statistical and systematic
variations inherently associated with the zero dose
effect make it impossible to measure a significant
increase in the effect at very low doses.

This problem is unavoidable in experimental
radiation biology (Pohl-Ruhling et al. 1983, 1986;
Lloyd et al. 1988, 1992; Mill et al. 1998) as well
as in epidemiology (Brenner et al. 2003). In a
multi-laboratory exercise, the lowest dose at which a
significant effect of radiation on the induction of
dicentric chromosome aberrations in human lympho-
cytes could be measured was 20 mGy (Lloyd et al.
1992). The lowest dose at which a statistically signifi-
cant excess of cancer can be detected in the atomic
bomb survivors has been estimated to be 50 mSv
(Pierce et al. 1996) although others have claimed that
the value should be 200 mSv (Heidenreich et al.
1997a, b; Pierce and Preston 1997). The data on the
occurrence of leukaemia in children following prenatal
exposure to diagnostic X-rays indicates a risk from
accumulated doses of a few tens of millisieverts (Stewart
et al. 1956, 1958; Bithell and Stiller 1988; Doll and
Darby 1991; Wakeford et al. 1997). Other epidemio-
logical data on chronically exposed nuclear workers
(Muirhead et al. 1999; Cardis et al. 2005) while being
interpreted in terms of a linear dose-effect relationship
and showing general agreement with the ICRP risk
estimate within the statistical limits of the studies
(Wakeford 2005) illustrate the problem of detecting
statistically significant effects at low dose and the
difficulties of defining the shape of the dose-effect rela-
tionship at low doses. This can be seen in Fig. 1 where
the data reveal that there is no statistically significant
radiation effect in the range of dose from O to 100 mSv
which is of greatest relevance to computed tomography.

1.4 The Way Forward

The unavoidable conclusion is that it will never be
possible to determine the real shape of the dose—effect
relationship at the low doses relevant to radiological
protection and computed tomography using experi-
mental and epidemiological studies. It is clear that the
only way that progress will be made to define the real
shape of the dose-effect relationship is by under-
standing the mechanism of radiation action at the
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molecular level and developing a credible model
approach which provides a coherent interpretation of
the higher dose, statistically significant, experimental
and epidemiological data (Brenner et al. 2003;
Chadwick et al. 2003). The model must take account
of the biophysics of radiation action, induction and
repair of molecular damage, occurrence of effects at
the cellular level and the influence of cellular effects
on the development of cancer.

In the following sections we present the outline of
a model which can be used to derive the pathway
from radiation -induced molecular damage to radia-
tion-induced cancer and we provide evidence sup-
porting the various links in the chain required to
complete the pathway. The model is based on a
mechanism of radiation action at the molecular level
that results in different cellular end-points and pro-
vides a quantifiable description of the dose response
for a variety of radiation effects.

1.5 Model Development

The pathway from radiation energy deposition through
cellular effects to the induction of cancer is described
here in two parts. The first part describes a model

which provides an explanation of the cellular effects
of radiation in terms of a basic lesion and mathe-
matical expressions for the dose-effect relationships.
The second part incorporates the cellular effects
model into a biologically based cancer model in order
to derive the implications that the pathway has for
radiation risk at low doses.

The cellular effects model is presented in a series
of stages which closely follow its historical develop-
ment starting from the fitting of dose-effect relation-
ships for cell killing, through the choice of lesion
with all its implications, to the inter-relationship
of different cellular end-points. The features of the
cancer model are discussed in a qualitative way to
show how the incorporation of the cellular model can
be envisaged and to derive some important conclu-
sions for radiological protection.

We have been using and developing the cellular
model for 30 years and have benefitted from the
insight into radiation biological effects that the model
has given us. All models represent a simplification of
reality and the one presented here is but one of many
although we are not aware of another radiobiological
model which is as far-reaching and comprehensive.
We commend it for its straight-forward simplicity but
warn that, in some aspects, it contradicts some current
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radiobiological dogma. It provides a logical expla-
nation of experimental and epidemiological findings
and, although the model is supported by fits to cellular
and cancer data, it is not yet proven.

1.6 Dose-Effect Relationships

The development of the model started when we
noticed that different cell survival curves could all be
very closely fitted using a linear-quadratic dose-effect
relationship of the type:

§ = expl—p(sD + fDY)] (1)

where § is cell survival, D is radiation dose and pax
and pf are values derived from fitting the data
(Chadwick and Leenhouts 1973).

Sinclair (1966) had already found that the linear-
quadratic relationship gave the best fit by analysing
cell survival data using various possible mathematical
functions although he did not have a mechanistic
interpretation for the equation. Later Gillespie et al.
(1975a, b) showed, in a series of elegant experiments,
that the linear-quadratic function fitted cell survival as
well as could be statistically expected and Skarsgard
et al. (1993) showed, in equally elegant experiments,
that the survival of synchronised cells was accurately
described by the equation down to low doses.

The equation suggests that cell killing is a result of
“things” induced in a single radiation event (paD)
and “things” arising from a combination of two
radiation events (pfD?). Our analysis of several sets
of cell survival data revealed consistent results and
indicated that the equation could provide straight-
forward explanations for known radiation biological
phenomena, such as dose-rate and fractionation
effects and radiation quality effects, in terms of
changes in the values of the curve fitting coefficients
pa and ppf. For example, decreasing the dose-rate of
exposure leads to a sparing effect and increased cell
survival and this is expressed in the linear-quadratic
equation by a decrease in the quadratic coefficient
(pf), which goes to zero at very low dose rates, while
the linear coefficient (pa) does not change (Wells and
Bedford 1983; Metting et al. 1985). This effect is
often referred to as the repair of sub-lethal damage.
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Fig. 2 An example of the fitting of the linear-quadratic dose-
effect Eq. 3 to the survival of stationary CHO cells after acute
gamma ray exposure (x = 0.0992 Gy_l; f = 0.0291 Gy_z).
The figure also shows the expected low dose-rate curve when
f =0 and a typical survival curve after exposure to densely
ionising radiation with o = 0.9 Gy~ '; # = 0.029 Gy >

Another example is the effect of radiation quality
which is revealed in a change in the value of the (po)
coefficient. In general, (px) increases as the radiation
becomes more densely ionising. Alpha particles, for
example, which are more densely ionising than
gamma radiation, induce a virtually linear survival
curve because (px) dominates and is substantially
larger than the (p«) found following gamma radiation
(Barendsen 1964; Todd 1967) (see Fig. 2).

An additional indication of the consistency of the
curve fitting was revealed by the analysis of the sur-
vival of cells synchronised in different phases of the
cell cycle. This showed that the linear-quadratic
equation fitted all the different survival curves and, in
addition, it was found that the linear and quadratic
coefficients varied through the cell cycle in a typical
way independent of the type or strain of cell line
examined (Chadwick and Leenhouts 1975).

The linear-quadratic equation for cell killing is a
first suggestion of the shape of dose-effects at low
doses. It is important to note that the quadratic term
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only starts to influence the response at acutely deliv-
ered doses above about 2 Gy and that the linear term,
which is dependent on radiation quality but not on
dose-rate, is the term defining cell killing at very low
doses.

Although comparable effects of dose-rate and
radiation quality were known for other end-points,
such as the induction of chromosomal aberrations
and somatic mutations, and the dose-effect relation-
ship for these end-points had been found to be linear-
quadratic, it was only when we decided on the
nature of the radiation-induced “thing” responsible
for cell killing that we found real insight into radia-
tion effects and a whole panoply of explanations
offered themselves.

The Choice of Lesion-DNA
Double Strand Breaks

1.7

There are several reasons why a DNA double strand
break is a suitable choice for the crucial radiation-
induced lesion.

e The DNA helix is a large, important, structured
target molecule in the nucleus of the cell.

e Cells which are deficient in the repair of double
strand breaks are very sensitive to ionising
radiation.

e In the unineme concept of chromosome structure,
where the chromosome backbone is a single DNA
helix, a double strand break is the same as a
chromosome break.

e Permanent damage to DNA can cause mutations.

e The error free repair of single strand breaks can be
ascribed to sub-lethal damage repair to explain
dose-rate and fractionation effects.

e The repair of double strand breaks, which is unli-
kely to be completely error free, can be ascribed to
potentially lethal damage repair to explain changes
in survival that occur on post-irradiation storage of
non-cycling cells.

e The interaction of radiation with the two strands of
the DNA helix offers an explanation for the
increased effectiveness of densely ionising radiation.

1.7.1 Modes of Radiation Action

The DNA helix can, at least hypothetically, be dis-
rupted in two modes of radiation action as is illus-
trated in Fig. 3.

N=oD + D

Fig. 3 A schematic representation of the possible modes of
radiation action for the induction of DNA double strand breaks.
In the a-mode, a single particle track causes two spatially and
temporally correlated ionisation events close to the two strands
of the DNA helix. In the fi-mode, two separate particle tracks
each induce a single strand break in the two strands of the DNA
helix. N represents the number of DNA double strand breaks
induced by a dose (D) of radiation

The two strands of the helix can be broken in the
passage of a single ionising particle if two energy
depositions, closely associated in time and space,
occur along the particle track close to, or on, the
two strands. A double strand break also results if two
independent ionising particles induce single strand
breaks in each strand of the helix. This leads to the
equation for the number (N) of DNA double strand
breaks induced by a dose (D) of radiation as:

N = (aD + D?) (2)
so that if f;, is the proportion of unrestituted double
strand breaks and if py is the probability for an
unrestituted double strand break to cause cell killing,
then cell survival (S) is given by:

S = exp[—pN] = exp|—p(aD + /)’Dz)} (3)
where p = pofj,.

In fuller derivations of this equation (Chadwick
and Leenhouts 1973, 1981) the o and f coefficients
are made up of several parameters which take the
effects of radiation quality and repair into account.
A parameter (f}) is included in the f-coefficient to
take account of the repair of single strand breaks so
that f; = 1 for acute exposure but decreases to f; = 0
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for chronic exposure where f§ becomes zero. This
essentially reflects the probability that a single strand
break can be repaired during exposure before a sec-
ond single strand break converts it to a double strand
break and provides a mechanistic explanation for the
dose-rate effect and fractionation.

A consideration of the a-mode of double strand
break induction should, intuitively, lead to the
understanding that more densely ionising particle
tracks have a higher probability of causing two energy
deposition events close to the two strands of the helix
than sparsely ionising particle tracks and should,
therefore, be more effective per unit dose. This pro-
vides a mechanistic understanding for the effect of
radiation quality.

The association of the double strand break with cell
killing, chromosome arm breakage and mutations and
the knowledge that similar effects of dose-rate and
radiation quality had been found in aberration and
mutation studies (Lloyd et al. 1984; Iliakis 1984; Vivek
Kumar et al. 2006; Leenhouts and Chadwick 1990;
Lloyd et al. 1976; Goodhead et al. 1979; Albertini et al.
1997) led us to propose that each of the three cellular
end-points derive from the same type of molecular
damage, namely, DNA double strand breaks. In this
case, the yield of chromosomal aberrations (Y) can be
described by the equation:

Y = cN = c(aD + BD?) (4)

where c relates induced double strand breaks to
chromosomal aberrations and the mutation frequency
per surviving cell (M) can be described (to a first
approximation) by the equation:

M = gN = q(aD + pD?) (5)

where ¢ relates induced double strand breaks to
mutations. The full equation is given by:

M = {1 — exp[~q(«D + fD?)]} (6)
and this leads to the equation for mutation frequency
per irradiated cell (M), which is the case for human,

animal or organism exposure, as:

My = MxS ={1—exp[—q(aD + pD?)]}
x {exp[ —p(aD + D]}  (7)

This equation is initially linear-quadratic but at
increasing doses it flattens to a peak and decreases at
higher doses where cell killing starts to dominate.
It expresses the fact that a mutated cell must survive
to express the mutation.

1.7.2 Correlations

Comparison of Egs. 4 and 5 with Eq. 3 leads to the
equations which correlate cell killing with the yield of
chromosomal aberrations:

InS = —(plc)Y (8)
and cell killing with mutation frequency:

In$ = —(p/g)M 9)

Equations 8 and 9 predict that the logarithm of cell
survival should correlate as a linear function of
chromosomal aberration yield or mutation frequency
when the end-points are measured in the same
experiment irrespective of the non-linear shape of the
dose-effect relationships. Several examples of these
correlations have been measured (Dewey et al. 1970,
1971a, b, 1978; Bhambhani et al. 1973; Franken et al.
1999; Richold and Holt 1974; Thacker and Cox
1975; Thacker et al. 1977; Rao and Hopwood 1982;
Iliakis 1984). Examples of these correlations are
presented in Figs. 4 and 5.

In accordance with the model, our interpretation of
these correlations is not that aberrations or mutations
cause cell killing but that each end-point arises from
the same type of molecular lesion, the DNA double
strand break. In this respect Eq. 3 predicts that the
logarithm of cell survival should be linearly related to
the number (N) of DNA double strand breaks mea-
sured in the same experiment irrespective of the
nonlinear shape of the dose-effect relationships. The
development of sensitive neutral filter elution tech-
niques to measure DNA double strand breaks in the
1980 s enabled these correlations to be measured
(Radford 1985, 1986; Prise et al. 1987; Murray et al.
1989, 1990). An example of this correlation is pre-
sented in Fig. 6.

These correlations create a linkage chain between
DNA double strand breaks and all three cellular end-
points, survival, chromosome aberrations and mutations.

There is one further implied correlation arising
from Eq. 7 because, when the type of lesion leading
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to mutation is the same as the type of lesion leading to
cell killing, then the peak height of the equation
depends only on the values of p and ¢ and is inde-
pendent of the radiation dose kinetics. This feature is
revealed in Fig. 7 for the induction of pink mutations
in the stamen hairs of Tradescantia. This implied
correlation is important as it leads to the association
of a somatic mutation and radiation-induced cancer,
as will be shown later.

Mutations/10° cells

1.7.3 Implications for Low Dose Effects

The association of cell killing, chromosomal aberra-
tions and mutations with DNA double strand breaks
permits an understanding of the shape of the dose-
effect relationships for these end-points down to very
low doses. This is not achieved by extrapolating the
data to lower and lower doses but by considering the
modes of radiation action in the production of double
strand breaks. At low doses the a- mode (see Fig. 3) is
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Fig. 7 The induction of mutations in the stamen hairs of
Tradescantia after exposure in oxygen or nitrogen to gamma
rays revealing the same peak height in each case. The curves
are fitted by eye using Eq. 7. Data from Underbrink et al. 1975)

obviously dominant, even for acute exposure, and the
biophysics of radiation energy deposition suggests
that two energy depositions close to, or on, each of the
DNA strands in one radiation track is needed to cause
the double strand break (Brenner and Ward 1992;
Nikjoo et al. 1994, 1999; Friedland et al. 1998, 1999).
This has been confirmed by experiments which have
shown the role of pairs of hydroxyl radicals in the

high ionisation clustering, especially at the track ends,
to induce double strand breaks. Indeed, Goodhead
et al. (1979); (Thacker et al. 1986) have shown that
0.3 keV carbon ultrasoft X-rays creating electron
tracks of only 7 nm in length have a high efficiency
for inducing cell killing, aberrations and mutations.
These results put an upper limit on the size of the
“target” for the effects and also suggest that each of
the cellular end-points arises from the same type of
damage.

The important conclusion from this is that all types
of ionising radiation from the very sparsely ionising
high-energy gamma rays to the most densely ionising
energetic heavy particles are able to induce DNA
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double strand breaks in a single radiation track. And
this means that the dose-effect relationship for DNA
double strand breaks and for the three cellular end-
points must be linear at low doses from zero dose up.
So the risk for hereditary mutations deriving from
cellular effects in germ cells must also be linear at
low doses from zero dose up.

An important corollary from this is that the low
dose effectiveness of different sparsely ionising radi-
ations, in terms of the o-coefficient, will not be the
same. This arises because, although gamma rays and
X-rays lose energy by electron scattering it is the less
energetic electrons at the end of the tracks which have
the required, nanometer, clustering of energy depo-
sition events to be effective at inducing the double
strand break. Lower energy or softer X-rays deposit a
larger proportion of dose in the form of the track end
electrons than more energetic gamma rays and X-rays
and are therefore more biologically damaging or
effective. Thus, we may anticipate that the relative
biological effectiveness (RBE) or Radiation Weight-
ing Factor of soft X-rays such as are used in mam-
mography, will be larger than for energetic gamma
rays and hard X-rays. There are good experimental
data sets (Heyes et al. 2006, 2009; Heyes and Mill
2004; Frankenberg et al. 2002) which suggest that
mammography X-rays are possibly four times more
biologically damaging per unit dose than conven-
tional 250 kVp X-rays.

The idea that softer X-rays will be more biologi-
cally damaging, and thus have a larger radiation risk,
than hard X-rays at low doses might appear to be
counter intuitive but could have important repercus-
sions on the choice of the optimum X-ray spectra for
different imaging procedures in medical radiology.

It should, however, be remembered that for prac-
tical radiological protection purposes the ICRP con-
tinues to recommend a Radiation Weighting Factor of
1 for all sparsely ionising radiations.

1.7.4 The Formation of Chromosomal
Aberrations

One major problem which arose in the development of
the model was the clash that it created with the Classical
and Exchange Theories for the formation of chromo-
somal aberration(Sax 1940; Lea and Catcheside 1942;
Lea 1946; Revell 1963, 1974). Briefly, both of these
theories generate linear-quadratic equations for the
yield of aberrations. The Classical Theory assumes that

radiation induces chromosome arm breaks in propor-
tion with dose so that exchange aberrations, requiring
two breaks, have a linear-quadratic yield with dose
while deletions are linear with dose. The Exchange
Theory assumes that primary events, not breaks, in
chromosome arms are induced in proportion with dose
and that two primary events interact to produce both
exchange aberrations and deletions.

The major difference between the Classical and
Exchange Theories and the model presented here is
that we propose that the chromosome arm break,
which is a DNA double strand break, is induced by
radiation with linear-quadratic dose kinetics. Thus,
while our model predicts linear-quadratic dose-effect
relationships for all types of chromosomal aberra-
tions, except complex aberrations, we are left to
explain the origin of the second break which is
so clearly evident in exchange aberrations, such as

dicentrics or reciprocal exchanges.

The explanation that we have proposed derives
from the work of Resnick (1976) who devised a
model for the repair of DNA double strand breaks via
a recombinational exchange process. In this process,
the broken DNA helix pairs with a homologous
undamaged DNA helix, DNA strands are exchanged
which allows copying of the homologous DNA at the
site of the break, a Holliday junction is formed
which can be resolved to give either perfect repair or
misrepair involving the reciprocal exchange of DNA
strands (see Fig. 8). In terms of the unineme concept
of chromosome structure, the reciprocal exchange of
DNA strands represents the reciprocal exchange
of chromosome arms (see Fig. 8). In other words,
the second break, so clearly visible in exchange
chromosome aberrations, is not radiation-induced but
arises as a consequence of the repair of the radiation-
induced double strand break.

We expanded on the proposals of Resnick by
suggesting that complete homology between the
broken and unbroken helixes might not be needed and
that the recombination repair process would also
occur in regions of short-range homology on either
side of the double strand break. In this case, the short-
range homologous association at the break can be
developed between the broken DNA and the undam-
aged DNA from any other chromosome, not just the
homologous chromosome. The large proportion of
repetitive and closely homologous DNA sequences in
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Fig. 8 A schematic representation of how homologous recom-
binational repair of a DNA double strand break can lead to the
formation of a chromosomal aberration. The upper part of the
drawing presents the repair of the DNA while the lower part
presents the same repair at the level of the chromosome. The
broken ends of the helix (a) are trimmed by endonuclease and
an undamaged stretch of homologous DNA aligns with the
break (b). Strand exchange (c) leads to the formation of a
Holliday junction (d) which can be resolved to give either
perfect repair (not shown) or the complete exchange of the
DNA helices (e) and (f). The misrepair of the DNA double
strand break leads to the exchange of chromosome arms and the
formation of exchange aberrations. A reciprocal translocation is
illustrated

eukaryotic chromosomes provides a multitude of
regions on all the chromosomes for the short-range,
homologous association to occur. This, in turn, means
that the recombinational repair of a radiation-induced
DNA double strand break can lead to the exchange of
chromosome arms between different chromosomes as
well as regions on the same chromosome with the
result that all the different chromosomal aberration
configurations can be derived in this way (Chadwick
and Leenhouts 1978, 1981).

Our proposals for the formation of chromosome
aberrations from one radiation- induced chromosome

arm break were in contradiction with the accepted
conventional cytological wisdom and there were no
experimental data which could be interpreted to
resolve this contradiction. There are now some
experiments which appear to suggest that we may be
right.

The experiments of Goodhead and his colleagues
using the ultrasoft X-rays with radiation tracks of only
a few nanometers were expected to induce chromo-
some aberration with an almost completely quadratic
dose-effect relationship according to traditional cyto-
logical theory. Such short tracks were not expected to
break more than one chromosome arm so that there
would be no alpha-mode of radiation action. In fact,
several workers (Virsik et al. 1980; Goodhead et al.
1980; Thacker et al. 1986; Simpson and Savage 1996;
Griffin et al. 1996, 1998) found that the ultrasoft X-rays
with tracks as short as 7 nm induced chromosomal
aberrations efficiently with a yield that was closely
linear with dose i.e. a strong alpha-mode of radiation
action.

Another piece of evidence in favour of the model
comes from the experiments of Aten and his col-
leagues (Ludwikéw et al. 2002) who were able to
induce double strand breaks in one chromosome and
show that exchange chromosome aberrations were
formed between the damaged chromosome and other
undamaged chromosomes in the cells. The double
strand breaks could be induced in only one chromo-
some because it was unusually late replicating so that,
by adding iodine-125 labelled iodo-deoxyuridine
(IUdR) to the medium after the other chromosomes
had replicated, only the late replicating chromosome
carried the iodine-125 which emits very short-range
Auger-electrons. This experiment provides an extre-
mely clear indication of the formation of exchange
aberrations by the interaction of the damaged chro-
mosome with the other undamaged chromosomes.

Further support for the interaction of damaged and
undamaged chromosomes to create exchange aberra-
tions comes from experiments studying aberrations
formed after the fusion of irradiated and un-irradiated
cells. The first experiment of this type appeared not to
show interaction between the irradiated and unirra-
diated chromosomes (Cornforth 1990) but more
recent work contradicts this (Darroudi et al. 2001).

In addition, the molecular biology, biochemistry
and genetics of DNA double strand break repair has
advanced considerably in recent years and a gene
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(RAD54) controlling homologous recombinational
repair (HR) in mammalian cells has been identified
and cells deficient in this repair process are sensitive
to ionising radiation (Essers et al. 1997).

We remain confident that the problem of the
mechanisms involved in the formation of chromo-
somal aberrations will be resolved in the near future.

1.7.5 The p-mode of Radiation Action
Another problem which has dogged the development
of the model is the f-mode of radiation action where
the model proposes that two independently induced
DNA single strand breaks can combine to produce a
double strand break. It is a particularly attractive
process because it is known that the repair of single
strand breaks is correct, thus error free, and because
the repair process explains very straight forwardly the
dose-rate and fractionation effects which also appear
to be error free.

The problem arises because calculations based
purely on the physics of energy deposition predict that
two, independently induced, single strand breaks will
only occur close enough together to produce a double
strand break at much larger doses than those at which
the quadratic component of dose-effect relationships
becomes apparent. We assume that what happens in
the cell is not just physics but that chemistry and
biology must also be involved and we believe that
there are certain extenuating circumstances which
need to be taken into account but we acknowledge
that our arguments are more conjectural than
established.

The first point to be made is that the f[-coeffi-
cient measured for cell survival in synchronous cells
is maximum at the start of the S-phase when the
DNA starts to replicate and is at a minimum, often
close to zero, in the G,-phase and in mitosis. In
other words, when the DNA and chromosomes are
tightly bound in mitosis the cell may be behaving
more or less in accordance with the physics.
However, there are indications that the DNA
‘relaxes’ and unwinds as it enters replication and
it might even form regions or ‘microbubbles’ of
single stranded DNA (Gaudette and Benbow 1986;
Benbow et al. 1985; Chadwick and Leenhouts
1994). These extended regions of single stranded
DNA would increase the distance along DNA over
which two single strand breaks could combine to
form a double strand break.

In addition, it has been shown that the sensitivity
of DNA to hydroxyl attack increases by some
100-fold as the proteins surrounding cellular DNA are
stripped away (Ljungman 1991; Ljungman et al.
1991; Nygren et al. 1995). If a first single strand break
led to an uncoiling of the DNA helix, as a result of the
relaxation of the strain normally experienced by the
helix, and the DNA spiralled away from the histones,
which coil it into the chromosomes, this region of
single stranded DNA might be more susceptible to the
induction of a second single strand break by hydroxyl
radical attack.

We have also made calculations which show that,
in the o-mode the two breaks are induced by radicals
induced within about 0.5 nm of the helix. In the
f-mode, if the first single strand break is caused by
hydroxyl radical attack from within about 0.5 nm of
the helix, then the second independently induced
break would need to be caused by radical attack from
within about 5 nm of the second strand to comply
with the values found for the f-coefficient in radiation
biology (Leenhouts and Chadwick 1976; Chadwick
and Leenhouts 1981). The radical scavenging exper-
iments of Chapman et al. (1975) support our con-
clusion that the radiation chemistry of the «-mode and
f-mode should be different.

One other completely different piece of evidence
which, we think, supports our ideas on the combination
of two single strand breaks to form a double strand
break comes from the fact that we were able to extend
our model to describe the cell- killing effects of UV
light as well as cytotoxic chemicals (Chadwick and
Leenhouts 1983; Leenhouts and Chadwick 1984). A
photon of UV light cannot interact with both strands of
the DNA helix but can induce a pyrimidine dimer on
one strand. Mono-functional cytotoxic chemicals only
interact with a single strand of the DNA. In both cases,
the extension of our model predicted a purely quadratic
cell survival curve, i.e. no a-mode action, in good
agreement with experimental data. We were also able
to derive a mathematical expression to describe the
synergistic interaction of cytotoxic chemicals or UV
light with ionising radiation based on the combination
of a radiation-induced single strand break with single
strand damage induced by the chemical or UV
(Leenhouts and Chadwick 1978).

Thus, although there is no definite proof for our
interpretation of the i-mode of radiation action, there
is enough conjectural evidence in support of this
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interpretation for us to continue with our approach
and maintain the implications we derive from it.

Conclusions from the Cellular
Model

1.8

At this stage we conclude that:

e the linear-quadratic equation provides an accurate
description of the dose-effect relationships of cell-
ular end-points,

e the DNA double strand break is the crucial radia-
tion-induced lesion causing each of the end-points,

e the x-mode of radiation action is responsible for
low dose effects, even after an acute exposure,

e all ionising radiation is capable of inducing a DNA
double strand break in the «-mode,

e not all DNA double strand breaks will be repaired
perfectly,

e the induction of DNA double strand breaks and,
consequently, of chromosomal aberrations, muta-
tions and cell killing, will be initially linear with
radiation dose from zero dose up.

In other words, cellular end-points, including
hereditary mutations, will be induced at low doses in
direct proportion with radiation dose, in accordance
with the LNT concept.

2 Radiation-Induced Cancer

Insight can be gained into the induction of cancer by
radiation and the shape of the dose-effect relationship
at low doses by incorporating the cellular model into a
multi-step model of carcinogenesis. A ‘two-mutation
step with clonal expansion of intermediate cells’
model for cancer was derived by Moolgavkar and
Knudson (1981). The cancer model has a firm bio-
logical basis because it was developed from conclu-
sions drawn by Knudson from a study of the
occurrence of retinoblastoma in children (Knudson
1971, 1985, 1991). The conclusions have been sub-
sequently confirmed by molecular biological analysis.
Evidence that supports the association of a radia-
tion-induced somatic mutation and radiation-induced
cancer is found in the many studies of the dose-effect
relationships for cancer in animals which reveal the
same peak height under different radiation conditions
(Chadwick and Leenhouts 2011). The dose-effect
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Fig. 9 The induction of leukaemia in mice after gamma and
fast neutron irradiation showing the same peak height. Data
from Upton et al. (1964)

relationships increase with dose, flattening to a peak
and decreasing at higher doses and can be closely
described by an equation with the same form as Eq. 7.
The same peak height in cancer incidence implies that
the same type of lesion is involved in both the
induction of cancer and the cell killing which causes
the decrease in cancer at higher doses and cell killing
has been correlated with mutations, aberrations and
DNA double strand breaks. An example of the same
peak height occurring in radiation-induced cancer is
presented in Fig. 9.

2.1 A Multi-Step Cancer Model
Figure 10 presents, schematically, a two-mutation
model for carcinogenesis.

A population of normal stem cells in an organ is at
risk of a mutation (y,), ‘initiation’, to an intermediate
state. A cell in the intermediate state can divide and
undergo clonal expansion (¢), ‘promotion’, to form,
as time passes, an increasing population of cells at
risk of a second mutation (u,), ‘conversion’, that
creates a malignant cell. The malignant cell divides,
‘progression’, and produces a detectable tumour after
a certain lag time (%y).

There have been some criticisms levelled at the
model because mutational and cytological analyses of
tumour cells appear to show more than two-
mutational changes but there may be several expla-
nations for this. Firstly, many of these changes might



48

K. H. Chadwick and H. P. Leenhouts

Fig. 10 A schematic
representation of the two-
mutation cancer model Wi
showing the development
from normal stem cells via an
intermediate state to the
malignant cell which can
grow out to form a detectable €
tumour. The intermediate cell
population expands
exponentially in time. Note
the important role that time

plays in the model

Stem cells Intermediate cells Malignant Cell Tumour
_ —>
initiation conversion lag time
promotion
Life time

occur during the progression of the malignant cells to
tumour formation. Then, the recent findings that only
certain cells in a tumour are able to divide continu-
ously and act as “cancer stem cells” (Beachy et al.
2004) seem to suggest that not all cells in a tumour
will be informative for the malignant process. Alter-
natively, the two mutations may be rate limiting for
the process, i.e. other steps occur quickly and do not
affect the mathematics of the model.

We have used a slightly modified version of the
Moolgavkar model which allows us to calculate,
simultaneously, the age-dependent increase in cancer
incidence and the dose-effect relationships and we
have been able to apply the modified version of the
model to the analysis of animal radiation biological
data and epidemiological data from exposed human
populations (Leenhouts and Chadwick 1994a, b;
Leenhouts 1999; Leenhouts and Brugmans 2000,
2001; Leenhouts et al. 2000).

It is not necessary to go into the complicated
mathematics associated with the model but it is useful
to form a basic understanding of how the model func-
tions especially because the model has some important
implications for the shape of the dose-effect relation-
ship at low doses and for levels of radiation risk.

2.1.1 Spontaneous Cancers

Consider first the case of spontaneous cancer which,
according to the model, must arise as a consequence of
spontaneous mutations (1, L,2). The probability that
one of the normal organ stem cells mutates to an inter-
mediate cell increases proportionally with time as long
as the spontaneous mutation rate (uy,1) remains approx-
imately constant. The intermediate cell divides and by
population doubling at each division, produces an
exponentially increasing population of intermediate

cells which are all targets for a second spontaneous
mutation (14,,) to create a malignant cell. Time, a sig-
nificant part of lifetime, plays a major role in the model
and it is important to realise that while the mutation
probabilities are proportional with time the cellular
expansion of the intermediate cells is exponential in
time. The model has been shown to describe the rapidly
increasing incidence of several spontaneous cancers at
later age (Moolgavkar and Venzon 1979) (see Fig. 11a).

2.1.2 Cancers Induced by an Acute
Exposure

If we now consider an acute exposure to radiation, the
mutations it causes can only be taken into account in the
model together with the spontaneous mutations. In this
case, there are two possibilities, either the radiation
affects the first mutational step, e.g., if the person
exposed is young and has none or very few intermediate
cells, (u; — {u, +f(D)},) and an intermediate cell
derived from a radiation-induced mutation will need a
spontaneous mutation (44,,) to convert it to malignancy
(Fig. 11b), or, if the person exposed is older and already
has many intermediate cells, radiation is more likely to
affect the second mutation (u, — {p, +f(D)},) and
convert an intermediate cell deriving from a sponta-
neous mutation (i) to a malignant state (Fig. 11b).
AD) is a function of dose (D), normally linear-
quadratic, which represents the contribution of the
acute exposure to the mutations in the initiation step or
the conversion step, although f(D), is not necessarily
the same as f{iD),.

In each case, the radiation-induced mutation in one
step relies on a spontaneous mutation in the other step
to complete the path from a normal to a malignant
state and radiation may be seen to be a co-factor in the
induction of cancer.
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Fig. 11 a The fitting of the model to the occurrence of lung
cancers in non-smoking males and females as a function of age
(Data from Hammond 1966). The fitting of the model to
spontaneous cancers is used to define values for the basic
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Fig. 12 A model simulation showing the effect of spontaneous
cancer incidence on the radiation risk, the slope of the line,
even when the cellular radiation sensitivities are held constant

2.1.3 Implications and Consequences
Several important implications derive from the fact
that the radiation-induced mutations cannot be treated
separately from the spontaneous mutations, namely:
— The spontaneous mutation rates in the stem and
intermediate cells define the spontaneous incidence
of a specific cancer and, in general, the higher the

Age (years)

parameters, €.g. i1, M2 & to- b A model simulation showing
the effect of 1 Gy at 20 and 50 on the increasing incidence of
cancer as a function of age after exposure

spontaneous mutation rates the higher the sponta-
neous incidence of the cancer,

The effect of radiation is irrevocably inter-woven
with the spontaneous mutations and consequently,
with the spontaneous cancer incidence,

The effect of radiation on cancer incidence, i.e. the
radiation risk, depends on the level of the sponta-
neous mutation rates and will be different for dif-
ferent cancers,

In general, the effect of radiation, or radiation risk,
will be greater for cancers with higher specific
incidence levels (see Fig. 12),

The shape of the dose-effect relationship for canceris
defined by the dose-effect relationship for cellular
mutation frequency, or aberration yield, so that at
low to moderate doses f{D) can be approximated to
f(D) = k(«D + BD?) which is linear with dose at
very low doses.

All of this means:

Each specific cancer will have its own level of radi-
ation risk dependent upon its spontaneous incidence,
The radiation risk for a specific cancer in popula-
tions with different spontaneous incidences of that
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Fig. 13 a A model simulation of the relative cancer risk after
exposure at 20 and 50 years of age as a function of time after
exposure. b A model simulation of the cumulative cancer

cancer (cf. Japanese atomic bomb survivors with a
European population) will not be the same although
the model offers a way of extrapolating risk across
populations,

— The shape of the dose-effect curve for radiation-
induced cancer in animals or man will resemble the
shape of the dose-effect curve for cellular mutation
and show, at least qualitatively, the same dose-rate
and radiation quality effects.

— At very low doses, the shape of the dose-effect
curve is linear,

— The slope of the linear dose-effect curve, which
defines radiation risk for a specific cancer, is
dependent on the cellular sensitivity (ko) and the
spontaneous mutation rates Ly,

2.1.4 Age-Dependent Risk

Using the modified cancer model to calculate the
age-dependent increase in cancer incidence for spon-
taneous cancers and cancers after exposure at different
ages (see Fig. 11) has allowed a simulation of the
dependence of risk in adults on age-at-exposure,
although the model has not been used to consider the
case of babies and infants. Briefly, the pattern of the
relative risk, the induced cancer incidence divided by
the spontaneous cancer incidence, is similar for an adult

b 0016
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0.012 -
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0.008 -

0.006 -

Cumulative incidence

0.004 -

0.002 -

0.000 T ; ; ; ; ;
0O 10 20 30 40 50 60 70

Age at exposure (years)

incidence as a function of age-at-exposure showing an
increasing risk following exposure at younger ages

acutely exposed at age 20 to that for an adult exposed at
age 50 (Fig. 13a). The relative risk increases rapidly
after the lag period, peaks and drops gradually over
time. At the same exposure level, and using the same
cellular radiation sensitivity, the increase is larger fol-
lowing exposure at the younger age but it should be
born in mind that the rapid increase in relative risk
results because a small induced effect is divided by a
very small spontaneous incidence that is much smaller
at age 20 than at age 50. Figure 13b presents the
cumulative risk as a function of age-at-exposure and
reveals that the risk is higher in those exposed at
younger ages. This, to some extent, reflects the
‘amplification’ resulting from a longer period for the
exponential clonal expansion of intermediate cells.
We think it prudent to assume that the risk in babies
and children would be greater than that in young
adults although the model has not been used to sim-
ulate these risks.

2.2 Some Additional Considerations
Some additional points need to be made even though
they are of lesser relevance to the dose levels and
practices associated with computed tomography.
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incidence at 75 years in radium dial painters illustrating the
strongly curved risk resulting from a combination of the very
low spontaneous incidence of bone cancer and the radiation-
induced mutations in both steps of the cancer pathway. The
incidence has been interpreted as indicating a threshold but the
model provides an alternative explanation

2.2.1 Protracted Exposure

The complementation of a radiation-induced mutation
in one step by a spontaneous mutation in the other
step, which is rather intuitive for an acute exposure,
also applies for the case of an exposure protracted
over a major part of lifetime as long as the sponta-
neous mutation rate is comparable with the radiation-
induced mutation rate. One interesting exception to
this rule occurs when the spontaneous mutation rates
are very low and, consequently, the spontaneous
cancer incidence is very low. In this case, a long-term
radiation exposure may induce mutations in both
steps of the pathway and the radiation risk curve
becomes much more quadratic with accumulated
dose. An example of this is to be found in the bone
cancers occurring in the Radium Dial painters who
ingested high levels of the bone seeking alpha-particle
emitters radium-226 and radium-228 (Rowland
1994). Primary bone cancer has a very low sponta-
neous incidence and the bone cancer incidence in the
dial painters appears to show a threshold dose type of
response (Fig. 14). However, the model offers an
explanation based on the induction of both mutations
by the alpha-particle radiation and suggests that the
incidence is more likely to be closely quadratic. Even
so, there will be a very small low dose linear com-
ponent because the spontaneous bone cancer inci-
dence and thus, the spontaneous mutation rate, is low

-0.01 -
Dose (Sv)

Fig. 15 An illustration of how a linear-quadratic model
(Eq. 10) might be fitted to the data (shown in Fig. 1 but
including higher dose data) for the acute exposure of the atomic
bomb survivors compared with a linear interpretation. The
lower straight line shows the risk that would be predicted by the
model for chronic exposure

but not completely zero (Leenhouts and Brugmans
2000).

2.2.2 The Role of Cell Killing

At high acute doses the effect of cell killing has to be
taken into account because a mutated cell which fails
to survive cannot express the mutation. Cellular
studies score mutations per surviving cell but, in an
organ, the mutations expressed are per irradiated cell.
This means that the approximate function f{D), which
is accurate enough for low doses, must be modified by
a term for survival and:

F(D) = (1~ exp(—k(zD + BD))] exp(—p(aD

+fD?)) (10)

This equation, which is analogous to Eq. 7,
is linear-quadratic at lower doses, flattens to a peak
and decreases at high doses where cell killing domi-
nates. This is illustrated in Fig. 15 which also shows
how the data for leukaemia in the atomic bomb sur-
vivors presented in Fig. la, but including data at
higher doses showing a decreasing risk, might be
described by the equation.

The multi-step cancer model incorporating a
function equivalent to Eq. 10 offers an alternative
analysis of the epidemiological data from the Atom



52

K. H. Chadwick and H. P. Leenhouts

0.08

Linear Fit

0.07

0.06

0.05 4

0.04

0.03

Excess Absolute Risk

-0.01 - Dose (Sv)

Fig. 16 Two acute curves drawn using Eq. 10 with the same
parameters as shown in Fig. 15 (Model I) but with the o
coefficient larger by a factor 4 (Model 2). The chronic curves
have f =0

Bomb survivors to the linear analysis used by ICRP to
derive low dose radiation risk. However, further
consideration of Fig. 15 reveals that the curve is
almost totally dominated by the quadratic component
of radiation action and the linear component in the
fitting shown is very small as is indicated by the slope
of the chronic model curve. This dominant role of the
quadratic term is further illustrated by Fig. 16 which
shows the same data with two curves drawn through
the data which have the same value for the quadratic
term but the dotted curve (Model 2) has a linear term
which is four times bigger than the solid line curve
(Model 1). The difference between the two curves is
clearly very small because the linear component plays
such an insignificant role and the implication for the
determination of low dose risk is that the data from
the Atomic bomb survivors is unlikely to give a good
determination of the linear component of radiation
action irrespective of how it is analysed (Leenhouts
and Chadwick 2011). The epidemiological study of
chronically exposed populations is needed to reveal
low dose radiation risk (cf. Model 1 chronic and
Model 2 chronic).

2.2.3 Different Mutations to the Same
Cancer

The schematic diagram of the multi-step cancer

model suggests that there is one mutation (u,;) which

changes an organ stem cell into an intermediate cell

and one mutation (14,,) which changes an intermediate
cell into a malignant cell which divides to produce a
tumour. This is a simplified way of looking at the
cancer process and we are convinced that there are
several different mutations which can change an
organ stem cell into an intermediate cell and several
other different mutations which can change an inter-
mediate cell into a malignant cell, even though the
tumours eventually formed are classified pathologi-
cally in the same type. However, with different
mutagenic pathways leading to the same pathological
tumour it is reasonable to expect that the tumours
would express different molecular signatures and
possibly express different levels of virulence. In spite
of these considerations, the model calculations and
simulations remain useful as the mutation rates used
(u1, po) will represent average values for the spectrum
of mutations involved in each step of the pathway to a
specifically classified tumour.

The situation is different when different types of
tumours are considered because the stem cells of one
organ, for example, the kidney, need not necessarily
have the same radiation sensitivity to cellular muta-
tion as the stem cells of, for example, the brain, and
the rate of cell expansion (¢) of the intermediate cells
and the lag time (ty) might differ from one organ to
the next. This means that, especially in the case of
acute exposure when the dose-effect curve is likely to
be nonlinear, each type of tumour needs to be
analysed individually so that the grouping of all solid
tumours arising in the atomic bomb survivors (Pierce
et al. 1996) is unlikely to provide much useful
information about the dose-effect relationship or
radiation risk for radiation-induced cancer. This
situation is probably less critical for populations
exposed to low acute or to protracted irradiation when
the dose-effect curve will be linear.

Conclusions from the Cancer
Model

2.3

By combining the cellular model of radiation action

with the two-mutation model of cancer we can predict

the following:

e radiation-induced cancer arises from a radiation-
induced somatic mutation,

e the radiation-induced mutation will almost always
be complemented by a spontaneous mutation on the
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path from a normal to a malignant state, which
implies that radiation is a co-factor in the induction
of cancer,

e the dose-effect relationship for acute sparsely ion-
ising radiation will increase as a linear-quadratic
fuction from zero dose, pass through a maximum
and decrease at higher doses,

e the dose-effect relationship at low doses will be
linear from zero dose up,

e the risk will vary from one cancer to the other and be
related to the spontaneous incidence of the cancer,

e those exposed at a young age will be at a greater
risk.

In other words, the radiation-induced cancer will
be induced at low doses in direct proportion to the
exposure dose from zero dose up.

3 Deterministic Effects

An acute exposure to substantial doses of radiation
leads to observable deleterious biological effects within
a relatively short period of time, such as, a few days to
some weeks. These deleterious effects, which are called
deterministic effects, arise as aresult of gross damage to
the exposed organ caused by significant cell killing and
unlike stochastic radiation effects, such as cancer
induction, the severity of deterministic effects increases
as the dose increases. If the amount of damage, which is
dependent on the magnitude of the dose, does not cause
the complete malfunction of the organ, cell renewal
over time may lead to recovery and a continued func-
tioning of the organ. Consequently, these effects are not
easily studied but in the case of a total body exposure of,
for example, a small animal, when death may be the
resultant effect, studies have shown that the dose-effect
relationship for these deterministic effects exhibits a
long threshold, where no effect is apparent, followed by
a steep decrease where the severity of the observed
effect i.e. the number of animals dying, increases with
the increasing dose of radiation. Figure 17 presents a
typical example of the dose-effect relationship for a
deterministic effect, in this case mouse lethality fol-
lowing a total body exposure to acute gamma rays
(Traynor and Still 1968).

In extending our cellular effects model to deter-
ministic effects (Leenhouts and Chadwick 1989) we
assume that the majority, if not all, of these effects
arise as a consequence of multi-cell killing when a
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Fig. 17 A typical dose-effect relationship for a deterministic
effect, in this case mouse survival at 30 days after a total body
exposure to acute gamma rays. Data from Traynor and Still
(1968). The curve is drawn according to Eq. 11

substantial proportion of cells in an organ die so that
the surviving stem cells for that organ are unable to
repopulate the organ in time to prevent its malfunc-
tion. Using this assumption, an equation can be
derived for organ survival (L):
L=1—{1—exp[-p(aD + pD*)]}" (11)
where n is related to the proportion of the stem cell
population needed for organ repopulation such that
when an average proportion of less than 1/n of the
original stem cell population survives, organ function
is impaired. For example, if n = 200, the organ fails
when less than 0.5% of the stem cells survive.
Figure 18a illustrates organ survival according to
Eq. 11 in adirect comparison with Fig. 17 and Fig. 18b
presents the same curve together with the equivalent
single cell survival curve (Eq. 3) (note the logarithmic
scale for both cell and organ survival in Fig. 18b.
The important message that we wish to convey
with these figures is that, even when there is appar-
ently no observable deterministic effect in the
threshold dose region, there is a considerable amount
of cell killing and, consequently, some tissue or organ
damage. It is therefore crucial that the radiologist is
aware of this cell killing so that any potential deter-
ministic effects are avoided or at least minimised
wherever possible in all diagnostic examinations.
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Fig. 18 a The normal representation of a deterministic dose-
effect relationship drawn according to Eq. 11 with n = 200 and
b the same curve drawn to show the relationship between the

On the basis of the changes in the alpha and beta
coefficients determined in cellular experiments it is
possible, using Eq. 11, to make the following pre-
dictions about deterministic effects with respect to
protraction of exposure and of radiation quality:

e an acute exposure of sparsely ionising radiation
will exhibit a shorter (lower) threshold dose than a
chronic (over hours or days) exposure,

e densely ionising radiation will exhibit a shorter
threshold dose than sparsely ionising radiation.
These predictions are supported by the analysis of

experimental data (Leenhouts and Chadwick 1989).
In computer tomography, where exposures are in

general acute, the exposure will be localised to the
organ being investigated and the nature of any deter-
ministic effect will depend on the exposed organ.
Exposure of the bone marrow could eventually lead to
signs of anaemia, exposure of the stomach could lead to
intestinal disturbance and exposure of the brain could
lead to memory problems. For some diagnostic exam-
inations the effects are especially related to exposure of
the skin which may be locally exposed to a relatively
high dose. In these cases the effects may range from skin
erythema to dermal atrophy (Buls and de Mey 2007). It
should be realised that even below the threshold dose
considerable cell killing and organ or tissue damage
may occur dependent on the exposure dose.

deterministic effect, organ survival, (Eq. 11) and single cell
survival (Eq. 3) using a logarithmic scale for survival

4 Discussion and Conclusions

We have established a link from a radiation-induced
molecular lesion in the nucleus of the cell to the
development of cancer. The molecular lesion, the
DNA double strand break, is known to be a critical
lesion which cannot always be perfectly repaired and
which is strongly associated with sensitivity to ion-
ising radiation. The cellular model provides a link
from the molecular lesion to chromosomal aberra-
tions, mutations and cell killing and evidence has
been presented supporting these links and associa-
tions. The biophysics of energy deposition clearly
reveals that all forms of ionising radiation are able to
induce DNA double strand breaks directly in pro-
portion with radiation dose and that this mode of
radiation action will dominate at low doses down to
zero dose. This means the dose—effect relationship for
cellular effects must be linear at low doses down to
zero dose. Biophysics also reveals that the induction
of double strand breaks by a single particle traversal
of the DNA helix will depend on radiation quality so
that different energy X-rays will have different effi-
ciencies for the production of the breaks and the rel-
ative effectiveness for sparsely ionising radiation will
not always be the same.
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The multi-step cancer model allows the radiation
biology of cellular effects to be applied to the
induction of cancer and suggests that, in general,
radiation will only affect one of the mutational steps
on the pathway to cancer. Spontaneous mutations,
responsible for spontaneous cancers, will be needed
to complement the radiation-induced mutation and
produce a malignant cell. This means that the dose-
effect relationship for the induction of cancer is
linear at low doses from zero dose up and that the
slope of that straight line, the radiation risk,
depends on the spontaneous incidence of the cancer
and will be larger for cancers with a high sponta-
neous incidence. This argument is valid even if
more than two-mutational steps are involved in
cancer development.

In conclusion, if we accept that the DNA double
strand break is the critical radiation-induced lesion
which can, ultimately, lead to cancer, we must accept
that the dose-effect relationship for radiation-induced
cancer, the main radiation risk, is linear with dose
from zero dose up because:

e The lowest dose imaginable is a single electron
track through one of a population of cells,

e The track has a small positive probability of caus-
ing a DNA double strand break in the nucleus of
that cell,

e The double strand break has a small positive
probability of causing a mutation,

e The mutation has a small positive probability of
being involved in a pathway to cancer.

The potential risk of radiation exposures incurred
in computed tomography and indeed in all diagnostic
radiology is a small increase in the probability of
developing cancer which will be in direct proportion
with the size of the total accumulated exposure dose.

The arguments presented here are based on a
mechanism of radiation action at the level of the DNA
in the nucleus of the cell. The conclusions are in
accordance with a Linear No-Threshold concept of
radiation risk at low acute or protracted exposures
although we stress that our approach to the LNT
concept is different from that applied by ICRP. The
modelling does not provide any value of the slope of
the dose—effect relationship which quantifies the
radiation risk but does imply that it will vary from
cancer type to cancer type. Further analysis of epi-
demiological data using the model is required to
obtain quantified estimates of risk.

A LNT concept of radiation risk implies that each
increment of dose carries a concomitant increase in
radiation risk so the ALARA principle remains valid
and the development of improvements in computed
tomography which lead to a reduction of the dose to
the patient continues to be worthwhile.

Deterministic effects of radiation (organ damage,
skin burn), which exhibit a long dose threshold fol-
lowed by a steep decline where the severity of the effect
increases as the dose increases, can also be traced back
to DNA damage on the assumption that the effects arise
as a result of multicell killing. It is important to realise
that, even in the region of the threshold dose where no
apparent organ damage is observable, substantial cell
killing is occurring together with a more than propor-
tional (linear-quadratic) increase in the risk of devel-
oping cancer. In diagnostic radiology every effort
should be made to avoid exposures which might cause
the onset of deterministic effects. .
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supporting their position to National Research
1 Introduction Council. A recent Workshop on health risks from low

It is commonly stated that “any radiation dose, no
matter how small, can cause cancer”. The basis for
that statement is the linear no-threshold theory (LNT)
of radiation carcinogenesis. According to LNT, if
1 Gy (100 rads) of exposure gives a cancer risk R, the
risk from 0.01 Gy (1 rad) of exposure is R/100, the
risk from 0.00 001 Gy (1 millirad) is R/100 000, and
so on. Thus the cancer risk is not zero regardless of
how small the exposure.

However, over the past several years, a strong
sentiment has developed in the community of radia-
tion health scientists to regard risk estimates in the
low-dose region based on LNT as being grossly
exaggerated or completely negligible. For example,
the 6000 member Health Physics Society, the prin-
cipal organization for radiation protection scientists,
issued a position paper (HPS 1996) stating “Below
10 rad ...risks of health effects are either too small to
be observed or are non-existent”. A similar position
statement was issued by American Nuclear Society.
When the Health Physics Society Newsletter asked
for submission of comments on validity of LNT, there
were about 20 negative comments submitted and
only a single comment supportive of LNT. In a
worldwide poll conducted by the principal on-line
discussion group of radiation protection professionals
(RADSAFE), the vote was 118 to 12 against LNT A
2001 Report by the French Academy of Medicine
concluded that LNT is “without any scientific valid-
ity, and an elaborate joint study by the French
Academy of Medicine and the French Academy of
Sciences (Aurengo et al. 2005) strongly condemned
the use of LNT. While U.S. official agencies have
been slower to accept this position, the U.S, National
Council on Radiation Protection and Measurements
(NCRP) stated in NCRP Publication No. 121 (NCRP
1995) “Few experimental studies and essentially no
human data can be said to prove or even provide
direct support for the [LNT] concept”, and in NCRP
Publication No.136 (NCRP-2001) stated “It is
important to note that the rates of cancer in most
populations exposed to low level radiation have not
been found to be detectably increased, and in most
cases the rates appear to be decreased”. A group of
scientists opposing use of LNT (Radiation Science
and Health) submitted several hundred papers

level radiation (Feinendegen et al. 2011; Brooks
2011; Morgan 2011) provided much support for that
position.

Beyond failure of LNT, there is substantial
evidence that low level radiation may be protective
against cancer; a view known as “hormesis”. There is
an International Hormesis Society which sponsors an
annual International Scientific Conference and pub-
lishes a peer reviewed scientific journal and a regular
newsletter. A recent issue of that journal was devoted
to radiation hormesis (Scott 2010).

The purpose of this chapter is to review the basis
for LNT and to present some of the mostly recent
information that has caused this strong shift in senti-
ment. Other recent reviews have been published with
somewhat different approaches to similar objectives
(Feinendegen 2005a, b, 2011; Tubiana 2005).

2 Problems with the Basis for Linear
No-Threshold Theory

The original basis for linear no-threshold theory
(LNT), as that theory emerged in the mid-twentieth
century, was theoretical and very simple. A single
particle of radiation hitting a single DNA molecule in
a single cell nucleus of the human body can initiate a
cancer. The probability of such a cancer initiation is
therefore proportional to the number of such hits,
which is proportional to the number of particles of
radiation, which is proportional to the dose. Thus the
risk is proportional to the dose—this is LNT.

An important problem with this simple argument is
that factors other than initiating events affect the
cancer risk. Human bodies have biological defense
mechanisms which prevent the vast majority of ini-
tiating events from developing into a fatal cancer
(Pollycove and Feinendagen 2001). A list of some of
the most important examples including how they are
affected by low level radiation follows (Feinendegen
2005b):

e Our bodies produce repair enzymes which repair
DNA damage with high efficiency, and low level
radiation stimulates production of these repair
enzymes.

e Apoptosis, a process by which damaged -cells
“commit suicide” to avoid extending the effects of
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the damage, is stimulated by low level radiation.

A similar effect is achieved by premature differ-

entiation and maturation to senescence.

e The immune system is important for preventing
mutations from developing into a cancer; there is
abundant evidence that low level radiation stimulates
the immune system, but high radiation levels depress it.

e The overwhelmingly most important cause of DNA
damage is corrosive chemicals (reactive oxygen
species—ROS); there are processes for scavenging
these out of cells, and low level radiation stimulates
these scavenging processes (Kondo 1993). Elevated
ROS levels have been shown to initiate a broad
array of biochemical reactions that are stress
responses, leading to the conclusion that “the best
protection against stress is stress itself” (Finkel and
Holbrook 2000).

e Radiation can alter cell cycle timing. This can
extend the time before the next cell division
(mitosis). Damage repair is most effective before
the next mitosis, so changing this available time
can be important (Elkind M, personal communi-
cation). Altered cell timing can also affect DNA
repair processes in many ways by changing
chemical processes (Boothman et al. 1996).

e Various other effects of low level radiation on cell
survival have been observed and are referred to as
“low dose hypersensitivity”, “increased radiation
radioresistance”, and “death inducing effects”
(Bonner 2004).

It is now recognized that development of cancer is
a much more complex process than was originally
envisioned. The role of “bystander effects”, signaling
between neighboring cells relevant to their radiation
experiences, is now recognized to be an important,
albeit poorly understood factor In fact it seems that
tissue response, and even whole organ response,
rather than just cellular response, must be considered
(Aurengo et al. 2005).

There is also apparently obvious evidence for the
failure of the original simple model. For example, the
number of initiating events is roughly proportional to
the mass of the animal—more DNA targets mean
more hits. Thus, the simple theory predicts that the
cancer risk should be approximately proportional to
the mass of the animal. But the cancer risk in a given
radiation field is similar for a 30 g mouse and a
70,000 g human. As another example, our very defi-
nition of dose, based on the energy absorbed per unit

mass of tissue, which is proportional to the number of
radiation hits per unit target mass, would be mis-
leading if only the total number of hits (which is
proportional to the number of initiating events) were
relevant regardless of the target mass.

A detailed theoretical approach to evaluating the
validity of LNT is based on the commonly accepted
idea that double strand breaks (DSB) in DNA mole-
cules are the principal initiating event in causing
cancer. But DSBs are also caused by endogenous
corrosive chemicals, reactive oxygen species (ROS).
In fact the DNA damage caused by radiation is mostly
due to the production of ROS by the ionizing effects
of the radiation on omnipresent water. It is estimated
that endogenous ROS causes about 0.1 DSB per cell
per day, whereas 100 mSv (10 rem) of radiation,
which is close to the upper limit of what is normally
called low level radiation, causes about 4 DSB per
cell (Feinendegen 2005a). Assuming that the number
of cancers is proportional to the number of DSB, a
100 mSv dose of radiation would increase the lifetime
(28,000 days x 0.1 DSB/day) risk of cancer by only
about (4/2800 =) 0.14%, whereas LNT predicts an
increase of 1%. From this it is concluded that the
underlying assumption of LNT that, cancer initiating
events are the controlling factors in determining the
dose-response relationship for radiation is a serious
over-simplification.

3 Direct Experimental Challenges
to the Basis for LNT

A direct demonstration of the failure of the basis for
LNT derives from microarray studies determining
what genes are up regulated and down regulated by
radiation. It is found that generally different sets of
genes are affected by low level radiation than by a
high level dose. For example, in one study of mouse
brain (Yin et al. 2005), 191 genes were affected by a
dose of 0.1 Sv but not by a dose of 2.0 Sv, 213 genes
were affected by 2.0 Sv but not by 0.1 Sv, while 299
genes were affected by both doses. The 0.1 Sv dose-
induced expression of genes involved in protective
and repair functions while down-modulating genes
involved in unrelated processes.

A similar study with even lower doses on human
fibroblast cells (Golder-Novoselsky et al. 2002) found
that a dose of 0.02 Sv caused more than 100 genes to
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change their expression, and these were generally
different than the genes affected by 0.5 Sv. The for-
mer group was heavily weighted by stress response
genes.

Several other microarray studies have shown that
high radiation doses which serve as the calibration
for application of LNT, are not equivalent to an
accumulation of low radiation doses (Tubiana and
Aurengo 2005).

Sophisticated experimental techniques have been
developed for observing the effects of a single alpha
particle hitting a single cell. It was found (Miller et al.
1999) that the probability for transformation to
malignancy from N particle hits on a cell is much
greater than N times the probability for transforma-
tion to malignancy from a single hit. This is a direct
violation of LNT, indicating that the estimated effects
based on extrapolating the risk from high exposure,
represented by N hits, greatly exaggerate the risk
from low level exposure as represented by a
single hit.

A very clear demonstration of a threshold
response, in contrast to LNT, was found in tumor
induction by irradiation throughout life of mouse skin
(Tanooka 2001). For irradiation rates of 1.5, 2.2, and
3 Gy/week, the percentage of mice that developed
tumors was 0, 35, and 100% respectively.

4 Effects of Low Level Radiation
on Biological Defense Mechanisms

4.1 Adaptive Response
An important type of biological defense mechanism is
known as “adaptive response” (UNSCEAR 1994)—
exposing a cell to a stress like radiation stimulates the
natural defense against such stresses and hence pro-
tects against subsequent further stresses. On an
experimental basis, this is most easily studied by
exposing cells to a low dose to prime the adaptive
response and then later exposing it to a high radiation
“challenge dose”; the adaptive response is observed
as the reduced effect of the challenge dose in com-
parison with a similar challenge exposure without the
priming dose.

The most widely studied examples have involved
observations on chromosome aberrations, perhaps the
simplest tool for detecting genetic damage. It has long

Table 1 Effects of pre-exposure to 5 cGy on two types of
chromosome aberrations in human lymphocyte cells, induced
by 400 cGy of X-rays 6 h later (Shadley and Dai 1992)

Dicentrics & Rings Deletions
Donor 400 cGy (5 + 400) 400 cGy (5 + 400)
cGy cGy

1 136 92 52 51

2 178 120 62 46

3 79 50 39 15

4 172 42 46 34

5 134 106 58 41

been recognized that radiation increases the number
of these aberrations. However, an in vitro study on
human lymphocyte cells (Shadley and Dai 1992)
shows, in Table 1, how that process is affected if the
high dose is preceded a few hours before by a low
dose. We see that the number of chromosome aber-
rations caused by the high dose is substantially
reduced. This is an example of adaptive response.

As an example of an in vivo experiment (Cai and
Liu 1990), it was found that exposure of mouse cells
to 65 cGy (65 rad) caused chromosome aberrations in
38% of bone marrow cells and in 12.6% of spermat-
ocytes, but if these exposures are preceded 3 h earlier
by an exposure to 0.2 cGy, these percentages are
reduced to 19.5 and 8.4% respectively. There are
many other examples of such experiments, both in
vitro and in vivo (UNSCEAR 1994), and the results
are usually explained as stimulated production of
repair enzymes by low level radiation.

The effects of adaptive response in protecting
against chromosome aberrations were observed for in
vivo human exposures in comparing residents of a
high background radiation area (1 cGY/year) and a
normal background radiation area (0.1 cGy/year) in
Iran (Ghiassi-nejad et al. 2002). When lymphocytes
from these groups were exposed to 1.5 Gy (150 rad),
the mean frequency of chromosome aberrations per
cell was 0.098 £ 0.012 for the high background area
versus 0.176 & 0.017 for the low background area, a
four standard deviation difference. Presumably,
adaptive response induced by radiation in the high
background area protected its citizens against chro-
mosome aberrations induced by the 1.5 Gy dose.

A microarray study on human lymphoblastoid
cells (Coleman et al. 2005), was carried out to
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investigate the processes involved in adaptive
response. A 0.05 Sv priming dose was followed by a
2.0 Sv challenge dose, and adaptive response was
measured by the reduction of chromosome aberra-
tions; the goal was to identify genes involved in
adaptive response and determine how their states of
activation were affected by the priming dose. It
reported that 145 genes were affected by the priming
dose, generally up regulated for protein synthesis—a
key element in DNA repair—and down regulated for
metabolic and signal transduction, perhaps as a means
to conserve resources for devotion to DNA repair.
Many genes associated with DNA repair, stress
response, cell cycle control, and apoptosis were
strongly affected by the priming dose. The specifics of
the process were found to be highly complex and
sometimes pointing in different directions; for
example, the TP53 gene, which can act as either a
tumor promoter or a tumor suppressor, plays an
important but not clearly defined role.

Apart from studies using chromosome aberrations,
another type of experiment that reveals effects of
“adaptive response” involves detection of genetic
mutations. As an example of an in vitro experiment
(Kelsey et al. 1991), it was found that an X-ray expo-
sure of 300 cGy to human lymphocytes induced a
frequency of mutations at the iprt locus of 15.5 x 107°,
but if this large exposure was preceded 16 h earlier by
an exposure of 1 cGy, this frequency was reduced to
52x107°

As an in vivo example (Fritz-Niggli and Schaeppi-
Buechi 1991), it was found that the percentage of
dominant lethal mutations in offspring resulting from
exposures of female drosophila to 200 cGy of X-rays
before mating was substantially reduced by preceding
this high dose with an exposure to 2 cGy; for different
strains of drosophila and different oocyte maturities
these percentages were reduced from 42 to 27%, from
11 to 4.5%, from 40 to 36%, from 32 to 12.5%, from
42 to 30%, and from 51 to 22%.

An alternative for studying chromosome aberra-
tions directly is to observe micronuclei from unre-
paired double strand breaks after mitosis (Mitchel
2007); this allows consideration of DNA repair and
other natural biological processes. This was used in
studying mice exposed near Chernobyl, and showed
clear effects of adaptive response (Rodgers and
Holmes 2008).
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Fig. 1 Comparison of removal of thymine glycol by A549
cells after 2 Gy irradiation, with (open squares) or without
(shaded circles) a 0.25 Gy priming dose given 4 h before (Le
et al. 1998)

A technique has been developed for directly
observing repair of DNA base damage (Le et al. 1998).
It was found that preceding an exposure to 2 Gy of
gamma radiation with 0.25 Gy 4 h before reduced the
time for 50% DNA lesion removal from 100 to 50 min.
The progression of the repair vs time is shown in Fig. 1
with and without the 0.25 Gy priming dose.

From the types of data discussed above, one might
consider the possibility that adaptive response is only
effective in protecting against damage caused by sub-
sequent large doses of radiation. But there are data on
its effectiveness against spontaneous transformation to
malignancy on cells with a predisposition to such
transformation. This was shown (Azzam et al. 1996) for
exposures of C3H 10T1/2 mouse cells where one day
after exposure to low doses of radiation the rate of
spontaneous neoplastic transformation was reduced by
78%. In a similar experiment (Redpath and Antoniono
1998) with human Hela x skin fibroblast cells, the
reduction was by 55%. The dependence on dose for this
cell type is shown in Fig. 2 (Redpath et al. 2003) with
error bars indicating 95% confidence intervals. We see
there that the effect is statistically indisputable even at
very low doses, below 1 cGy.

The question has been raised as to how long
adaptive response persists following a priming dose.
In one in vivo experiment (Zaichkina et al. 2003)
measuring chromosome damage in bone marrow cells
of mice, both spontaneously and by a challenge dose,
adaptive response was found after 1, 3, 6, 9, and 12
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months following priming doses of 0.1 and 0.2 Gy,
and the protection against spontaneous damage per-
sisted to the end of life (20 months).

This adaptive response protection against spon-
taneous development of cancer may be understood
from effects of radiation on corrosive chemicals
(ROS). Since ROS is the dominant cause of spon-
taneous cancers through initiating DNA damage,
reducing the amount of ROS and increasing the
amount of antioxidants that scavenge them out of
cells is protective against development of sponta-
neous cancers. The results of a study of these on rat
cells (Yamaoka 1991) are shown in Fig. 3. We see
there that 50 cGy of X-ray exposure decreases the
amount of the oxidant lipid peroxide by about 20%,
and increases the amount of the antioxidant SOD
by about 25%, and that these beneficial effects are
appreciable over the entire dose range up to above
100 cGy. Many other studies with similar results
have been summarized and extended (Yukawa et al.
2005).

It is interesting to point out that adaptive response
to protect against harmful effects of radiation, such as
that provided by previous low level radiation, can also
be provided by other stresses such as heat or chemical
exposures (Mitchel 2006). This adaptive response has
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Fig. 3 Antioxidant SOD and lipid peroxide response to age
and radiation of rat brain cortex (Yamaoka 1991)
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Table 2 Effects of radiation on immune response.

Test 2.5 cGy 5 cGy 7.5 cGy
PFC Reaction 110 143 174
MLC Reaction 109 133 122
Reaction to Con A 191 155 530
NK activity 112 109 119
ADCC Activity 109 128 132

Different columns are percent of response to various tests in
unexposed mice, to response in mice exposed as indicated (Liu
1992). PFC plaque forming cell, MLC mixed lymphocyte
culture, used as test of T-cell function, Con A concanavalin-A,
lectin that stimulates T-lymphocytes, NK natural killer cells
which recognize and kill tumor cells, ADCC anti body depen-
dent cell mediated cytotoxicity, which assists NK activity

been found in all forms of life, from single cell
eukaryotes to mammals.

There has been recent interest in “bystander
effect”, effects of radiation on cells not directly struck
by radiation due to inter cell signaling. This might
increase the harmful effects of radiation on these
cells, except for the fact that it provides them pro-
tection through adaptive response (Michel 2010).

In radiation therapy for tumors, effectiveness is
limited by damage to surrounding tissue. This damage
can be reduced by low level radiation pre-exposure of
this tissue (Blankenbecker 2010); this procedure has
worked successfully on dogs.

4.2 Stimulation of the Inmune System
Since the immune system destroys cells with persistent
DNA damage and is thus important in protecting against
the development of cancer, the effects of low level
radiation on it are relevant here. Such effects on several
different measures of the immune response (Liu 1992)
are listed in Table 2. We see that by each of these
measures, the immune response is increased by low level
radiation, and increasingly so at least up to 7.5 cSv.

The results of one study of this effect over a wide
range of radiation doses (Makinodan and James 1990)
is shown in Fig. 4. We see there increases in immune
response by 80% in vitro and by 40% in vivo at about
20 cGy followed by a rapid decrease to well below
the unirradiated level at doses above 50 cGy.

In a review (Liu 2003) of extensive mouse studies
utilizing about 10 levels of whole body radiation
exposure, effects on 52 immunologic parameters were

analyzed to determine dose—response curves for two
categories of these The first category included 20
parameters which would lead to decreased immune
activity, for which the results are shown in the upper
part of Fig. 5, and the second category included the
remaining 32 parameters that would lead to increased
immune activity for which the results are shown in the
lower part of Fig. 5. We see from Fig. 5 that low
doses down regulate the parameters indicative of
decreased immune activity, and that these low doses
up regulate parameters indicative of increased
immune activity. In both cases, these effects are
reversed for high level radiation exposure. The con-
clusion is that low level radiation increases immune
activity and high level exposures reduce immune
activity, in agreement with what was seen in Fig. 4.

Contrary to expectations from the basic assumption
of LNT that the cancer risk depends only on total dose,
effects on the immune system are very different for the
same total dose given at low dose rate versus high dose
rate. In a study of effects on various indicators of
immune response in several wild type mouse strains
(Ina and Sakai 2005), continuous whole body irradia-
tion at 1.2 mGy per hour stimulated immune response
as shown for a few example indicators in Fig. 6, but the
same doses given at a high rate had the opposite effect.

Further information on the dose rate dependence
was reported in a mouse study of thymic lymphomas
(Ina et al. 2005). Acute challenge doses totaling
7.2 Gy induced tumors in 90% of the mice, but if the
mice were previously exposed at a rate of 1.2 mGy
per hour for 258 days (a total of 7.2 Gy) prior to the
7.2 Gy challenging dose, only 43% developed such
tumors—this may seem like an extreme case of
adaptive response although the priming dose is equal
to the challenge dose and doubling the total dose
resulted in fewer tumors. But most significantly for
the present discussion, the low dose rate exposure,
even extended to 450 days for a total exposure of
12.6 Gy, resulted in no tumors without a challenge
dose. Various indicators of immune response were
significantly increased by the continuous whole body
radiation, and the authors attribute their observations
to stimulation of the immune system by this radiation.

Several studies have shown that the immune sys-
tem provides resistance to metastasis of tumors; one
example is shown in Fig. 7. When tumor cells are
transplanted into the groins of mice, the rate of their
metastasis into the lung is cut about in half by total
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Fig. 5 Dose-response curves constructed from multiple
parameters of the immune system following whole body
irradiation of C57BL/6 and Kunming mice (Liu 2003). Upper
figure is for 20 parameters that lead to decreased immune
activity, and lower figure is for 32 parameters that lead to
increased immune activity

vs dose, testing the validity of LNT, with animals
exposed to various radiation doses. An example was a
series of external gamma ray exposure studies at Oak
Ridge National Laboratory, of which one result (Ullrich
and Storer 1979) is shown in Fig. 8; we see there clear
evidence for the failure of LNT in the low dose region. In
those experiments, exposed animals lived considerably
longer (up to 40%) than their controls. Another example
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a function of irradiation time. Dashed lines are the same for un-
irradiated control mice (Ina and Sakai 2005)

was a series of animal studies at Argonne National
Laboratory in the 1950s and 1960s with injection of
radioactive materials; these are reviewed by Finkel and
Biskis (1962, 1969). The results of one of these studies,
for bone cancers in mice injected with radioactive iso-
topes of calcium and strontium (Finkel and Biskis 1968),
is shown in Fig. 9. Nearly all of these studies indicate,
with high statistical significance, that LNT over-esti-
mates the cancer risk from low level radiation, generally
suggesting a threshold.

A review of over 100 such experiments (Duport
2001) involved a total of 85,000 exposed animals with
their 45,000 corresponding controls, with a total of
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Fig. 7 Spontaneous lung metasteses after total body irradia-
tion of mice, given 12 days after tumor transplantation into
groin (Sakamoto et al. 1997)

60,000 and 12,000 cancers in exposed and control
animals respectively. In cases where cancers were
observed in control animals, either no effect or an
apparent reduction in cancer risk was observed in
40% of the data sets for neutron exposure, 50% of the
data sets for X-rays, 53% of the data sets for gamma
rays, and 61% of the data sets for alpha particles.

6 Cancer Risk Versus Dose: Data
from Human Exposures

6.1 Data Supportive of LNT

The principal data that have been cited by those in
influential positions to support LNT are those for
solid tumors (all cancers except leukemia) among the
Japanese A-bomb survivors. The data up to 1990
(Pierce et al. 1996) are shown in Fig. 10, where the
error bars represent 95% confidence limits (2 standard
deviations). If error bars are ignored, the points do
indeed suggest a linear relationship with intercept
near zero dose.

But the data themselves give no statistically signif-
icant indication of excess cancers for doses below about
25 cSv. This conclusion applies to the incidence data
as well as to the mortality data (Heidenreich et al.
1997). In fact, it was shown (Cohen 1998) that con-
sidering the three lowest dose points alone (i.e. up to
20 cSv), the slope of the dose-response curve has a
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Fig. 9 Osteogenic sarcomas produced in CF1 female mice by
injection of Sr-90 and Ca-45 at age 70 days (Finkel and Biskis
1968). Sr-90 experiments used 810 mice and 150 controls;
results for 1.3, 4.5, and 20 microcuries/kg, not shown on the
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20% probability of being negative (risk decreasing with
increasing dose). A more recent update (Preston et al.
2004) of the data on A-bomb survivors has been pub-
lished but with insufficient detail to repeat the above
analysis. A crude preliminary analysis indicates that the
above conclusions will not be appreciably changed.

It has also been pointed out (Kaminski 2011) that
non-radiation causes of carcinogenesis, such as ther-
mal burns, non-radioactive toxins from the explosion
and fires, malnutrition, and psychosocial factors, may
play a prominent role in the data for cancers among
the A-bomb survivors with low radiation exposures.

The data on leukemia among A-bomb survivors
(Pierce et al. 1996) are shown in Fig. 11, with error
bars indicating 95% confidence limits. These data
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Fig. 10 Excess deaths from solid tumors per 100 “expected”
among Japanese A-bomb survivors (1950-1990) versus their
dose (Pierce et al. 1996). Error bars are 95% confidence limits

strongly suggest a threshold above 20 cSv, and this
difference from LNT expectations is recognized by
the authors and in all widely recognized reviews.
The other principal evidence that has been widely
cited as supporting LNT is the International Associ-
ation for Research on Cancer(IARC) studies of
monitored radiation workers. The first and most fully
reported (Cardis et al. 1995) was a study of 95,673
monitored radiation workers in the U.S., U.K., and
Canada. For all cancers except leukemia, there were
3,830 deaths but no excess over the number expected.
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Fig. 11 Excess deaths from leukemia per 100 “expected”
among Japanese A-bomb survivors (1950-1990) versus their
dose (Pierce et al. 1996). Error bars are 95% confidence limits

The risk is reported as —0.07/Sv with 90% confidence
limits (—04, +0.3). There is surely no support for LNT
here.

However, for the 146 leukemia deaths, they did
report a positive risk versus dose relationship and
vociferously claimed that this supports LNT. Their
data are listed in Table 3. It is obvious from those
data that there is no indication of any excess risk
below 40 cSv (even the excess for >40 cSv is by only
1.4 standard deviations). The conclusion by the
authors that this supports LNT is based on an analysis
which arbitrarily discards the data in Table 3 for
which o/e (observed/expected) is less than unity. They
thus arbitrarily discard three of the seven data points.

A follow-up study (Cardis et al. 2007) by the same
leader involved over 400,000 monitored workers in
154 facilities spread through 15 countries, and
reported some confirmation for LNT, but several
objections to this interpretation have been raised. For
example, no information on smoking status, an
important risk factor for cancer, was collected. There
was no consideration given to non-occupational
exposure; the average occupational exposure was
2 cSv and 90% were below 5 cSv, whereas the
average person is exposed throughout life to about
25 cSv of non-occupational radiation with large
variations, typically at least 10 cSv, depending on
geography and medical treatment. Over and above

Table 3 Leukemia deaths from International Association for
Research on Cancer (IARC) Study (Cardis 1995). The final
column is the ratio of observed to expected O/E

Dose (cSv) Observed Expected O/E
0-1 72 75.7 0.95
1-2 23 21.2 1.08
2-5 20 21.8 0.92
5-10 12 11.3 1.06
10-20 9 7.8 1.15
20-40 4 5.5 0.73
>40 6 2.6 23

these limitations, more sophisticated analysis of their
data (Fornalski 2010) lead to the contrary conclusion,
that LNT is not valid in the low dose region.

Many other studies have been reported on cancer
risk vs dose for such normal occupational exposures.
In response to heavy media coverage of some non-
scientific reporting, a $10 million study (Matanoski
1991, 2008) was carried out by the U.S. Center for
Disease Control and Prevention of workers in eight
U.S. Navy shipyards involved in servicing nuclear-
propelled ships. The study included 28,000 exposed
workers and 33,000 age- and job-matched controls who
worked on non-nuclear ships. The former group all had
exposures above 0.5 cSv and average exposures of
5 cSv. The cancer mortality rate for the exposed was
only 85% of that for the unexposed, a difference of
nearly two standard deviations. Hiring procedures,
medical surveillance, job type, and other factors were
the same for both groups, so the often used explanation
of “healthy worker effect” does not apply here—the
study was specifically designed to eliminate that factor.
The issue of non-occupational exposure was not
addressed, but there was a high degree of homogeneity
among the different worker groups being compared.

More discussion of “healthy worker effect” may
be appropriate here (Fornalski 2010). In studies
comparing mortality rates among employed workers
with those of the general population, it is invariably
found that employed workers have lower mortality,
and it is widely understood that this results from the
fact that unemployed persons may be unemployed
because of health problems which lead to their earlier
demise. However it has been pointed out (Monson
1986) that healthy worker effect should not apply to
cancers occurring long after their initial employment
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because health problems leading to such cancers
would not be apparent in a pre-employment medical
exam. A direct test of this in Sweden (Gridley et al.
1999) comparing 545,000 employed women with
1,600,000 unemployed women found that the stan-
dardized cancer incidence rate for employed women
was 1.05 (1.04-1.06) times higher than for the
unemployed women. This would seem to eliminate
healthy worker effects for cancer. Several other stu-
dies of cancer rates among people whose employment
involves radiation exposure have been published:

e Studies of British radiologists compared with other
British medical practitioners (Berrington et al.
2001) found that radiologists who began work in
earlier years, when radiation exposure restrictions
were much looser than recent standards, did expe-
rience excess cancers. But among the most recent
cohort, radiologists who began work between 1955
and 1979, cancer mortality was only 0.71 (95%
confidence limits, 0.49-1.00) times that for other
medical practitioners who presumably had con-
siderably lower radiation exposures.

e A study of medical X-ray workers in China (Wang
et al. 2002) used cancer incidence rather than
mortality, and a comparison group of workers in
the same hospitals who were not involved with
X-rays. The relative risks for earlier workers whose
average exposure was 55 cGy were 2.4 for leuke-
mias and 1.2 for solid cancers, while for the more
recent workers whose average exposure was only
8.2 cGy, these risks were 1.73 for leukemias (based
on 11 cases) and 1.06 (based on 232 cases) for solid
cancers. For the recent workers, the differences
from 1.0 are not statistically significant.

e A U.S. study of 146,000 radiologic technologists
(Mohan et al. 2003) used only the total U.S. popu-
lation as a comparison group and reported an SMR of
0.82 for all cancers, but a statistically significant
increase among those first employed before 1940 as
compared with those who began work after 1960.

e A review of studies of eight cohorts of radiologists
and radiological technologists in various countries,
comprising 270,000 monitored radiation workers
(Yoshinaga et al. 2004), concluded that there was
good evidence for excess cancers among the early
workers, but no such evidence among more recent
workers.

e A study of 22,000 monitored workers in the French
nuclear power industry (Rogel et al. 2005) found that

1000
o 800
T
T
E —
g T
a +—x0
o 600~
< 1 T
[1v]
©
G
& 400 l
200 | | T | |

Dose in cSv (rem)

Fig. 12 Standardized death rates per million person-years
from breast cancer among Canadian women after irradiation in
fluoroscopic examinations versus their radiation dose (Miller
et al. 1989). Error bars are 95% confidence limits

the cancer mortality rate was only 0.58 (90% confi-
dence interval 0.49-0.68) times that of the general
population of France. The authors attribute this to
healthy worker effect, but such an explanation seems
like an extreme “stretch” for explaining such a large
effect. There was no evidence for increased cancer as
a function of increasing radiation exposure.
Perhaps the most reasonable conclusion from stud-
ies of normally exposed radiation workers is that they
give no conclusive information on effects of low level
radiation. There is as much information suggesting zero
or negative risk as information indicating the increased
risk claimed by the IARC study. In any case, the
fact that the monitored radiation received by the sub-
jects was much lower than their non-occupational
unmonitored exposures, make these data inherently of
marginal significance.

6.2 Data Contradictory to LNT

There are substantial statistically robust human data
contradictory to LNT. One example is for breast
cancer among Canadian women exposed to frequent
X-ray fluoroscopic examinations in a tuberculosis
sanitorium (Miller et al. 1989); the data are shown
in Fig. 12. While the statistical uncertainties are
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Fig. 13 Relative risk of mortality from lung cancer versus
dose to lung, with 95% confidence limits. In upper figure with
expanded vertical scale, circles are from (Howe 1995) and
diamond is from (Davis 1989). In lower figure (Howe 1995),
solid line connects data from Canadian fluoroscopy patients,
and dashed line connects data from A-bomb survivors

substantial, there seems to be a decrease in risk with
increasing dose at least up to about 25 cSv.

The data on lung cancer among these Canadian
women (Howe 1995), and also a one point study of
10,000 individuals in Massachusetts (Davis et al.
1989) are shown in Fig. 13. Here again we see a
decrease in the low dose region, in this case extending
at least up to 100 cSv. In Fig. 13, these data are
compared with lung cancer data for the Japanese
A-bomb survivors, and we see there a difference

between the two data sets that is clearly statistically
significant; the A-bomb survivor data gives a much
higher risk at all doses. This is probably explained by
the difference between the very high dose rate to the
A-bomb survivors and the low dose rate from pro-
tracted fluoroscopic exams extending over many
weeks. In any case, Fig. 13 must give one pause
before accepting the widely practiced approach of
using A-bomb survivor data to predict risks from
low dose rate low-level radiation. Other arguments
confirming the importance of dose rate, rather than
only of total dose, have been expounded elsewhere
(Tubiana and Aurengo 2005; Brooks 2011).

In 1957, there was an explosion in an incredibly
mismanaged radioactive waste storage facility at the
U.S.S.R. Mayak nuclear weapons complex in the
Eastern Urals of Siberia, causing large radiation
exposures to people in nearby villages. A follow-up
on 7852 of these villagers (Kostyuchenko and
Krestina 1994) found that the rate of subsequent
cancer mortality was much lower among these than
among unexposed villagers in the same area. The
ratio for exposed to unexposed was 0.73 + 0.07 for
4 cGy, 0.61 £ 0.07 for 12 cGy, and 0.72 £ 0.12 for
50 cGy (here, £indicate one standard deviation).

Studies are underway on the workers at this Mayak
complex (Koshurnikova et al. 2002), among whom
there have been many excess cancers, but exposures
were generally quite high and the data reported give
little information on the dose-response relationship in
the low dose region.

Stimulation of the immune system by low level
radiation is being used on an experimental basis for
medical treatment of non-Hodgkin’s lymphoma with
total body and half body (trunk only) irradiation. This
radiation was administered to one group of patients
(“irradiated” group), but not to an otherwise similar
“control” group, before both groups were given
similar other standard treatments such as chemother-
apy with or without accompanying high radiation
doses to tumors. In one such study (Sakamoto et al.
1997), after nine years, 50% of the control group, but
only 16% of the irradiated group had died. In a 25
year old study (Chaffey et al. 1976) with different
standard treatments, 4-year survival was 70% for the
irradiated group versus 40% for the controls. In
another slightly later study (Choi et al. 1979) with a
more advanced chemotherapy, 4-year survival was
74% for the irradiated group versus 52% for the
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control group. The information in the scientific liter-
ature is very supportive of using whole body or half
body low level radiation to stimulate the immune
system. The U.S. physicians have not utilized it but
further applications are underway in Japan. The
scientific basis for this treatment was reviewed by Liu
(2007).

Potentially very significant human data on low
level radiation is still in the preliminary research
stage, but the results (Chen et al. 2004; Hwang et al.
2008) seem to be extremely interesting. In Taipai and
other nearby areas of Taiwan, 1700 apartment units
were built using steel contaminated with Cobalt-60,
exposing 10,000 occupants for up to 20 years to an
average of 40 cSv in total. From national Taiwan
statistics, 232 cancer deaths would be expected from
natural sources, and according to LNT, there should
have been 70 additional cancer deaths due to this
radiation. However, a total of only seven cancers have
occurred among these people. Differences in the age
distribution of the affected people as compared with
the general population have not been carefully
investigated, but preliminary estimates are that this
might reduce the expected number of cancers by
about 20%, a relatively insignificant change. It would
seem to be very important to do a full epidemiological
study of this situation, but the funding agencies have
not been cooperative, despite heavy pressures from
some segments of the scientific community.

Another source of information in the study of those
affected by the Chernobyl accident (Jaworowski
2010). In comparison with the general population of
Russia, a 15-30% deficit of solid cancer mortality was
found among the Russian emergency clean up work-
ers, and a 5% deficit solid cancer incidence among the
population of most contaminated areas. The only
positive effect was an increase in thyroid cancers
among children, but this evidence has been ques-
tioned as to whether it was the consequence of
increased screening.

The above described data deal with radiation by
X-rays and gamma rays (and some neutrons for the
A-bomb survivors). There are also impressive relevant
data from radiation with alpha particles. One such study
is of bone and head cancers among watch dial painters,
chemists, and others occupationally exposed to inges-
ted radium (Evans 1974). There were no tumors
among those with exposures below 1,000 cGy, but
for dose ranges centered about 1800, 3500, 7500 and

20,000 cGy, 25-38% in each category developed
tumors. Elaborate analyses of these data show that a
Linear no-threshold fit is statistically unsupportable
and a threshold behavior is strongly suggested.

Several studies have reported that workers who
inhaled plutonium, resulting in sizable radiation
exposures to their lungs, have equal or lower lung
cancer mortality rates than those not so exposed
(Tokarskaya et al. 1997; Voelz et al. 1983; Gilbert
et al. 1989).

Very strong evidence against LNT is provided by a
very extensive study of lung cancer mortality rates, m,
versus average radon exposure in homes for 1,729
U.S. counties—more than half of all U.S. counties,
and including 90% of the U.S. population (Cohen
1995, 2006). Plots of age-adjusted rates are shown in
Fig. 14a, ¢ where, rather than showing individual
points for each county, these are grouped into inter-
vals of radon exposure (shown on the base-line along
with the number of counties in each group) and
plotted as the mean value of m for each group, its
standard deviation indicated by the error bars, and
the first and third quartiles of the distribution.
Figures 14b, d shows these data corrected for preva-
lence of cigarette smoking. Note that when there are a
large number of counties in an interval, the standard
deviation of the mean is quite small. We see, in Fig. 14,
a clear tendency for lung cancer rates, with or without
correction for smoking prevalence, to decrease with
increasing radon exposure, in sharp contrast to the
increase expected from LNT, shown by the lines
labeled “Theory”. These data have been analyzed for
over 500 possible confounding factors, including
socioeconomic, geographic, environmental and ethnic
associations (Cohen 2000), and the possible effects of
an unrecognized confounding factor were investigated
(Cohen 2006), but the conclusion remains firm that
LNT fails very badly by grossly over estimating the
cancer risk from low level radiation.

What has been interpreted as conflicting results
were derived from a pooled study of seven case-
control studies (Krewski et al. 2005); shown in
Table 4. We see there that none of the data points
give a very statistically significant excess lung cancer
risk, but the pattern suggests an excess risk from
radon exposures, although not necessarily increasing
with exposure at least for the four lowest points,
which comprise the region of significance in Fig. 14.
A pooled study includes many complicated
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adjustments for differences among the different stud-
ies in the pool, and potential confounding factors with
the adjustments for the few of them that are recog-
nized might be a problem. If there is a conflict with
Fig. 14, each of the several attempts to explain it as a
problem with the latter have been shown to be com-
pletely implausible (Cohen 2006). Actually it is not
clear that there is a conflict, because Fig. 14 is not a
dose-response relationship for individuals exposed to
radon, but rather is an experimental observation with
extremely high statistical significance, to be com-
pared with the prediction from LNT. That comparison
indicates that the theory fails very badly, grossly
over-estimating the risk from low level exposure. The
results in Table 4 can hardly be interpreted as a test of
LNT.
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Results similar to those in Fig. 14 have been
reported in more recent studies of radon versus
lung cancer in the U.S. (Thompson et al. 2008) and
Germany (Conrady et al. 2010).

6.3 Dependence of Latent Period

on Dose

There is a substantial body of data, both on animals and
on humans, indicating that the latent period between
radiation exposure and cancer death increases with
decreasing exposure; these have been reviewed by
Cohen (1980) and by Raabe (1994). An example of
results for dogs injected with alpha particle emitters
(Dougherty and Mays 1969) is shown in Fig. 15. These



76

B. L. Cohen

Table 4 Odds ratios for lung cancer versus residential radon
exposure from seven pooled case—control studies (Krewski
et al. 2005)

Radon level (Bq/rn3) Odds ratio (95% C.1.)

<25 1.00
25-49 1.13 (0.95-1.35)
50-74 1.09 (0.89-1.34)
75-99 1.16 (0.91-1.48)
100-149 1.248 (0.96-1.60)
150-199 1.22 (0.87-1.71)
>199 1.37 (0.98-1.92)
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Fig. 15 Survival time for beagle dogs who developed bone
cancer from injections of various alpha emitting radioactive
isotopes, versus dose to their bone at one year before death
(Dougherty and Mays 1969)

observations lead to the obvious conclusion that for low
enough exposures, the latent period exceeds the normal
life span, so no actual cancers develop. Thus there is an
effective threshold.

It has also been shown (Mitchel 2007) that the
latent period before cancer death from a high dose
exposure is delayed substantially by a preceding low
dose exposure, even in situations where the proba-
bility of eventual cancer death is not affected.

This extended latency effect alone, even in the
absence of all considerations discussed previously,
would invalidate LNT as applied to low level radiation.

7 Other Side of Background

LNT predicts that biological effects of radiation below
background levels should be less than those experi-
enced at normal background. The few experiments to

date (Smith et al. 2011) have shown that absence of
background radiation has deleterious rather than
beneficial effects.

8 Conclusion

The conclusion from the evidence reviewed in this
paper is that the LNT fails very badly in the low dose
region, grossly over-estimating the risk from low
level radiation. This means that the cancer risk from
the vast majority of normally encountered radiation
exposures is much lower than given by usual esti-
mates, and may well be zero or even negative.
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For an image scientist or physicist, image quality
usually takes the form of measurable image char-
acteristics. The reality of a CT image (ideal image)
is based on the physics of how X-rays interact
with matter and the mathematical reconstruction
processes used to produce images from the X-ray pro-
jections. In this chapter we first provide a simplified
understanding of what a CT image represents and why
Hounsfield Units (HU) do not necessarily have constant
values. We then discuss measureable image charac-
teristics and artifacts and how they relate to clinical
diagnostic challenges and dose management.

Imaging scientists generally classify characteris-
tics of CT image quality in terms of: HU accuracy,
spatial resolution, noise, low contrast detectability
and artifacts. Spatial resolution relates to how well
small object features are preserved in the image.
Noise is generally considered to be undesired ran-
dom variations that are imposed upon the ideal
image. Noise has a definite texture or look that
depends on various factors. Noise depends on the
intensity of the post patient detected X-rays and is
inversely associated with dose and the efficiency of
the scanner and its image reconstruction process.
These factors influence the appearance and intensity
of the noise contained in the image. Image noise
obscures small low contrast objects and is the most
important characteristic associated with dose utili-
zation. Artifacts are systematic distortions and mis-
representations of features within an ideal image
that are generally not associated with how much
dose is used.

In this chapter we will focus primarily on image
quality for conventional CT systems that are in
widespread medical practice. We will discuss the
ideal CT image, spatial resolution, noise and
artifacts; how they are measured and give some
indication of how they affect diagnostic radiology
and what can be done to minimize detrimental
effects. As is the case with many multi-dimensional
situations there are often difficult trade-offs that
improve some aspects of image quality while
degrading others. We will also briefly discuss some
of the emerging technologies (dual energy scanning,
nonlinear filtering and iterative reconstruction
methods) that will have a profound effect on many
of the IQ issues associated with current conven-
tional CT.

2 The Ideal CT Image: The Simplified
Physics of a Conventional
CT Image

It is important to understand that the ideal CT image
is not a constant even if unaffected by spatial reso-
lution blurring, noise or artifacts. HU values that
comprise the image will have a range of values that
depend on various factors associated with funda-
mental X-ray physics principles (McCollough 1975).
HU values that are used as indicators for various
medical conditions can have a range of acceptable
values that could overlap with unacceptable values.
CT images reconstructed by conventional kVp energy
integrating systems are most susceptible to HU vari-
ations. Emerging dual energy acquisition and recon-
struction methods allow an image to be produced at a
specific photon energy and hence, the HU variation
can be substantially controlled.

2.1 The CT Image

A CTimage (Fig. 1) represents a cross-sectional map of
effective X-ray linear attenuation coefficients of the
patient’s anatomy. A linear attenuation coefficient
(designated by the symbol p) is a measure of how pho-
tons interact with matter. p represents the exponential
probability that an X-ray photon will be absorbed or
scattered from its path. The value of 1 is dependent on
the material, its density and the energy of the X-ray
photons. The matrix of effective | values that comprise a
CT image are estimated from a set of X-ray measure-
ments using a mathematical reconstruction process.

The CT attenuation map is generated in terms of
Hounsfield Units (HU), named after Sir Godfrey
Hounsfield, who built the first CT scanner in 1971
based on the theoretical underpinnings of CT
scanning developed by Allan Cormack in 1963.
HU values are the ratio of the effective p of each
image pixel relative to the p of water L) times
1000—1000.

Hence air, with a p of virtually zero, has a CT value
of —1000 HU and water has a value of 0 HU. Most
human soft tissues are in the range of —50 to 100 HU.
Dense bone is generally above 900 HU and metal
prosthesis and dental fillings may exceed 3000 HU.
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Fig. 1 The physical meaning
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2.2 HU Values: Why They are

not Constants

HU values are not constants since the X-ray tube
output consists of a range of photon energies and y is
not a constant but is a function of photon energy.
A typical CT X-ray spectrum along with the p for
water is shown in Fig. 2. Since p for water increases
at lower energies, more lower energy photons are
removed than higher energy photons as X-rays pass
through increasing lengths of material. This effect is
referred to as beam hardening. Since the effective
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energy of the beam is increasing with increasing
lengths of material, the beam is harder to stop. As a
result, the effective p of water (Fig. 3a), as well as p
for other materials is not constant.

Since a CT image is a map of effective | values
relative to the p of water, CT reconstruction algo-
rithms apply a water beam hardening correction to
force the effective p of water to be a constant.
Otherwise water phantom images would be cupped
(See Fig. 10a in the artifacts section). The effective p
of other materials relative to water will depend on the
1 of the material and the effective energy of the beam.
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Fig. 3 Effective p of water,
polyethylene and acrylic for a
typical 120 kVp CT X-ray
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As shown in Fig. 3b, the p of Acrylic and polyeth-
ylene increases relative to water as the effective
energy increases. The effective energy is dependent
on the selected kVp, X-ray filtration (materials and
tissue in the path of the beam) and the size of the
patient being scanned. Generally the effective energy
for a typical CT image ranges between 50 and
80 keV.

The implication for human tissue is summarized in
Fig. 4 which shows simulated CT values for various
tissue models based on ICRU report 44. The simula-
tions assume a typical CT source filtration of 7 mm
aluminum equivalent and a one cm diameter sample
of the tissue at the center of a water cylinder with a
range of diameters from 5 to 50 cm. For each chart,
the Y axis is the HU value and the X axis is the length
of water beam hardening for the effective energy.
The different colors represent kVp selections from
70 to 140 kVp. Figure 4 is intended to demonstrate a
model of the CT physics and should not be used as an
explicit predictor of in vivo tissue.

In each case the difference in HU value (contrast
relative to water) decreases with increased kVp set-
tings and larger water cylinder diameters since these
changes increase effective energy. These HU varia-
tions in the image are a normal result of the behavior
of the X-ray physics processes and can be employed
to reduce dose. The increased contrast with lower kVp

ResultantIimage

System Transfer function
Point Spread Function
(MTF in frequency space)

100 % MTF curve
70 % % modulation vs
1 spatial frequency
30%
Resolution
Limit
5 Ip/em| 10 Ip/cmy

on smaller patients can provide the same contrast-
to-noise ratio (CNR) in the image at a lower dose,
depending on the diagnostic problem. In general, the
contrast-enhanced tissues and bone will provide the
greatest contrast-to-noise ratio increase.

For example, note that for a 20 cm water cylinder,
the model for unenhanced blood increases by 25 HU
at 70 kVp relative to 120 kvp. However, contrast-
enhanced blood modeled with a 0.01% Iodine solu-
tion increases by 140 HU for the same kvp change. If
the mA is increased at the 70 kVp setting to achieve
the same CNR for the contrast-enhanced blood as at
120 kVp, a dose savings will result.

Be aware, however, that the same CNR means that
the image noise increases along with the contrast.
In addition, the non-contrast enhanced tissue will
have a reduced CNR so the full dose reduction may
not be possible since the CNR does not increase in the
same way for all tissue in the image. The nosier
appearance of the image may be helped somewhat by
increasing in viewing window width setting. Read-
justing the window will help maintain the same gray
scale relationship with the CNR, at least for those
tissues for which the contrast has increased.

Although not shown, the effective energy also
increases with effective target angle. The target angle
is the angle between the ray path to a detector row and
the surface of the X-ray tube target. The detector rows
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Fig. 6 Effect of the X-ray
tube focal distribution
function on spatial
resolution

A

Detector Arc for SFOV

toward the anode side (Fig. 6d), can have a somewhat
higher effective energy. This can result in HU varia-
tions for contrast-enhanced tissue as a function Z-axis
position along the patient.

3 In-plane Spatial Resolution

In-plane spatial resolution is a measure of the ability
of the system to reproduce small features within the
image slice plane. The input object is convolved or
blurred by the point spread function (transfer func-
tion) of the CT system (Yester and Barns 1977). The
spatial resolution of a CT system (sometimes called
the high contrast resolution) is typically specified
in terms of a modulation transfer function (MTEF).
An MTF response curve represents the modulation
factor as a function of spatial frequency. For example,
the 1 mm bars and spaces, shown in Fig. 5, have a
spatial frequency of 5 line pairs per centimeter
(Ip/cm) since 5 cycles of bar and space pairs are
contained in a one cm. If the system transfer function
at a spatial frequency of Slp/cm is a factor of
0.7 times the original amplitude, then the modulation
at this spatial frequency would be 70%. This means
that only 70% of amplitude of the input object at
this spatial frequency is transferred to the image.

Detector Rows in Z axis

The curve of the % modulation as a function of spatial
frequency is the MTF curve (Fig. 5). The resolution
limit is where the MTF approaches the first zero
crossing.

Data sheets for CT systems will usually state the
spatial response in terms of the spatial frequency at
some percent modulation; for example 4Ip/cm at 50%
MTF. Such specifications are only a simple single
statement of the overall resolution response of the
system. Although these specifications have some utility
in comparing systems, they are only a sample of the
overall performance of the system. The point spread
function is a two-dimensional function that cannot be
fully represented by a one-dimensional MTF chart or
by a simple specification such as the 50 or 10% mod-
ulation point. In addition, the spatial resolution is not
generally symmetric but changes as a function of
location within the scan field of view (SFOV).

The resolution in the image is a function of a
number of factors relating to the design of the scanner
and the selected protocol operating parameters. The
focal distribution function (size and shape of the focal
spot), the detection function (active width of the
detector pixels), the sample spacing between rays in a
projection, number of projections per gantry revolu-
tion and the reconstruction process including the
selected algorithm.
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Fig. 7 Example
reconstruction algorithms and
the effect on the image
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Algorithm 2

The projected focal distribution function is pri-
marily responsible for the variable (non-stationary)
nature of the spatial resolution within an image. The
X-ray target is sloped at an angle (typically from 7 to
14°) as in Fig. 6. This is done to spread the heat on
the target to allow high tube currents to be applied
while maintaining a small projected focal spot size.
A small size is needed to maintain good resolution.
The central ray in Fig. 6a has the narrowest width and
thus the best inherent spatial resolution. The envelope
between the focal distribution function and a detector
is called the X-ray optical function. A small object
(a point for example) within the X-ray optical func-
tion cannot be resolved any smaller than the width
and sensitivity of the sampled beam at that location.
As the fan angle distance increases from the SFOV
center (isocenter), the projected width of the focal
spot increases as shown in Fig. 6b. Thus the radial
resolution in the image is reduced as the distance from
isocenter increases. Spatial resolution is generally
decreased throughout the image for the larger focal
spot sizes that may be required when higher tube
currents are employed.

The azimuthal resolution may also have a tendency
to decrease with increasing distance from isocenter
depending on the number of views sampled during
one gantry revolution. Consider a ray though iso-
center. The distance between successive angular view
samples depends on the number of views (projections)
per rotation and increases with the distance from
isocenter. Since the acquisition system is effectively
integrating (accumulating a measurement) over the
duration between samples, there is an increase in
azimuthal blurring with distance from isocenter since
the azimuthal spatial distance between samples is
increasing. Thus, the spatial resolution will generally
be highest near isocenter and degrade with increasing
distance. This effect can be reduced by choosing
modes that increase the number of views per rotation
since this reduces the sample spacing. In addition,
resolution is generally best within the central SFOV
region. This is another reason that centering the
patient can be important.

The reconstruction algorithm, sometimes called
the reconstruction filter or kernel, also has a signifi-
cant effect on the resolution available in the image.
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These algorithms can reduce or enhance the spatial
resolution of edges but they cannot increase the res-
olution beyond the inherent X-ray optical response
limit. Two example algorithms are shown in Fig. 7.
The MTF for algorithm 1 is typical for routine scans
while algorithm 2 is edge-enhanced and includes a
slight resolution increase (zero crossing of the MTF
occurs at a slightly higher spatial frequency). The
smallest resolution pattern is not resolved with algo-
rithm 1. Although the smallest pattern is resolved in
algorithm 2, the larger patterns are darker due to
increased modulation intensity while the surrounding
area is lighter due to an overshooting effect from the
edge enhancement. The noise pattern is also much
more intense with algorithm 2 as seen in the noise
power spectrum (discussed later). High resolution
algorithms, especially edge-enhanced algorithms,
amplify both the MTF and the noise. They can sig-
nificantly change the appearance of an image but
generally cannot change the inherent signal-to-noise
ratio or increase the inherent spatial resolution limit.
The inherent spatial resolution limit is the zero
crossing of the lowest spatial frequency element of
the image chain.

4 Z-Axis Resolution (Slice Sensitivity
Profile)

Spatial resolution in the Z axis is also a critical aspect of
CT image quality especially for reformatted 3D image
representations. Although Z-axis spatial resolution
could be described by an MTF curve in the same
manner as for in-plane resolution, it is often simply
referred to as the slice thickness. The slice thickness is
the full width at half maximum intensity of the slice
sensitivity profile (SSP). For multislice CT systems, the
ray envelope in the Z axis between the focal spot and a
detector cell is essentially responsible for the funda-
mental Z-axis resolution limit in much the same way as
for in-plane ray samples. Z-axis resolution is also
not a constant over all detector rows, but is altered by
the projected length of the focal distribution function.
The detector rows toward the cathode side of the tube
(Fig. 6¢) will see a larger focal spot than the rows
toward the anode side (Fig. 6d) and thus the cathode
side rows will have a wider inherent slice sensitivity
profile and reduced Z-axis resolution.

Reconstruction processing also affects the slice
sensitivity profile. The most notable example is heli-
cal scanning where combinations of detector row data
are weighted and included in the reconstructed image
to produce larger slices than the inherent detector row
aperture limitation. The weighting of various detector
row data defines the shape of the slice sensitivity
profile and hence determines the Z-axis resolution.
Not so obvious, are the effects of three-dimensional
axial reconstruction algorithms for multislice systems.
Three-dimensional back projection algorithms weight
and combine data rows from the larger cone angles as
a function of distance from isocenter. Three-dimen-
sional reconstruction methods significantly reduce
cone beam artifacts (discussed later) but can cause the
outer detector rows to have larger slice sensitivity
profiles than the rows near the center of the detector
where the X-ray samples are more perpendicular to
the detector face.

In addition to the Z-axis spatial resolution, the SSP
can affect the contrast of objects within the image. The
contrast of an object will be reduced if it is smaller than
the extent of the SSP. This reduction in contrast occurs
due to partial volume averaging of the contrast of the
object with the contrast of the surrounding region
within the slice. Thus the contrast of small ellipsoid
objects within an image is often increased by using
narrower slices. This contrast increase is slightly offset
however by the increased noise with narrower slices.
Narrower slices are noisier since fewer photons
contribute to the generation of the image.

5 Detectability, Image Noise
and Dose

The image science regarding object detectability in
the presence of noise is a very complicated topic and
even a simple review is well beyond the scope of this
chapter. Although we risk oversimplifying the sub-
ject, we will try to provide an intuitive understanding
of some of the basic principles. A good review of
concepts related to medical imaging can be found in
(ICRU54 1996). A comprehensive study of the sub-
ject can be found in the textbook by Harrison Barrett
and Kyle Myers (Barrett 2004).

The ability to detect small low contrast features in
CT images is one of the primary reasons that CT has
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Fig. 8 CT image noise
compared to white noise with
the same standard deviation
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become such an integral part of medical practice
(Hsieh 2003). It allows subtle low contrast tumors and
lesions to be detected in soft tissue that may not
otherwise be apparent using other diagnostic X-ray
imaging methods. The low contrast detectability
(LCD) performance of a CT system is a very impor-
tant characteristic since it is a measure of the ability to
identify low contrast features at a low X-ray dose.
This is the essence of the clinical CT dose reduction
problem: what do I need to detect and how much dose
is it necessary to use to be able to confidently detect
its presence or absence.

The inherent detectability of a low contrast object
in an image is related to its shape, size, contrast and
the noise and background environment within which
it resides. Noise can obscure small subtle low contrast
features. When such features are clinically important,
noise must be low enough to permit correctly identi-
fying them from the background. Noise in a CT image
is the random variation imposed on the true HU val-
ues of each pixel and is related to dose as well as
other factors associated with the design and condi-
tions of operation of the scanner. As the dose is
increased, the noise decreases approximately with the
inverse square root of the X-ray intensity. The use of
insufficient dose subjects the patient to the risk of an
inaccurate diagnosis if the noise is too high; however,
the use of too much dose subjects the patient to
unnecessary radiation. Thus, noise and its effects on
LCD is one of the most vital characteristics of a CT
image.
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5.1 The Nature of CT Noise
Image noise was carefully studied and characterized
in conjunction with the development of television by
Albert Rose while at RCA in the 1940s (Rose 1974).
Many of Rose’s early findings are directly applicable
to X-ray images. Rose found that the diameter and
contrast of an object must be 5 times greater than the
noise in a uniform background for 100% detectability
confidence. The noise that Rose studied is referred to
as white noise since the noise energy is uniformly
distributed as a function of spatial frequency. That is,
if you think of noise as random blobs of various sizes,
the intensity is similar for the largest to the smallest
size blobs for white noise. The small blobs are the
higher spatial frequencies while the larger blobs are
the lower spatial frequencies. As discussed above,
spatial frequencies in CT are generally presented on a
line pair per centimeter scale (1 p/cm). For example, a
spatial frequency of 5 line pairs per centimeter means
that five pairs of 1 mm light and 1 mm darker blobs
will fit into a 1 cm length. White noise can be accu-
rately characterized by a simple standard deviation
measurement and used to predict detectability in
accordance with the Rose criteria. Although it is
common to state CT noise as a standard deviation
value, this practice can be very misleading since CT
image noise is not white noise as studied by Rose.
The CT image noise spectrum is colored by the
filtered back projection image reconstruction process
such that the noise intensity changes as a function of
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spatial frequency. The consequences of this are
demonstrated in Fig. 8.

The two noise patterns in Fig. 8 both have a
standard deviation of about 8.4 yet the small low
contrast objects surrounded by white noise are much
easier to see than in the CT noise. This occurs since
the CT noise spectrum, in this example, is more
intense at the lower spatial frequencies than it is for
the white noise. As a result, the larger noise blobs
(lower spatial frequencies) are similar in size and
intensity to the small diameter low contrast regions.
To recognize these objects, they must be different
from the background environment. The small objects
in this example are similar in appearance to the noise
and therefore they are effectively camouflaged and
hidden. In addition the higher intensity of the low
frequency noise content makes the edges of the larger
low contrast regions appear more ragged. Since the
noise at the low spatial frequencies for the white noise
is less intense than for the CT noise in Fig. 8, the
same small low contrast objects are more visible in
the white noise. Thus, standard deviation as a measure
of image noise is not very useful metric to compare
dose utilization of CT systems or to assume that it
relates to LCD performance. Standard deviation is
useful for comparing the relative changes in noise
intensity only when the spatial frequency shape
remains unchanged. It is deceptive to compare the
standard deviations of image noise with different
spatial frequency shapes.

The noise power spectrum (NPS) shown in the
charts of Fig. 8 is a more complete description of the
image noise. The NPS shows the intensity of noise as
a function of spatial frequency. Unfortunately, the
NPS is not a simple single value such a standard
deviation. The complexity of the NPS, however, can
be more completely described indirectly in terms of a
low contrast detectability (LCD) specification. An
LCD specification identifies an object, generally of a
specific diameter and contrast, that is detectable in a
noise field at some dose. Unfortunately, the methods
and the confidence of detectability used for LCD
claims are not standardized and are not usually fully
disclosed. Since conditions of operation and mea-
surement methods vary, it is virtually impossible to
objectively compare LCD performance and dose
efficiency.

5.2 Feature Detectability and Noise

In Fig. 8 we provided an explanation of why the
smaller low contrast objects were more difficult to
detect in CT noise than in white noise even though
both have the same standard deviation. A meaningful
metric related to detectability is the signal-to-noise
ratio (SNR) (Judy 1981). The signal can be thought of
as the information about the object that is transferred
to the image. The signal is defined by those spatial
frequencies that provide information about the object.
The signal competes with the noise within the range
of spatial frequencies that describe the object. Spatial
frequencies beyond those describing the object are
considered excess bandwidth and usually do not have
a significant effect on object detectability unless they
are saturating the gray scale range of the image.

The SNR is related to the power of the spatial fre-
quency content of the object divided by the power of the
spatial frequency content of the noise. There are a
number of variations of SNR such as the ideal Bayesian
observer (IBO SNR) or the non pre-whitening SNR
(NPW SNR) (ICRU54 1996). The NPW SNR may also
employ a filter that models the effect of the human eye
(Rose 1948). The IBO SNR describes the inherent
image content while the NPW SNR (especially with an
eye filter) is a better model of the content that influences
the performance of a human observer.

Another method to more completely indicate noise
content is to filter a uniform CT noise image with a
kernel that removes those spatial frequencies that are
not associated with an assumed object to be detected
(Chakraborty and Eckert 1995) (Chao 2000). The
standard deviation of the filtered noise image (SDF)
indicates the variability of the noise that competes
with a defined object and is a better measure than the
raw unfiltered pixel standard deviation. A statement
about detectability for the defined object can also be
made based on the SDF. For example, if one wants
95% confidence that a region of the image contains or
does not contain the object, the object contrast would
need to be about 3.3 times the SDF. (Recall that Rose
found that the object contrast to be 5 times the SDF
for 100% accurate detectability.)

Other methods to determine LCD are the use of an
object template or NPW matched filter (Gagne 2006).
Essentially these methods try to estimate the required
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contrast difference between the object to be detected
and its background noise environment.

Task-based LCD methods such as receiver oper-
ating curve (ROC) analysis attempt to measure how
well a human observer can correctly determine if an
object is or is not present (Barrett 2004; Popescu
2007). Although the measurement of human task-
based activities, if done correctly, provides a virtual
ground truth statement regarding detectability for a
stated set of conditions, these methods require a
careful design of experiments considering all factors,
a sufficient number of observations and appropriate
statistical analysis tools. Hence, they are not eco-
nomically practical for most purposes.

On the other hand, although the use of phantoms
with fixed low contrast objects is perhaps the simplest
way to try to measure LCD, these methods can only
measure subjective opinions of what objects the
viewer thinks may or may not be detectable. Such
opinions have been found to be highly variable even
when the same observer grades the same image in a
random presentation (Levinson 1968; Keat 2003).
Thus such phantoms have very limited utility in
evaluating LCD of an image (ICRU54 1996).

The best practical solution for comparing LCD
performance and dose efficiency likely lies between
these two extremes and would utilize some form of
analytically measured SNR or LCD calculation based
on imaging a set of test objects under a variety of
attenuation conditions similar to the range of typical
patients.

5.3 Noise Relationship to Operating

Parameters, Patient Size and Dose

Now that we have some understanding of CT noise
and how it relates to detectability of small low con-
trast objects, we will discuss the factors the affect the
amount of noise in the image. X-ray generation at the
surface of the X-ray tube anode is a random Poisson
process. Thus, the mean number of X-rays received
by a detector channel during a measurement interval
is not always the same even when the materials
between the source and the detector are unchanged.
The measured value, related to the number of photons
weighted times their energy, will vary from the mean
approximately as the inverse square root of the mean

number of photons. This variation is referred to as the
X-ray quantum noise.

The X-ray samples that make up the projections
contain X-ray quantum noise and sometimes noise
from electronic or other sources as well. Noise in the
image is a function of tube current, scan time, helical
pitch, slice thickness, kVp, image reconstruction
processing, filtration and patient characteristics
regarding size, shape and anatomy.

5.3.1 Tube Current

The noise in a CT image can be reduced by increasing
the tube current. The number of photons in the image
and dose to the patient is proportional to the tube
current. If the tube current is increased by a factor of
four, the number of X-ray photons at all energies
increases by a factor of four. Thus, in this example,
the image noise would be reduced by one half (the
inverse square root of four). However, since we
increased the tube current by four in our example, the
dose would also be increased by a factor of four. On
some scanners, increasing the tube current setting
above some value causes the system to switch to a
larger focal spot. This larger focal spot can reduce
spatial resolution, especially away from isocenter.

5.3.2 Scan Time

The scan time is the time for the gantry to make one
revolution. The number of photons in the image (as
well as patient dose) is proportional to the scan time
in the same manner as tube current. Thus it is com-
mon to use milliamp seconds (mAs) as a relative
indication of the number of X-ray photons. Of course
increasing the scan time to reduce image noise
increases the risk of anatomic patient motion artifacts.

5.3.3 Helical Pitch

The number of X-ray photons (as well as patient dose)
is inversely related to the helical pitch. The helical
pitch is the ratio of the patient table travel per gantry
revolution divided by the total Z-axis detection
aperture at isocenter. Some CT vendors use the term
effective mAs to describe the mAs divided by helical
pitch as a relative indicator of the number of photons.

5.3.4 kVp

The selected kVp for the scan has a large influence on
the number of X-ray photons as well as on other
image characteristics. As shown in Fig. 2(A), the
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140 kVp spectrum not only provides photons at
increased energy, it also increases the photon intensity
over all photon energies. The increased number of
photons reduces the noise in the image but also
increases the dose to the patient. Also, recall that the
contrast (HU values) of human tissue relative to water
is decreased at increased kVp settings as shown in
Fig. 3. Thus, although the noise is reduced at higher
kVp values, the contrast-to-noise ratio for features of
interest may actually decrease for the dose used;
especially for Iodine contrast-enhanced tissue or
blood. Thus, it can be more dose efficient to use lower
kVp settings provided that the patient is small enough
for sufficient X-ray penetration (acceptable image
noise) and any associated increase in artifacts are
acceptable.

5.3.5 Slice Thickness

Another way to reduce the noise in the image is to
increase the slice thickness. The wider slice includes
more X-ray photons in the data for reconstructing the
image and thus is similar to increasing the tube cur-
rent regarding image noise. Although increasing the
slice thickness reduces noise without a typical
increase in patient dose, it reduces the z-axis resolu-
tion of the image and may lead to a reduction in
contrast-to-noise ratio due to volume averaging of
small features. The noise is generally reduced in
accordance with the inverse square root of the slice
thickness unless significantly affected by data
weighting of the reconstruction process.

5.3.6 Reconstruction Algorithm

The reconstruction algorithm (sometimes called the
reconstruction filter or kernel) changes the spatial
frequency content of the image noise as well as the
image features. This can have a substantial effect on
the standard deviation. For example in Fig. 7, algo-
rithm 1 has a standard deviation of 3.1 and algorithm
2 has a standard deviation of 12.5 even though both
were reconstructed from the same data. However, in
many cases the reconstruction algorithm does not
significantly influence the detectability of a small low
contrast object. The reason is somewhat complex. The
reconstruction algorithm boosts or reduces the fre-
quency content of both the object and noise in a
similar manner, and thus does not substantially alter
signal-to-noise ratio. However, the object can appear

somewhat more distinct if excess bandwidth is lim-
ited. Excess bandwidth is the spatial frequencies of
the noise that are substantially greater than that of
the object. For example spatial frequencies beyond
Slp/cm do not contribute substantially to the infor-
mation content of a 2 mm object, and hence using a
reconstruction algorithm that limits these spatial
frequencies may allow objects of this size to be
somewhat more visible (Hanson 1977). Ultimately the
choice of algorithm depends on the imaging task
(Wagner 1979) and/or the preferences and experience
of the human viewer.

5.3.7 NonlLinear Image Reconstruction
Methods

Nonlinear adaptive image filtering and iterative
image reconstruction methods can reduce the impact
of X-ray quantum noise on CT images and allow
lower dose while preserving clinical diagnostic utility
(Kalra 2003), (Singh 2011). These methods attempt to
preserve or enhance data that is statistically unlikely
to be noise and reduce the intensity of data that is
statistically likely to be noise. In this way signal-
to-noise ratios are improved for image features of
clinical of interest. Model-based iterative reconstruc-
tion methods, that are now just being introduced, have
the potential of very significantly reducing dose while
preserving diagnostic capabilities. These methods
offer significant opportunities to reduce the effects of
X-ray quantum noise on the clinical quality of CT
images and thereby provide comparable diagnostic
quality at substantially lower doses than today. The
challenge for these methods is to reduce reconstruc-
tion time and to maintain the integrity of the image
information.

Nonlinear adaptive image filtering and iterative
reconstruction methods also present significant chal-
lenges regarding objective measurements such as
MTEF, NPS and LCD. The MTF and NPS of these
systems may be variable as a function of object
contrast, shape and the surrounding noise environ-
ment. Thus a single MTF, NPS or LCD measurement
may not be representative of an overall image quality
statement. It may be necessary to specify SNR values
based on measured signal response and noise as a
function of object contrast, size and surrounding noise
environment. Ultimately, the clinical utility of these
methods will need to be carefully explored.
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5.3.8 Patient Size

Figure 9 compares the X-ray intensity range as a log
value for the range of typical patient sizes and various
scanner parameter settings. The total X-ray intensity
range for all factors is a factor of over five million.
Patient size and anatomy, however, account for about
one-half of the total X-ray intensity range and hence
the patient has the greatest influence on image noise.
The wide range of patient sizes require the user to
make substantial adjustments in mA or other param-
eters for each patient in order to maintain appropriate
image noise for the diagnostic task. In turn, the right
dose is the lowest dose necessary to provide accept-
able noise and object detectability for the diagnostic
task.

CT manufacturers have simplified the patient size
variation problem by introducing automatic tube
current modulation (ATCM) systems. ATCM systems
are also called AEC or automatic exposure control
systems. These systems adapt to patient size and
decrease mA for smaller patients and increase mA for
larger patients. This can significantly reduce dose for
smaller patients compared to using a fixed technique
that is not adapted to size. However, users must be
sure they fully understand the ATCM system on their
make and model scanner since significant operating
differences can exist.

ma (20 to scah time slice width pitch
400) {0.28-15) (0Smmto5 (0.5to2)
mm)

Some ATCM systems will attempt to hold the
image noise constant regardless of patient size while
others will allow the noise to decrease somewhat with
smaller patient sizes and increase with larger patients.
Radiologists prefer somewhat lower noise on smaller
patients, probably due to increased fatty tissue sur-
rounding the organs of larger patients (Wilting et al.
2001). Hence, radiologists desire a somewhat
increased SNR for small patients compared to larger
patients. Technique charts and protocols developed
for specific scanners and clinical tasks can provide
guidance; however, the required SNR as a function of
patient size for common diagnostic tasks is not rig-
orously known since an objective SNR metric has not
yet been adapted to record clinical opinions (Rohler
2010). Thus it is difficult to reproduce results on
different make and model scanners in clinical practice
since results are expressed indirectly in terms of
operating parameter settings for that particular scan-
ner. Since ATCM systems for different scanners
operate differently, users must take special care to
learn how to properly operate the ATCM system for
their scanner and follow the diagnostic task protocol
charts developed for that scanner. Otherwise the
potential dose savings offered by ATCM systems may
not be fully achieved.
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5.3.9 Patient Shape and Anatomy

In addition to the patient size, the shape and anatomy
of the patient also has a significant effect on image
noise. The noise in highly asymmetric attenuation
regions, such as the patient’s shoulders or pelvis, will
be most strongly dominated by the X-ray views in the
direction of the highest attenuation. The low intensity
of detected X-rays and the associated high quantum
noise and electronic noise exposure results in laterally
elongated or streaky noise patterns. Since the low
noise views in the AP direction do little to reduce
overall image noise that is dominated by the exces-
sively noisy lateral views, the mA can be reduced for
the AP views to save dose without having a detri-
mental effect on image noise. This strategy is
exploited by x—-y ATCM modulation and can reduce
dose up to 40% without a perceptible noise penalty
(Kalender 1999).

Streaky noise patterns from highly attenuating
directions (Fig. 10g), due to insufficient detected
photons and subsequent effects of electronic noise
interference are also often dealt with in the recon-
struction process by adaptively filtering the exces-
sively noisy data. This significantly reduces the
streaking noise patterns in the image. Although there
is a reduction in spatial resolution in a direction
perpendicular to the long axis, this is generally a
small price to pay for the dramatic improvement in
images of highly attenuating asymmetric patient
regions.

In addition to the patient shape, the patient’s
anatomy has a significant influence on the X-ray
attenuation and noise. For example the patient’s lungs
are less dense than the abdomen or pelvis. So even if
the external dimensions of the patient and technique
settings are the same, the noise can be significantly
lower in the chest since fewer X-rays are attenuated
than in the abdomen or pelvis. Patient attenuation is a
direct measure of how X-rays interact with matter.
Protocol adjustments based on attenuation are there-
fore more accurate than using external patient char-
acteristics such as patient age, weight, BMI or
external dimensions (Menke 2005). ATCM systems
provided by CT manufacturers uses patient attenua-
tion information from the CT radiograph scan and
thus can produce the most consistent results provided
that the user understands how to appropriately set the
controlling parameters for their particular scanner.

5.3.10 Electronic and Other Noise Sources
All data acquisition systems produce some small
amount of electronic noise. Generally this noise is
insignificant compared to the quantum noise variation
and does not affect image noise. However, electronic
noise can become a significant contributor to image
noise when X-ray levels are low due to large or very
asymmetric patient regions. Data-dependent filters,
discussed earlier, can mitigate the effects of electronic
noise. Proper patient centering and the use of appro-
priate dose for large patients also minimize electronic
noise contribution.

Another noise source occurs when scattered X-rays
from regions outside the intended X-ray sample paths
impinge on the detector. Since scattered X-rays do not
contribute to the image information, the signal vari-
ations they cause are a source of noise. Scattered
X-rays can be a significant problem for wide beam
scanners since large regions of the patient are
producing scatter. It should be noted that scatter cor-
rection algorithms that help minimize artifacts do not
reduce scatter noise. To reduce the effects of scatter
induced noise, CT vendors employ detector collimation
to block scattered X-rays from being detected.

5.3.11 Bowtie Filters and Patient Centering
Pre-patient X-ray beam shaping filters (bowtie filters),
used on virtually all CT scanners, help reduce surface
dose without a significant image noise impact if cer-
tain precautions are followed. X-ray path lengths are
generally shorter for those rays away from the center
and toward the edge of the patient. Therefore, X-ray
intensity can be reduced to better balance the detected
signals for improved dose efficiency. However,
the patient must be appropriately centered within
the SFOV to achieve the desired improvement. If the
patient is off center, the most attenuating part of the
patient combines with the increase bowtie attenuation
to reduce the X-ray intensity. Noise increases of up to
15% can occur for adult abdominal patients that are
6 cm off center (Toth 2007). If patients are typically
miscentered, then technique factors may likely be set
somewhat higher to compensate for the increase in
image noise.

Patient centering is also important with regard to
ATCM systems. Z-axis ATCM requires information
about the patient prior to the CT scan to forecast
tube current utilization and dose. This information is
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Fig. 10 Summary of CT
artifacts. a Water Beam
hardening. b Bone beam
hardening and/or scatter.

¢ Partial volume, bone beam
hardening and/or scatter.

d Patient Motion. e 3D
artifacts. f Helical and cone
beam. g Low signal streaks.
h Aliasing artifacts. i Off focal
radiation. j Tube arcing
(spit). k Vibration. 1 Electro-
magnetic interference (EMI).
m Detection/calibration
artifacts

typically obtained from the CT radiograph data. Since source, the patient will appear larger when closer to
the fan beam magnification for the projections are the source and smaller when further from the source.
dependent on the distance of the patient from the The most accurate mA predictions by the ATCM
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system occur when the patient is reasonably well
centered so that source to patient distances and
resultant magnification are consistent.

5.4 The Clinical Diagnostic Problem

with Noise and Dose

In summary, the clinical diagnostic problem is to
determine if an abnormal medical condition does or
does not exist within otherwise normal human anat-
omy. The image noise and associated dose to
accomplish a given clinical diagnostic task with
acceptable confidence is difficult to measure. Almost
all such studies to date employ qualitative opinions of
image quality graded on an arbitrary scale of 1-5 for
example. However, the determination is best mea-
sured with task based experiments that systematically
vary or control all significant clinical factors,
including dose, and objectively score the accuracy of
the clinical outcome results. Such studies require a
complicated design of statistical experiments that
must be carefully targeted with a sufficient number of
cases and observations in order to determine how one
or more factors such as dose may or may not influence
detectability.

The need to use artificial CT noise addition
methods that accurately simulate dose reductions in
clinical images or the use of cadavers further com-
plicates these studies since subjecting live human
patients to unnecessary multiple scans at various dose
levels is clearly out of the question. In addition,
assuming that acceptable diagnostic accuracy out-
comes can be accurately determined with suitable
statistical significants, the results are known only as a
function of the conditions of operation, patient pop-
ulation and the make and model scanner that was
used. Thus, in spite of the experimental cost and
complexity of such research endeavors, the knowl-
edge is limited since it generally cannot be used to
duplicate results on other make and model scanners.

The use of CTDI,; or DLP as an indirect indicator
of image quality also has significant limitations since
it is only one of the significant factors effecting image
quality. CTDI,, and DLP are only an indication of
the dose delivered by the scanner to a fixed size
reference phantom. A size specific dose estimate
(SSDE) that provides adjustment factors for CTDI,,,
based on patient dimensions would be an improvement

(AAPM 2011). However, CTDI,,; or even SSDE does
not indicate how much of the X-ray is detected or how
efficiently the X-rays are processed to produce the
image. These factors can be very different for various
make and model scanners. Thus different scanners or
operating conditions may require different dose values
to achieve the same clinical image quality. CTDI,,
should only be used as a very rough guide for estab-
lishing protocol notification and warning limits for a
given clinical task and range of patient sizes.

6 Image Artifacts

Image artifacts are systematic distortions and mis-
representations of features within an ideal image that
are generally not associated with how much dose is
used. There are a wide variety of artifacts which are
summarized in the collage of Fig. 10. We will discuss
each of the artifacts, shown in Fig. 10 in the following
paragraphs.

6.1 A: Water Beam Hardening

This image shows how a water phantom would look if
the reconstruction process did not apply beam hard-
ening corrections for water. Since the effective
attenuation decreases with increasing lengths of
material, a cupping artifact would be produced where
the HU values at the center would be lower as the
effective decreases due to beam hardening. A water
beam hardening artifact, beyond the CT vendors
specification, should never be seen in a properly
functioning CT system.

6.2 B: Bone Beam Hardening

and/or Scatter

Even though beam hardening is corrected for water,
other materials with high atomic numbers, especially
bone or a metal prostheses will not be properly cor-
rected in the data. Such beam hardening results in
inconsistencies in the data that produces shading arti-
facts between bones or adjacent to the skull in head
images. The shading in the soft tissue region of the head
image in Fig. 10c is another illustration of how bone
beam hardening might appear. Although corrections
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for beam hardening are generally included for some CT
reconstruction modes, especially for head scanning,
(Joseph 1982) (Chen 2001) these corrections usually do
not completely eliminate such artifacts. In theory, dual
energy CT can virtually eliminate beam hardening
artifacts; however, similar looking artifacts can still be
present due to scatter contamination of the measure-
ments or partial volume errors.

Scattered X-rays can produce similar looking
shading artifacts in the image. Since highly attenuated
samples are filled in by scattered X-rays it produces
data inconsistencies similar to the beam hardening
due to high atomic number materials. Scatter correc-
tion algorithms are often used to minimize these
artifacts, especially for wide beam scanners that can
produce more scattered X-rays than scanners with
smaller Z-axis detector coverage.

6.3 C: Partial Volume, Bone Beam

Hardening and/or Scatter

In addition to bone beam hardening or scatter, dis-
cussed above, broad shading artifacts can be caused
by partial volume errors as well. Artifacts due to
partial volume effects can be indistinguishable from
beam hardening; however, such artifacts were much
more common on older single slice CT scanners.
Multislice scanners, with narrow slices are less prone
to partial volume artifacts since larger width slices are
summations from narrow individual detector row data
after the log correction step.

6.4  D: 3D Artifacts

Sometimes artifacts will show up in reformatted
images even if they are not obvious in the axial CT
images. An example is this stripe artifact in a MIP
image that is due to asymmetric noise in the axial
images. Special algorithms are often employed to
minimize such issues.

6.5 E: Helical and Cone Beam

Helical or spiral scanning with continuous table
motion is very common for body and chest proce-
dures. Helical scans can produce artifacts near dense

features that change rapidly within the slice plane
such as near the angled rods that simulate ribs in this
image. These artifacts are intensified at high pitch
rates. The pitch is the table travel per gantry revolu-
tion divided by the total length of the active detector
rows. These artifacts generally do not exist in axial
scan modes; however, a similar artifact can occur near
such features due to the cone beam effects for images
reconstructed from detector rows away from the
center of the detector in wide beam scanners. CT
vendors employ proprietary reconstruction methods to
minimize cone beam and helical artifacts.

Helical artifacts can also be minimized in scanners
that dynamically alternate the focal spot position in
the Z axis (Flohr 2007). This approach requires that
the Z-axis source collimation be opened sufficiently to
accommodate both focal spot positions, increasing the
potential for X-ray scatter as well as patient dose. It is
not possible to track the rapid focal spot movements
required by this technique with a dynamic collimator
as it is in conventional helical scanning (Toth 2000).

6.6 F: Patient Motion

Patient motion artifacts are caused by organ move-
ment (such as an aortic dissection artifact) or patient
movement. Patient motion can cause shading, blur-
ring, false features and/or streaking. Movement of
patient anatomy while scan data is being collected
causes inconsistencies that violate the mathematical
integrity of the reconstruction process. Increased scan
speeds and/or function anatomic gating can help
minimize such artifacts with a cost of increased image
noise.

6.7 G: Low Signal Streaks

Streaky noise artifacts occur for large asymmetric
patient regions with low detected photon counts. The
low photon counts and electronic noise can cause
severe issues since signals are approaching zero into
the log operation during image reconstruction. Elec-
tronic noise contamination occurs when the detected
X-ray signal is low such as through the long axis of
dense regions. Since electronic noise is generally
relatively constant and is a small value compared to
the detected signal plus the X-ray quantum variations,
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it will not have a significant effect except when the
detected X-ray signal is weak due to a large patient
and/or low technique factor settings.

Electronic noise is most evident as lateral streaks
in scans through the shoulders or when the patient’s
arms are positioned at their sides. Scanner vendors
generally apply mitigation algorithms (often in the
form of low pass filters) that become active for pro-
jections contaminated by electronic noise and low
signal levels. This reduces resolution but can sub-
stantially improve an otherwise unacceptable image.

6.8 H: Aliasing Artifacts

The fine line patterns are aliasing artifacts that are
caused in this case by insufficient channel spatial
samples within the projection. Aliasing is when
higher frequencies are misrepresented as lower fre-
quencies due to insufficient sample frequency. An
example of aliasing is when wheel spokes appear to
be improperly rotating (stopped, too slow, or rotating
backward) in a video of a moving vehicle. In this case
the frame rate of the video is not fast enough to
capture the spoke before it crosses half the distance
toward the next spoke so the spoke can appear to
move backward in the next frame relative to the last
position of the spoke ahead of it. In CT the spatial
sampling, between detector cells can cause spatial
frequency aliasing. This can manifest in the form of
fine streaking patterns from sharp high contrast
objects or edges.

CT vendors typically employ a clever quarter off-
set detector alignment strategy that reduces aliasing
(La Riviere 2004). The focal spot can also be
dynamically positioned to double the effective num-
ber of detector cell channels in a view (Flohr 2007).
Significant aliasing in an image generally means that
the system requires servicing.

6.9 I: Off Focal Radiation

Off focal radiation from the X-ray tube can cause the
tissue near ribs to disappear and tissue at the bone
brain interface for heads to become shaded. Off focus
X-rays are produced as some of the electrons that are
accelerated toward the anode are backscattered and
then re-attracted indiscriminately by the positive

potential of the anode. X-ray tubes with metal frames
and electron collectors for backscatter can minimize
most of this off focus radiation. Glass frame X-ray
tubes generally have higher levels of off focus radia-
tion that produce a very broad low intensity blurring.
This blurring is generally not apparent except at edges
with high attenuation transitions such as brain tissue
near the skull or the tissue around the ribs near the
lungs. Corrections for off focal radiation are some-
times employed to minimize these effects for tubes
with significant off focal radiation. Even if minimized
by reconstruction corrections, off focal radiation also
slightly adds to the patient dose.

6.10 J: Tube Arcing (Spit)

During the normal course of operation X-ray tubes
can exhibit micro arcs (tube spit) in response to
particles or gas released from materials within the
vacuum chamber. Normally these events are so brief
they do not cause any observable effects in the image.
In extreme circumstances, there can be multiple tube
spits that can affect the image. Severe tube spits can
appear as a spray of fine streaks generally pointing to
the position of the tube at the time of the arc.
Excessive spitting can be a sign that servicing is
required.

6.11 K: Vibration

Normally the focal spot moves only slightly due to
thermal effects, centripetal force and gravity. These
minor motions generally have little effect on the
image or are compensated by active feedback control
such as focal spot positioning and/or beam tracking
systems. However, in extreme cases such as X-ray
tube bearing failure, erratic focal spot vibrations
can be intense enough to cause the broad streak pat-
terns such as those shown in the brain tissue of this
image.

6.12 L: Electro-Magnetic Interference

Electro-magnetic interference (EMI) is when stray
magnetic or electric fields are picked up by the data
acquisition system. Depending on the EMI frequency
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and scan conditions of operation, various swirling
and/or hash mark patterns as shown here can be added
to the image. Such patterns are an indication that
scanner servicing is needed.

6.13 M: Detection/Calibration Artifacts
The appearance of rings, bands or center artifacts can
occur when one or more detector channels is not
properly corrected during the image reconstruction
process. The center channels of the detector are par-
ticularly sensitive to errors. Calibration and correc-
tions for center channels must be within 0.05% to
avoid center artifacts. Errors can result if routine
calibrations are skipped, if a detector channel has
excessive drift, or if small particles or imperfections
exist in the pre-patient collimation and bowtie
filter mechanisms. These types of artifacts can be
an indication that the system requires calibration or
servicing.

7 Summary

CT image quality is a complex topic with multiple
competing characteristics. In general, changing the
dose affects only the image noise intensity which in
turn affects the ability to visualize low contrast fea-
tures. Use of lower kVp, can improve the contrast-
to-noise ratio of image features and thus can allow the
use of lower dose depending on the diagnostic prob-
lem and patient size. In general spatial resolution and
image artifacts are not affected by dose. However,
there are some exceptions. For example, if increasing
the dose output requires using a larger size focal spot,
then spatial resolution will be reduced. The wide
range of patient sizes requires a wide range of tube
current adjustments to maintain appropriate signal-
to-noise ratios. The range of patient sizes can be
managed by understanding and properly using the
AEC and dose reduction features provided by the CT
vendor.

We would like to leave the reader with a final
thought regarding CT image quality. The required
image quality for a clinical diagnostic task depends on
the question: what do I need to detect and how much
dose is it necessary to use to be able to confidently
detect its presence or absence? A precise answer and

expert agreement may never be achieved, but our
challenge is to keep pushing back the curtain of
ignorance.
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Abstract

The CT scanner consists of many hardware and
software features that affect patient dose. Many of
these are controlled by the user, or are implicit
within organ specific scan protocols. To under-
stand many of these features and their implications
on radiation dose to the patient, it is valuable to
understand the CT dose indices that are commonly
used and their limitations. This chapter begins by
reviewing currently used, and accepted, dose
descriptors for CT scanners, and outlines some of
the limitations of these parameters whilst still
advocating their valid use in the description of
dose characteristics of CT scanners, and specifi-
cally in the comparison of CT scan protocols. The
second part of the chapter discusses the effect of
the scanner and scan protocol parameters on the
dose to the patient. Specifically these are separated
into some key hardware features, and then param-
eters which are usually selectable by the user
within a scan protocol. A brief description and
overview of these features are given, as well as
aspects of their implications on image quality.

1 Introduction

The CT scanner consists of many hardware and
software features that affect patient dose. Many of
these are controlled by the user or are implicit within

D. Tack et al. (eds.), Radiation Dose from Multidetector CT, Medical Radiology. Diagnostic Imaging, 101
DOI: 10.1007/174_2012_542, © Springer-Verlag Berlin Heidelberg 2012
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Fig. 1 Standard-sized CTDI PMMA phantoms (14 cm axial
length. diameters: 16 head, and 32 cm body), also showing
100 mm ion chamber and electrometer. This body phantom is
made up of the head phantom, and an additional annulus to
form the body phantom

organ-specific scan protocols. To understand many of
these features and their implications on radiation dose
to the patient it is valuable to understand the CT dose
indices that are commonly used and to understand
their use and their limitations.

The first part of this chapter reviews dose descriptors
for CT scanners, and outlines some of the limitations in
the currently used and accepted parameters.

The second part of this chapter discusses the effect
of scanner and scan protocol parameters on the dose
to the patient.

2 Radiation Dose Metrics in CT

Unlike a conventional diagnostic X-ray where the
surface entrance radiation dose is the highest, and
decreases through the patient, in CT the radiation
dose is more uniformly distributed throughout a
scanned object or patient since it is irradiated from all
angles.

The radiation dose distribution from a CT scanner
is a complex pattern determined in the scan plane by
the nature of the X-ray fan beam, passing through
a shaped filter, and irradiating all angles around a
patient. Along the z-axis (patient axis) this distribu-
tion is determined by the spacing of the axial scans, or
the spiral pitch in helical scanning. This presents
particular challenges for identifying suitable dose

parameters to describe the nature of the radiation dose
to a patient.

The absorbed dose descriptor widely used in CT is
the volume computed tomography dose index
(CTDI,)) (mGy) calculated from measurements in
standard phantoms. The total amount of absorbed
dose from a CT examination can be characterised by
taking into account the CTDI,, and the physical
length of the examination, and this product is
described as the DLP (mGy.cm). Any scan parameter
that affects the CTDI,; will affect DLP in the same
way.

The CTDI,, and the DLP are standardised
parameters, and are displayed on the scan console as
required by the IEC standards on safety in CT (IEC
2009).

Radiation dose is measured in order to obtain some
information about the effect on the patient, and in
order to do this the effective dose, E, Sievert, (Sv) is
defined, as a measure of the risk of cancer induction
in the patient from the effects of the radiation. In CT
the effective dose can be estimated by the product of
the CTDI,,, value and the exposure length to obtain
the DLP from which the related radiation risk, as
measured by E, can be calculated using tabulated
factors that depend upon the radiation sensitivity of
the organs covered in the scan.

2.1 Computed Tomography Dose

Index (CTDl, o)

The general form of the CTDI,,, is a value of radia-
tion dose that represents the absorbed dose (energy
imparted per unit mass, generally quoted in milli-
Gray (mGy)) to the central slice region of a scanned
volume. It is calculated, and derived, from a mea-
surement using a single slice exposure.

It can be measured in air, generally at the isocentre,
and quoted as CTDle ., Or measured in standard
composition (polymethylmethacrylate (PMMA), acrylic,
Perspex™ or Lucite™) and size phantoms, of 14 cm
length and 16 and 32 cm diameter, representing head and
body respectively (Fig. 1), and is quoted as the CTDI,, or
the CTDI, (AAPM 2008, IEC 2009, IPEM 2003). It is
usually measured with a 100 mm pencil ionisation
chamber.

The CTDlIgee 4 1S @ useful parameter for character-
ising the radiation output of the scanner at the isocentre.
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Fig. 2 Graph of the single
slice dose profile, showing
the 100 mm CT pencil ion

chamber used to measure CR!;;Z"VE
the integral dose, and a
demonstration of the
calculation of the computed
tomography dose index
(CTDl00)
lon chamber

CTDI -

Dose integral mapped into
rectangle width (NxT)’

Single slice dose profile

\_/{

Fig. 3 The relationship
between the CTDI value

and the multiple slice average
dose (MSAD) where the
integration length for the
CTDI matches the scanned
length for the MSAD

Relative
dose

Z-axis

MSAD = CTDI

The CTDI,,, is useful for characterising the radiation
absorbed dose to a phantom from a typical scan
protocol.

The general form of the CTDI, whether measured
in phantoms or air, consists of three components; the
dose integral (D), the integration limits (£L/2) (where
L is length of the detector active volume) and the
nominal beam width (N x T), where N is the number
of simultaneously acquired data (or image) slices and
T is the nominal data acquisition (or slice) width:

" p2ya )

vy

1
CTDI = ——
NxT
It is generally known as the CTDI;o9p when

measured with the 100 mm pencil ion chamber,
giving an integration distance of 100 mm.

+50

1
CTDI]()() = m_/SOD(Z)dZ (2)

This is shown schematically in Fig. 2, whereby the
‘tails’ of the integral are folded into a rectangle whose
width is the nominal beam width (N x 7).

When calculated from measurements made in the
standard phantoms, the CTDI,, is given as the
weighted average of the dose at the central position
and the peripheral positions. It is weighted by

- T+ Z-axis

one-third of the central position to two-thirds of the
peripheral position (Leitz et al. 1995). The aim is to
represent the average dose across the whole of the
phantom cross-section.

1 2
CTDI,, = 3 CTDI, + 3 CTDI, (3)

Where

CTDI, = CTDI o9 measured in the central phantom
position

CTDIp = CTDI, oy measured in the periphery phantom
positions

The concept of the CTDI, is to represent the
average dose in the central slice region of a scanned
volume of length 100 mm, as though the phantom
were scanned with a pitch of 1 or contiguous axial
slices, and can be interpreted as the multiple scanned
average dose (MSAD), Fig. 3.

To give an indicator dose for volumes that are
scanned with non-contiguous slices, or with a pitch P
not equal to one, a correction factor is applied to the
CTDI,, to give the CTDI,, (mGy).

1
CTDL, = 5 CTDI, (4)

CTDI,, per mAs is sometimes given as the nor-
malised CTDI,, (,CTDI,). This can be a useful
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way of characterising a scanner but should not be
used to compare protocol doses due to different
applications of mAs.

2.2 The Dose Length Product (DLP)
While the CTDI,,, is a measure of the absorbed dose
at the central slice region of a 100 mm scanned
volume, some consideration needs to be given for the
extent of the patient receiving this dose. The DLP
takes into account the length of patient scanned. It is a
value representing the total amount of radiation dose
imparted. It is the CTDI,,,; multiplied by the scanned
length (L), in units of mGy.cm.

DLP = CTDI,, x L (5)

The CTDI,,, can be used to compare the absorbed
dose for specific protocols, however the DLP con-
siders all aspects of the protocol and so can be used to
determine the radiation risk.

23 Effective Dose (E)

The effective dose (E) is a measure of the risk of
cancer induction in the patient from the effects of the
radiation. It takes into account the total amount of
absorbed dose received and averages it to give a
whole body effective dose. Special attention is given
to organs that are particularly sensitive to radiation,
and the absorbed dose to these sensitive organs is
weighted as having a greater potential effect to the
patient.

Effective dose may be estimated by measurements
made in anthropomorphic phantoms, or by using
numerical simulations using the Monte Carlo tech-
nique. Both require time and specialist expertise, and
publications of reference results allow users to estimate
E for their own protocols. Such publications are from
the National Radiological Protection Board (NRPB) in
the United Kingdom (Jones and Shrimpton 1991) or the
Institute of Radiation Protection (GSF) in Germany
(Zankel et al. 1991). Packages are available to carry out
organ dose and effective dose estimates. Some are
available for purchase, or a free Excel spreadsheet can
be downloaded from www.impactscan.org which is
used together with the NRPB organ dose coefficients
(McCollough et al. 2000) (AAPM 2008).

A generic calculation methodology has been
proposed by the European Working Group for Guide-
lines on Quality Criteria in Computed Tomography
(Jessen et al. 2000), and using this methodology E can
be estimated from the DLP which is usually reported
on the console of most clinical CT systems. Effective
dose values calculated from the NRPB Monte Carlo
organ coefficients (Jones et al.) were compared to DLP
values for the corresponding clinical exams to deter-
mine a set of conversion coefficients (k), where

E(mSv) = k x DLP (6)

The most commonly used factors are given by the
NRPB (Shrimpton et al. 2005) and also quoted by the
AAPM (2008). These references give values for both
adults and paediatrics. For adults the k-factors for the
head and neck region are based on scanning in head
mode, and utilising the 16 cm diameter CTDI phantom.
These are: head and neck 0.0031, head 0.0021, and neck
0.0059. The k-factors for adult body scanning are based
on the 32 cm CTDI phantom, and are: chest 0.014,
abdomen and pelvis 0.015, and the trunk region 0.015.

It should be noted that there are different values
published in other literature, in particular for the chest
region. Also, the values given above are based on
organ weighting factors given in ICRP 60. Newer
organ weighting factors published in ICRP 103 result
in different k-factors (Huda and Magil 2011).

Caution must however be taken not to consider
that an effective dose is an accurate or appropriate
measure of risk for an individual patient, since it is
based upon assumptions relating to an average pop-
ulation. It is a broad measure of risk, and as such is
useful for comparing the relative risks of different
scan protocols or CT scanner systems.

3 Limitations of the CTDI,

The two descriptors, the CTDI,, and DLP, have
limitations in their application, and must be used with
a clear understanding of these limitations. The
CTDI,,, represents the average absorbed dose to a
PMMA phantom, at the central slice region of a series
of scans or helically scanned volume. It is not patient
dose (McCollough et al. 2011). This would only be
true if the patient consists of PMMA, is of the same
diameter as the phantom at 16 or 32 cm, about 14 cm
long, and the scanned volume is 100 mm in length,
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Fig. 4 The dose profiles from multiple contiguous slices, with
the scan length shown on each profile from 100 to 400 mm
(reproduced with permission)
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Fig. 5 Showing the CTDI,y efficiency as a function of beam
width. The percentage weighted CTDI100 efficiency is the
weighted CTDI;(, as a percentage of its equilibrium value
weighted CTDI,, (reproduced with permission)

all of which are clearly not true. Wide beams also
present problems for the measurement and interpre-
tation of CTDI,,;. However, despite the fact that the
CTDI,,, does not give direct patient dose, it is mea-
sured in a standardised manner which is easily
repeatable in the clinical environment, and it produces
values which can be related to patient dose and
therefore used to optimise clinical protocols.

3.1 Limitations of CTDI: Scanned Length
The average dose to the central slice region of a
series of slices increases with increased scan
length, as shown in Fig. 4 (Nackonechny et al. 2005;

CTDIw/100mAs (mGy)

Phantom diameter (cm)

Fig. 6 Relationship between phantom diameter and CTDI,,

AAPM 2010). This is because the scatter tails of the
dose profiles extend to a considerable distance and
therefore contribute to the dose of the central slice.
The height of this cumulative dose profile rises to an
equilibrium value at around 350 mm of irradiated
length.

The average dose to the central slice region from a
series of slices extending over 100 mm is equivalent to
the CTDI, value, and it is seen (Fig. 4) that this value
will underestimate the dose for scans of more than
100 mm length. As an example, for a scan of 200 mm
length the dose is underestimated by about 30%.
It should be noted that CTDI,;(y, also overestimates
dose for scan lengths of less than 100 mm, though this
is a less common occurrence than longer scans.

3.2 Limitations of CTDI: Beam Widths
The development of wide beam scanners causes a
problem for the CTDI as a radiation dose metric,
since the phantom and chamber lengths, 140 and
100 mm respectively, were designed to be long
compared to the beam width and that is no longer the
case with current scanners. The error introduced may
be described as the “CTDI efficiency” (Boone 2007),
shown in Fig. 5. The CTDI, efficiency relates to the
errors arising from the short length of the phantom
and chamber. For beams wider than 40 mm the effi-
ciency of CTDI(, starts to drop gradually as the
beam width increases, until at 80 mm the efficiency
decreases rapidly. In conclusion, the current CTDI g
metric is not an accurate representation of dose for all
beam widths. However, for beam widths less than
40 mm, the inaccuracies are at least consistent, and so
doses for beam widths up to this length can be directly
compared using CTDI
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3.3 Limitations of CTDI: Patient Size
CTDI,,, represents the absorbed dose to specific-sized
phantoms. The same scan protocol used on two
patients, one small and one large, will have the same
CTDI,,, value, but will result in different absorbed
doses. The actual dose to the large patient (absorbed
energy per mass) will be lower. It will also be
apparent that the image noise in the larger patient will
be higher. However, if the larger patient were scanned
with a higher mAs, to give a more equivalent image
noise as that in the standard-sized patient, the CTDI,
would be higher, though this does not necessarily
mean that the patient dose would be higher, since this
can only be determined by further calculations based
on the actual size of the patient.

This can perhaps be best shown in relation to the
phantom sizes used to quote CTDI,,, (Fig. 6). As an
example, using a given body scan protocol, mea-
surements show that the 16 cm diameter phantom will
receive a dose of about 14 mGy as given by the
CTDI,,,. However the scanner will show a CTDI,,,
for the 32 cm phantom, for which the value is 7 mGy.
Clearly then, the dose to the smaller phantom will be
underestimated. This has general implications for
assumptions about dose to patients of differing sizes,
but also especially to paediatric patients. From this
simple illustration we see that when comparing CT
scan protocols using the CTDI,, it is essential that the
protocol for a standard-sized patient is used. An
additional cautionary observation is that some man-
ufacturers quote CTDI values for paediatric body
protocols using the 16 cm ‘head’ phantom.

3.3.1 Summary: Limitations of CTDI,,,

The CTDI,,; is an index of absorbed dose from a
calculation of a dose integral over 100 mm, so it does
not represent the dose for scan lengths longer, or
shorter, than 100 mm. It is therefore not representa-
tive of the actual dose from other scanned lengths. It
is also measured in standard PMMA phantoms of
given diameters and is not representative of the
patient. However, as a tool to compare protocol doses
it is eminently suitable.

Although the effective dose E is the value used to
describe patient risk, we may use CTDI,,, as a pro-
tocol and scanner comparator, since E is directly
proportional to the CTDI,,, value for the same scan
length and body region scanned. Furthermore, the

measurement of CTDI,, is defined and standardised,
is presented on the scanner console by the scanner
manufacturer, and uses equipment commonly found
in Radiology and Medical Physics Departments, and
so can easily be measured by users.

The DLP is also easily obtained once the CTDI,,
for the protocol is known. The DLP can then be used
to estimate effective dose and risk from standard
tables for the organs exposed during the scan.

4 CT Scan Protocol Parameters
Affecting Radiation Dose—
Overview

This section deals with the parameters that can be
selected when performing a CT scan, and how they
impact the image quality and radiation dose to the
patient.

The absorbed radiation dose is the energy per unit
mass absorbed from the X-ray photons interacting
with the patient. It is proportional to the incident
number of photons per unit mass, and will vary with
any scan parameter that affects that number. This is
influenced by scanner hardware and software features.
The operator has control over these features, both at
the time of purchase through selection of the make
and model of the scanner, and on a daily basis through
the choice of scan parameters for each patient.

The scanner has a number of hardware compo-
nents, inherent to the system, that affect patient dose;
sometimes these are changed automatically by the
scan protocol set up and sometimes they are selected
by the user.

CT scan protocol parameters have a key influence
in determining the radiation dose of an examination.
These parameters can be divided into two broad
categories, scan parameters and reconstruction
parameters. Scan parameters have a direct effect on
radiation dose. Reconstruction parameters have an
indirect effect in that they do not directly affect the
radiation dose, but may affect image quality, and
therefore the user may then wish to change the exposure
parameters to achieve a certain image quality.

When discussing patient dose, and factors that
affect the dose, we also need to be aware of the effects
on image quality, and this is the subject of the other
chapters in this book. In its simplest form, radiation
dose to the patient can be considered as the photons
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Table 1 MDCT Hardware parameters not usually directly selected, affecting patient dose

Parameter Effect on patient dose®

X-ray tube filtration
(flat and bow-tie)

Generally decreases with
increasing tube filtration

Focal spot size
(mm X mm)

Marginal increase in dose with
larger focal spot may be seen

Effect on image quality®

Optimised bow-tie filter will give more uniform distribution of
image noise. Increased filtration will reduce iodine contrast

Limiting spatial resolution decreases with increasing focal spot size

4 Effect of each parameter, assuming other parameters are kept constant

being absorbed by the patient, and image quality by
the photons being absorbed by the detectors.

Optimisation is the process of the selection of
appropriate scan and reconstruction parameters to
answer the diagnostic question at the lowest radiation
dose. This will vary according to scanner model,
diagnostic task and patient characteristics. Initial scan
protocols are usually provided by the manufacturer’s
application specialist, but are often adapted to local
requirements, either at the time of applications
training, or at a later date.

Although radiation doses depend on scanner
design characteristics, greater variations are usually
encountered due to differences in user selection of
scan and reconstruction parameters. This chapter
therefore focuses on the effect of user selectable
parameters on radiation dose.

The following sections will review, in the context
of radiation dose to the patient, together with related
image quality effects,

e Scanner hardware characteristics.
e Scan protocol parameters

Scan reconstruction and viewing parameters will

be briefly addressed.

5 Scanner Hardware Characteristics

There are many physical features of the scanner that
affect radiation dose and image quality. Some can
only be chosen at the time of purchase, since they are
characteristics of the manufacturer and model con-
struction and operation. Such “fixed” characteristics
are gantry size (scanner geometry), filtration, beam
shaping filters and focal spot. Some of these param-
eters will change by default according to the type
of scan, region-specific scan protocols, or other
parameters that are set by the user. For this reason it is
essential to ensure that the patient is scanned with the
appropriate scan protocol, and to be aware of other
features that may change (Table 1).
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/_ X-ray — Iflh‘zzaCTCorrpm\y
tube
shapedfilter —s p._a /
flat filter =—— g’:: st

focusto
detectors

<«—— detectors

\ 7

Fig. 7 Schematic cross-sectional view of a third generation ct
scanner

5.1 Gantry Size (Scanner Geometry)

The tube to isocentre, and the tube to detector dis-
tances are relevant to the patient dose and to the dose
to the detectors respectively (Fig. 7). The inverse
square law dictates that the further away from an
X-ray source, the less the radiation is received. It is a
common misconception that shorter geometry scan-
ners give higher dose to patients. However the ratio of
these two distances tends to be similar for most
current scanners, approximately 0.67. Therefore the
tube can be run at a lower tube current on smaller
gantry scanners for the same image quality and a
similar patient dose as on larger gantry scanners,
though skin dose needs careful consideration partic-
ularly for procedures such as CT fluoroscopy.

For this reason for a given protocol the tube
current, or a value of the normalised CTDI,,, per mAs
should not be used as comparison between scanners,
as the values will reflect the geometry, and not the
actual doses given for a particular scan.
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5.2 X-Ray Tube Filtration

(Flat and Bow-Tie Filters)

CT scanners generally utilise a greater amount of
filtration than conventional X-ray units, in order to
minimise the amount of beam hardening that occurs
as the beam passes through the patient. The tube
assembly for modern CT scanners usually has
between 1 and 3 mm aluminium with an additional
flat filter of 0.1 mm copper, giving a total filtration of
between 5 and 6 mm Al equivalent. However, some
scanners will have more filtration of about 0.2 mm
copper giving rise to a total beam filtration of between
about 8 and 9 mm Al equivalent, and sometimes up to
about 12 mm Al equivalent (Nagel 2000).

As on conventional X-ray units, the filtration
comprises inherent and added filtration. The added
filtration generally constitutes a flat filter and a shaped
filter, the latter sometimes referred to as ‘bow-tie
filter’, ‘beam shaping filter’ or ‘wedge’ (Fig. 7).

The flat filters ensure that some of the softer X-rays
are filtered out rather than being absorbed superfi-
cially by the patient and therefore redundant for
provision of imaging information.

The shaped filters, made from polytetrafluoro-
ethylene (PTFE), aluminium, or other materials and
composites, ensure that more radiation is filtered
from the edges of the field of view where the head
or body shape tends to attenuate less of the beam.
They are shaped in the transverse, X-Y plane, such
that they become thicker with increasing distance
from the isocentre along the x-axis. This ensures
a more even photon flux to the detectors, and a
more uniform photon spectrum in order to ensure
optimum calibration, and results in a more uniform
distribution of dose and image noise in the scan
plane.

Modern scanners typically have two or three dif-
ferent filters available, and those used when scanning
smaller patients or anatomical regions generally have
bow-tie filters that are more shaped. These will be
automatically implemented for the clinical scan under
consideration. Therefore it is essential for good dose
and image quality management that the protocol
used matches the body part being imaged (e.g. adult,
paediatric, head, large body, small body, cardiac etc.),
or field of view selection.

Increased dose

Centering

error

Increased noise

Fig. 8 Patient that is mis-centred in the scan field of view can
be expected to have degraded bow-tie filter performance with
an undesired increase in both dose and noise (reproduced with
permission)

Since the use of bow-tie filters reduces the dose to
the peripheral regions of the patient, when a specific
organ in the field of view is of particular interest, such
as in cardiac scanning, then selection of a small
SFOV is recommended as this can result in dose
reduction due to the use of a more shaped filter.
However it should be noted that changing the SFOV
does not affect the extent of the angle of the fan beam.
Any change in dose due to a change in SFOV will be
the result of using a different bow-tie filter.

Since there are variations in total filtration, the
CTDI for a given tube current (CTDI per mAs) should
not be used as an indicator of patient dose between
different scanners, or even different protocols wherein
these use different filters. In all cases the tube current
recommended will be according to the requirement of
image quality in terms of photons at the detectors.
Therefore, it is the actual CTDI,, for any protocol
that should be considered and not the normalised
CTDlI,-

The use of bow-tie filters on CT scanners means
that it is important to centre the patient accurately in
the beam, otherwise the aim of the bow-tie filter is
negated. Non-centring can result in an increase of
both dose and noise in the image (Fig. 8). Phantom
studies have demonstrated that a 41% increase in
surface dose can occur with a 60 mm offset from the
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isocentre, and retrospective analysis of patients
showed a maximum offset of 60 mm and a mean
offset of 23 mm with a corresponding dose penalty of
33% (Toth et al. 2007).

5.2.1 Summary: Beam Filtration

e Use the clinical scan protocol appropriate for the
patient size and scanned region to ensure that the
correct shaped filter is used.

e Ensure that the patient is centred in the scan field,
this ensures that the patient is centred according to
the shaped filter, and it is used to its maximum
advantage in terms of image quality and reduced
dose.

e CTDI should be the metric for comparison, and not
CTDI per mAs, since filtration has a significant
effect.

5.3 Focal Spot Size

On CT scanners there are usually two focal spot
sizes available. These are not generally user select-
able, but are determined by other scanning parame-
ters. On some scanners the focal spot size will be
determined by the total X-ray beam power
(mA x kV), measured in watts. On these scanners,
above a pre-determined power the focal spot will
change from ‘small’ to ‘large’ to prevent overheating
of the anode. On other scanners the focal spot
selection may be defined by other parameters such as
the slice thickness or mode (e.g. if there is a “high
resolution” mode of acquisition then a fine focal spot
may be selected).

The focal spot size generally does not have a very
large effect on dose, though a larger focal spot may
give a slightly higher dose since it gives a less defined
dose profile. This effect may be magnified with nar-
row collimation settings, where the effect of the larger
penumbra with the large focal spot can lead to
significantly higher doses.

5.3.1 Summary: Focal Spot

e Small focal spots ensure that the best spatial
resolution is achieved when it is required. They
are sometimes only available for thin slice data
acquisition, or limited power settings.

e Larger focal spots give broader profiles which may
be a factor for increased dose with narrow beam
collimations.

6 Scan Protocol Parameters (Direct
Effect on Dose)

The parameters described here are normally select-
able by the operator of the scanner. A summary is
given in Table 2.

6.1 Scan Mode

The first aspect to consider is the type of scan. There
are two fundamental scan modes, sequential (axial)
scanning and helical scanning, as well as specialised
types of scanning for perfusion, fluoroscopy, cardiac
and dual energy imaging.

CT acquisition is either performed by an axial
scan whereby the couch is stationary and the tube
and detectors rotate around the patient collecting the
relevant data for image reconstruction. The patient
support then moves along the z-axis to the next position
and a subsequent set of data acquisition is undertaken.
This mode is also known as ‘step and shoot’ or
sequential scanning. Where the whole of the organ
(e.g. the heart or brain) is covered by the wider beam
scanners, this can be done in a single wide cone beam
rotation. Helical scanning involves continuous couch
translation with simultaneous data acquisition, and may
allow whole body coverage within a breath hold.

Sequential scans have the advantage that only the
required image volume is irradiated, and have the
disadvantage that images can only be reconstructed in
the scanned slice positions. Helical scanning on the
other hand allows for reconstructions of overlapping
slices at any z-axis position, with no additional irra-
diation. The disadvantage of helical scanning is the
extra irradiation at either end of the helical run, which
is required in order to provide data to be interpolated
to reconstruct an image at each end of the image
volume. With the larger beam widths that are
increasingly available on modern scanners, this means
that there is a significant extra irradiation beyond the
imaged volume. An additional disadvantage is the
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Table 2 MDCT selectable scan parameters, affecting patient dose

Effect on image quality®

Greater flexibility of reconstructed slice position
Greater flexibility of reconstructed slice position

Noise decreases and iodine contrast decreases with

Parameter Effect on patient dose®

Scan mode Axial: no extra irradiation at each end of image
(axial or volume

helical) Helical: extra irradiation at end of imaged volume
Tube Increases with increasing kV. Approx o< kV?
kilovoltage

&V)

Tube current Increases linearly with increasing mA

(mA)

Gantry rotation

time (s)

Pitch Decreases with increasing pitch if mA remains
constant

z-axis X-ray Generally decreases with increasing z-axis

beam collimation

collimation

(mm)

Scan length
(cm)
approximately linearly with scan length

Increases linearly with increasing gantry rotation time

Increasing scan length has no effect on absorbed dose
(CTDI) but total energy absorbed (DLP) increases

increasing kV. Potential beam hardening and photon
starvation artefacts at low kVs

Noise decreases with increasing mA. Noise o< 1/
\/ mA

Potential photon starvation artefacts if mAs is too
low

Noise decreases with increasing rotation time. Noise
oc 1/\/ s Potential photon starvation artefacts if mAs
is too low

Noise generally increases with increasing pitch if
mA is kept constant. Relationship dependant on
reconstruction algorithm and effect on slice
thickness profile. Potential increase in helical
artefacts

Increasing z-axis collimation may lead to reduced z-
axis resolution if detector acquisition width is
affected

No effect on image quality

4 Effect of each parameter, assuming other parameters are kept constant

appearance of the so-called ‘helical artefact’ although
this has been greatly reduced with the newer 3-D
reconstruction algorithms.

The specialised modes of scanning will not be
addressed in detail here, as they are large topics in
themselves and addressed elsewhere. In CT fluoros-
copy and CT perfusion the same region of the patient
is repeatedly imaged, and therefore irradiated. Most
scanners operate with a lower mA in this mode,
however as in traditional X-ray fluoroscopy, it is
important to be aware of the total time of exposure
and the mAs that is used on the specific region of the
patient, since very high doses may be delivered in
continuous exposure. Dual energy scanning often
requires the use of two scans at different kVs, and
therefore dose considerations are important. Cardiac
scanning is a special application which in certain
scan modes will operate at a high dose, though more
recent techniques ensure that lower doses are
achieved.

6.2 X-Ray Tube Potential (kV)

There are generally three or four discrete tube
potential (kV) settings available on a CT scanner,
typically between 80 and 140 kV. One manufacturer
has recently made a 70 kV setting available. Varying
the tube kilovoltage setting determines the number of
X-rays generated and their mean energy, and so their
penetrating power (Fig. 9).

Lower kilovoltage settings will therefore result in
lower patient dose at the same mAs, but because
fewer X-ray photons reach the detectors this will
lead to higher image noise levels. However, lower-
ing the kilovoltage will also increase the image
contrast, particularly for materials with a high
atomic number (Z), such as iodine.

Historically, a tube potential of 120 kV has been
most commonly used in most routine adult scanning
protocols. The relationship between dose and tube
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Fig. 9 X-ray spectra at
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potential is not linear, but dose is approximately
related to the square of the kV. The exact relationship
will depend on the X-ray tube type and added filtra-
tion, so will vary with scanner model and also with
patient size (Siegel 2004). Table 3 shows an example
of how the relative absorbed dose varies with tube
kilovoltage for one particular scanner model in the
standard CTDI phantoms.

As image noise is inversely related to the square
root of patient dose, lowering the kV will be reflected
in an increased image noise and if maintaining the
noise level is a requirement of the clinical task, then
the mAs must be increased. For babies or paediatric
patients, the same noise level may be achieved at a
reduced dose by lowering the tube potential from 120
to 100 or 80 kV and adjusting the mAs appropriately.
However, for adolescent and adult patients, using this
strategy will lead to higher doses. In an adult patient
with an effective diameter of 40 cm, the dose for the
same noise level will be almost three times higher at
80 than at 120 kV (Yu et al. 2011). For large patients
it may even be advisable to increase the tube kilo-
voltage to 140 kV to reduce the image noise if low
contrast resolution is the diagnostic requirement.

As stated earlier, lowering the kV increases the
image contrast for high z materials, so in iodine
contrast studies the same contrast to noise ratio
(CNR) can generally be achieved at a reduced dose
for most patient sizes (Yu et al. 2011), with the dose
reduction particularly marked for small patients.

Lowering the tube potential, results in the following
benefits in image quality and patient dose:

T T

60 80
X-ray energy (keV)

100 120 140

Table 3 Variation of absorbed dose with
setting

Tube kilovoltage (kV)

tube kilovoltage

Relative CTDI,

80 0.4
100 0.7
120 1.0
140 1.4

# From CTDI,, data for GE LightSpeed VCT in 16 and 32 cm
diameter PMMA phantoms

e Increase in iodine attenuation due to increased
photoelectric interactions in high atomic number
(Z) materials, resulting in increased contrast
between iodine and tissue.

o If all other parameters are kept constant, a decrease
in patient dose due to reduced number of photons
and lower mean energy of the photons.

These advantages need to be balanced by the fol-
lowing considerations:

e An increase in image noise due to reduced number
of photons reaching the detectors.

e Potential for increase in artefacts due to reduced
photon flux

e Increase in tube load where a higher tube current is
required to compensate for the reduced photon flux.
Selecting the optimal kV for each diagnostic task

is not straightforward, as it is dependant on both

patient size and diagnostic task. One manufacturer has
recently introduced software for automatic selection
of kV to enable optimisation. The topic of kV
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selection is dealt with more fully in the chapter on
‘Kilovoltage adjustment for dose optimization’.

6.2.1 Summary: X-Ray Tube Potential kV

e Lowering the kV increases iodine contrast and
reduces dose at the same mAs, but increases noise
and potentially artefacts.

e Lowering the kV is recommended in situations
where the CNR can be preserved or increased at a
reduced dose whilst maintaining other aspects of
image quality i.e. noise and artefacts at acceptable
levels. This is generally the case in studies
involving iodine contrast, and on smaller patients.

6.3 X-Ray Tube Current (mA) and Gantry

Rotation Time (s)

The patient absorbed dose, Dp is proportional to both
the X-ray tube current (mA) and the gantry rotation
time (s), and so these are considered together, as the
tube current—gantry rotation time product (mAs).
Note that this is the mAs per rotation, and the total
exposure time must also be taken into account for
studies with multiple rotations at the same site such as
in fluoroscopy, some perfusion protocols or cardiac
protocols.

Dp o mAs (7)

Doubling the mAs doubles the number of photons
incident on the patient in one rotation, and therefore
also the patient dose to that region.

The aspect of image quality affected by mAs
variations is image noise, i.e. the standard deviation
of CT numbers. Quantum noise, o, generally plays the
dominant role in determining image noise, and for a
given set of scanning conditions, is related to the
mAs, in the following manner:

1
vmAs

From this relationship there will be the following
effect of changes in mAs, and therefore dose, on
image noise:
¢ Reducing the mAs to one-fourth of its value will

double the image noise.

e Increasing the mAs, by a factor of 4 will halve the
image noise.

g 0.8

(8)

For a particular diagnostic task the mAs must be
carefully selected to achieve the appropriate level of
image noise. In general, studies where a good low
contrast resolution is required will need higher mAs
values. Contrast resolution defines the ability to dif-
ferentiate between structures of similar CT numbers,
and therefore is highly dependant on the image noise.

If more attenuation is present in the path of the
beam, fewer photons will reach the detectors and
therefore a higher mAs is required to achieve the
same image noise level. Traditionally, the appropriate
mAs for patients of different sizes had to be selected
manually, so as not to overdose small patients, or to
avoid excessively noisy images on large patients.

Modern CT scanners, however, are equipped with
automatic exposure control (AEC) systems which
adjust the tube current according to patient attenua-
tion to maintain the required level of image noise and
aid in dose optimisation. There are three dimensions
to this control (Fig. 10):

e Automatic adjustment for patient size

e Automatic adjustment for the cross-sectional shape
at any 1 slice position

e Automatic adjustment for dimensional changes
along the z-axis

Each manufacturer has slightly different ways of
achieving the goal of a specified image quality using
an appropriate radiation dose. This can be with
respect to a given image noise on a phantom or
standard-sized patient. It is important to remember
that automatic exposure control systems can lead to
increased dose, as well as lower dose, compared to a
non-AEC protocol. It should be carefully noted that
the parameters used under AEC control may lead to a
higher CTDI,,;, but that the absorbed dose to the
patient may not increase since the patient size exceeds
that of the reference phantom in which CTDI is
measured.

In helical scanning the mAs is sometimes quoted
as the ‘effective mAs’, which takes into account the
pitch value, and is calculated by dividing the true
mAs by the pitch value, (Table 4). The effective mAs
gives an indication of average dose to the region
scanned. Care must be taken when calculating
CTDI,, values to ensure that the true mAs is used,
since CTDI,; already takes account of the pitch.

A fast gantry rotation speed minimises any arte-
facts due to patient movement, and also enables the
examination to be carried out in the shortest time
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Fig. 10 Schematic view of
different AEC modulation
approaches demonstrating the
change in tube current with
(a) different patient sizes,

(b) patient dimension along
the z-axis, (c¢) angular cross-
section around the patient.
The oscillation in (c¢) reflects
the change with each rotation.

mA

a) Patient size a) Z-axis a) Rotational
i PWWMWW
z-axis o z-axis o rotation angle o

Table 4 Example of Effective mAs values

mA  Gantry rotation  True Pitch  Effective
time mAs mAs = true
mAs/pitch
200 0.5 100 1 100
200 0.5 100 0.5 200
200 0.5 100 2 50

possible which is advantageous for movement and
breath hold considerations, and patient comfort.
The gantry rotation time selected in a given protocol
is generally therefore the shortest allowed within the
constraints of generator power and X-ray tube load.
For example, if a high mAs is required, this may lead
to excessive X-ray tube load. In this circumstance it
would be necessary to increase the rotation time in
order to achieve the required mAs at a lower mA
setting.

6.3.1 Summary

e The tube-current time product (mAs) directly
affects the dose in a proportional relationship, and
the image noise by an inverse square root
relationship.

‘Effective mAs’ takes into account the pitch used in
helical scanning, and is the effective mAs per
length of patient.

Automatic exposure control ensures that the mAs
used is appropriate for the patient size and shape,

at the required image quality. Dose values, as given
by CTDI,, may go up but this may not result in a
rise in absorbed dose to the patient.

CTDI,,, values between scanners must be quoted
directly, and not per mAs since there are other
factors determining the radiation dose (filtration,
kV, scanner geometry size)

6.4 Pitch

The pitch is a parameter that is applicable in helical
(spiral) scan mode. The standard definition of pitch in
CT is given in Eq. (9).

Table translation per rotation (mm)

Pitch
e z — axis X — ray beam width (mm)

©)

This is illustrated in Fig. 11.

For a given collimation, the pitch is determined by
the table speed. The advantage of using a higher pitch
is that the scan is completed in a shorter time.

It is often stated that increasing the pitch can be
used as a method of dose reduction, as, for a fixed
tube current, radiation dose is inversely proportional
to pitch, due to the shorter time of radiation exposure
over the given volume. However, the effect of an
increased pitch on image quality must also be con-
sidered, and there is always a loss of image quality of
some form if the dose is reduced.
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Fig. 11 Illustration of different values of pitch

On single slice CT scanners the tube current
remains unchanged when the pitch is increased,
and therefore the dose does decrease proportion-
ally with increasing pitch. However, the expense
is a wider imaged slice, i.e. a reduced z-axis
spatial resolution, resulting from an increased slice
profile width, as the data required to reconstruct
the slice are more separated in the z-axis. Image
noise remains constant as the pitch changes, as the
same amount of data is used to create the final
image.

Multislice CT scanners, make use of different
spiral interpolation algorithms than those used for
single slice models and utilise the multiple data
channels, so the slice profile width remains constant,
or relatively constant, as the pitch changes. In this
case therefore, the image noise will increase as pitch
increases. However this is not true if the mAs is
adjusted to compensate for the increased pitch,
keeping the effective mAs constant. Some scanners
will perform this adjustment automatically and
therefore neither noise nor dose change with changes
in pitch.

Another aspect of image quality that should be
considered when selecting the pitch is that of helical
artefacts. Generally, helical artefacts will increase
with higher pitch values (Taguchi and Aradate 1998),
although developments in reconstruction algorithms

have led to these artefacts becoming less pronounced.
In general, to cover a given volume in the same time,
for optimal image quality it is preferable to use a
higher pitch with a narrower slice width, than use a
lower pitch with a wide slice width.

6.4.1 Summary: Pitch

e Increased pitch will speed up an examination, but
may give greater interpolation artefacts

e Single slice scanners will have a lower average
absorbed dose for a higher pitch. The image slice
width however will be broader.

e Some multislice scanners automatically adjust the
tube current to ensure that the effective mAs (and
therefore the average absorbed dose, shown in the
CTDI,,) remains constant with changing pitch.

6.5 X-Ray Beam Collimation Along

Z-Axis (mm)

The z-axis X-ray beam collimation can be varied to
determine the volume of tissue irradiated in one
gantry rotation. This is often called the ‘beam width’
even though it describes the length of patient being
irradiated in one go. The maximum beam widths
available vary from 10 mm on single slice scanners,
through to around 40 mm on 64 detector bank
scanners, and up to 160 mm on one 320 detector bank
scanner.

6.5.1 Single Slice

For single slice scanners the detector dimension in the
z-axis direction extends beyond the beam width, and
the imaged slice width is determined by the beam
collimation at the X-ray tube. In most cases, on single
slice scanners the ‘irradiated slice’ is usually synon-
ymous with the imaged slice thickness, the exception
being where post-patient z-axis collimation is used to
achieve very narrow slices.

On single slice scanners, generally the absorbed
dose, as measured by CTDI, does not vary with z-
collimation. The exception in some cases is with 1
and 2 mm nominal z-collimations. For these nar-
row slices the actual collimation can be wider than
the nominal value resulting in a higher CTDI
value. In these instances post-patient collimation is
sometimes used to achieve the desired image slice
thickness.
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Fig. 12 Demonstration of
(a) the full use of the
penumbra with single

slice scanners, and the
proportionally less wasted
penumbra with wider beams
in multislice scanners (b) 8
slice and (¢) 16 slice scanner,
both utilising the same-sized
detector element in this
example —

Z-axis

—O

a Single slice

6.5.2 Multislice

On multislice CT scanners, the imaged or recon-
structed, slice thickness is selected independently of
the collimated beam width. The imaged slice thick-
ness is determined by the detector configuration, and
the beam extends beyond the full extent of the
detectors used for imaging (Fig. 12).

On some scanners, particularly those which are
limited in their number of data slices, for example 16
slices and below, the detector array may be built to
allow 16 slices of approximately 1 mm width slices
utilising the full extent of the detector, and 16 sub-
millimetre slices using the central portion of the
detector array along its z-axis extent. Therefore the
required data slice thickness will determine the extent
of the detector utilised, and therefore the beam width.
Table 5 shows data from 16 slice scanner models,
demonstrating the smaller detector length used (and
therefore smaller beam width) for narrow image slice
thicknesses.

On multislice CT scanners, the collimated beam
width is generally a few millimetres greater than the
nominal collimation. For example when imaging 4 x
5 mm slices with a 20 mm nominal collimation, the
actual z-collimation will be about 23 mm. The
increased collimation is required to ensure uniform
irradiation of all detector banks, and excluding the
X-ray beam penumbra to outside this area. The dose
from the penumbra region results in reduced dose

b 8 slice C 16 slice

efficiency (referred to as z-axis geometric efficiency)
because it is not utilised for imaging. Because the
extent of the penumbra is fixed, the amount of
‘wasted’ dose constitutes a greater percentage of the
total dose for narrower collimations, leading to higher
CTDI values at smaller z-collimations (Fig. 13).
There are exceptions to these rules, particularly when
a multislice scanner is operating in a single slice
mode, or a dual slice mode, which are sometimes
required for special scan protocols.

On multislice CT scanners it is usually preferable
to use the widest collimation available because of the
reduced time required to cover a given volume and
the higher z-axis geometric efficiency. However, wide
beam collimations result in more scattered radiation
and on some scanners their use may limit the z-axis
spatial resolution. There are two reasons for not
selecting the widest beam width available on a given
scanner.

First, as mentioned above, on some scanners of up
to 16 slices, it may not be possible to achieve the
narrowest data slice acquisition at the widest X-ray
beam width, and so the z-axis spatial resolution will
be limited. In these instances it is better to use the
narrower beam, although the dose cost will be a little
higher. This can also be the case even if a wider
imaged slice is required, wherein the use of a thinner
acquired data slice will lead to improved image
quality due to a reduction in partial volume artefact.
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Table 5 Details of detection systems from 16 slice scanners showing the number of detectors and lengths of detector arrays

dose at the extremities of the scan volume is dynami-

GE GE Philips Siemens Siemens Toshiba
LightSpeed16  LightSpeed Brilliance CT  Emotion 16  Sensation Aquilion
Prol16 100 16 Power slice 16 Straton 16 CFX
Maximum number of 16 16 16 16 16 16
simultaneously acquired data sets
(no. of slices)
Number of elements along 24 24 24 24 24 40
z-axis
Effective length of each element 16 x 0.625 16 x 0.625 16 x 0.75 16 x 0.6 16 x 0.75 16 x 0.5
at isocentre (mm) 8 x 1.25 8 x 1.25 8 x 1.5 8 x 1.2 8 x 1.5 24 x 1.0
Total effective length of detector 20 20 24 19.2 24 32
array at isocentre (mm)
Total effective length of detector 10 10 12.0 9.6 12 8
array at isocentre (mm) for
narrow slices
24 process to create the end slices. With larger beam
90 14 widths the extent of irradiation is greater and for short
\ - scan lengths the contribution to dose overrides the
L \ =+'good'single slice dose reduction gained from the increase in geometric
= 18 —+poor'single slice efficiency.
5 16 \ —s=four and sixteen slice Modern scanners have a feature known as ‘adaptive’
g 14 \ \\ G4 slice or ‘dynamic’ z-collimation, by which the unnecessary
g 1
g

0 10 20 30
Total nominal collimation width (mm)

Fig. 13 Relative CTDI for two single slice scanners (‘poor’,
requiring post patient collimation for the narrowest slice,
‘good’ not requiring post patient collimation) and the data from
the beam widths from a 4 and 16 slice scanner. This
demonstrates the higher dose from multislice scanners, due to
the non-use of the penumbra for imaging

The second situation where it may be advanta-
geous to use a narrower beam is for scanning short
lengths. This applies to both sequential and helical
scan modes. In sequential (axial) scanning a wide
beam may result in significant over-irradiation of the
volume that requires imaging. In helical scanning
some additional data, and therefore irradiation, is
required at each end of the imaged volume in order to
provide data for interpolation in the reconstruction

cally reduced at the beginning and end of the helical
run.

6.5.3 Summary: X-Ray Beam Collimation

e On multislice scanners use the widest beam width
compatible with the required scan length and thin
data acquisition slices

e Consider sequential mode when wishing to avoid
certain regions such as the eyes in head scanning

6.6 Scan Length (cm)

On a CT scanner the user defines the limits of the
volume to be imaged. This is usually done from the
scan projection radiograph (SPR), referred to as
Scoutview, Scanogram or Topogram by the different
CT scanner manufacturers.

The planned scan length is defined by the start and
end positions selected by the user. On some scanners
the start and end are defined as the centre of the z-axis
collimation, so even in sequential (axial) scan mode
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the irradiated scan length is longer than the planned
scan length. On other scanners the start position is
defined by the trailing edge of the X-ray beam, and
the end position by the leading edge. In this case, in
sequential scan mode the planned scan length is equal
to the irradiated scan length. The difference between
these two alternative ways of defining the scan length
becomes more significant for bigger z-collimations
and for short scan lengths. In helical scan mode there
is some additional irradiation in excess of the planned
scan length due to the need for data interpolation, as
explained in the section on z-collimation. Again
this ‘over-irradiation’ is more significant at bigger
z-collimations and for short scan lengths.

The scan length does not affect the absorbed dose
(CTDI,,)), only the total energy absorbed as measured
by the DLP or effective dose (E). The actual irradiated
scan length is directly proportional to the DLP.
However, for the planned scan length there will be
some loss of proportionality due to the additional
irradiation required at either end of the imaged vol-
ume in order to interpolate data to create the end
images (described in the previous paragraph). As an
approximation, for most adult body scanning, the
DLP can be considered to be proportional to the scan
length.

6.6.1 Summary: Scan Length

e Scan length does not affect the absorbed dose.

e Scan length does affect the total energy absorbed,
the Dose Length Product and the effective dose,
and therefore the risk calculated to the patient.

7 Reconstruction Parameters
(Indirect Effect on Dose)

This chapter deals with the parameters that have a
direct effect on exposure to the patient, while making
it clear that the dose to the patient has a direct effect
on the image quality.

The image quality from the reconstruction of
acquired data must be optimised for the diagnostic
task, and this is explained in other sections of this
work. If the user’s choices of reconstruction param-
eters (such as slice width, matrix size, filter, recon-
struction method—such as iterative or filtered back
projection, or other features), achieve a statistical
noise per pixel that is lower than that required, then

the radiation exposure may be reduced; or if the sta-
tistical noise per pixel is higher than required then the
exposure must be increased. The parameters control-
ling exposure, described in this chapter, can then be
varied to obtain the required statistical image noise,
with a subsequent effect on patient dose.

8 Conclusion

There are well-established metrics of the radiation dose
from CT scanners, with the CTDI,, value being clearly
defined and with values widely available and easily
measured. The CTDI,,; is used with the examination
scan length, to obtain the DLP, and this allows esti-
mation of the effective dose and radiation risk.

Although the CTDI,,, is not the same as patient
dose, its value is directly related to absorbed dose for
the same body region scanned and patient size, and so
it provides a practical metric that can be used to
compare between protocols during optimisation.

As with any metrics, the user needs to be aware of
limitations, arising mainly from wide beam widths
and longer scan lengths. These issues provide inter-
esting theoretical challenges, but do not invalidate the
use of CTDI,, as long as the indices are used for
comparison rather than as absolute measures. It is
expected that publications in 2012 from the IEC,
AAPM and TAEA will further address these practical
issues.

The user has the choice at the time of purchase to
select the CT scanner technology with the desired
features and functions that affect dose, but the main
control the user has is in the selection of the scan
protocol parameters for each patient. The selection of
parameters affecting dose needs to be closely related
to the optimisation of image quality, and the use of
CTDI,, and image quality measures are key to
overall scan protocol optimisation.
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Abstract

The most important parameter for reducing radi-
ation dose is ensuring appropriate clinical indica-
tion for CT scanning. Once appropriateness of
clinical indication for CT has been established,
radiologists, physicists and radiologic technolo-
gists should work closely to adapt individual
scanning parameters that affect radiation dose.
Establishing dose-efficient CT protocols is by no
means a task simpler than orchestrating a sym-
phony where scan parameters have to be in sync in
order to yield satisfactory results. This chapter
briefly describes scan parameters that affect
radiation dose in CT.

Radiation dose associated with CT examination is
governed by several scan parameters. Set of these
scan parameters for particular clinical indication or
body region make a CT scanner protocol. Since image
quality requirements for CT vary with desired clinical
information and body region being scanned, optimal
CT practice should have several different protocols
systematically saved and documented for easy use
when the need arises. Adjustments in scanner proto-
cols to patient age or size in particular for pediatric
CT should be absolute prerequisite for any good
practice. This chapter succinctly defines scanner
parameters and summarizes their practical effects on
radiation dose or CT image quality. For more detailed
technical descriptions, please refer to Online only
chapter on scanning parameters affecting radiation
dose.
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1 Radiation Dose Metrics

Surface or skin entrance dose used for conventional
radiography cannot be used for representing radiation
dose associated with CT (Kalra et al. 2004).
Therefore, in CT, two dose descriptors are used to
represent radiation dose—CT Dose Index volume
(CTDIvol) and Dose Length Product (DLP). These
descriptors represent the scanner output doses and do
not represent actual patient exposure. CTDIvol rep-
resents the average scanner output radiation dose for
specific scan protocol. It is measured as the average
“absorbed” dose within the scan volume for stan-
dardized circular plastic phantoms (16 or 32 cm). The
SI units for CTDIvol are milli-Gray (mGy). Since
patients rarely come in standard 16 or 32 cm size,
recently, the American Association of Physicists in
Medicine Task Group has come up with size-specific
dose estimates in order to normalize the scanner
output CTDIvol to actual patient size or more spe-
cifically patient diameter (SSDE 2011).

DLP represents the overall or total absorbed
energy deposited from a given scan protocol. It is
measured by multiplying CTDIvol with the pre-
scribed scan length in centimeters. The SI unit for
DLP are mGy * cm.

Estimated Effective radiation dose (commonly
known as effective dose) is the dose descriptor which
reflects the biological effects or sensitivity to absor-
bed radiation dose. It is estimated as the product of
DLP and coefficient factor for specific body regions
and age. These coefficient factors take into account
the weighted radiation sensitivity of various organs
scanned in particular body regions as well as the age
of the patient scanned. The units of effective dose are
Sieverts, more commonly millisieverts (mSv).

It is important to understand that CTDIvol and
DLP do not represent actual patient absorbed dose but
serve an important function. Since the method used
for their estimation is similar, these indices can be
used to compare radiation doses between different CT
protocols and CT equipments. These indices have
been used as benchmark, alert or notification values to
avoid excessive radiation doses. Generally, CTDIvol
and/or DLP values are displayed on the user interface
of the scanner prior to actual scanning of the patient,
so that inadvertent under- or over-exposure to radia-
tion dose can be avoided due to oversight.

2 Localizer Radiographs

Localizer radiograph (vendor terms: scout, topogram,
surview or scanogram) is single projection digital
images acquired with stationary X-ray tube position
and moving scan table. Localizers are divided into
various groups depending on the position of the X-ray
tube, for example, for a supine patient position, X-ray
tube positioned above the patient or 12’0 clock
position is the Antero-Posterior (AP) view, 3’0 clock
position is called the “lateral” view, whereas 6’0
clock position of the X-ray tube is referred to as
Postero-Anterior (PA) view.

Localizer information is crucial to adjust the
patient centering in the gantry as well as to prescribe
scan volume. Whereas AP view allows users to check
the “x” axis centering (horizontal centering on the
gantry table), the lateral view helps in “y”
tering (height of the table) of the patient. As discussed
in “Patient Centering in MDCT: Dose Effects” on
patient centering in MDCT, appropriate patient cen-
tering in gantry isocenter is crucial for proper func-
tioning of beam shaping filters and AEC technique.
Another advantage of localizer radiograph is to pro-
spectively select the scan and display Field Of View
and optimal image center.

axis cen-

3 Tube Current

The most commonly used scan parameter to optimize
radiation dose is the tube current (Kalra et al. 2004).
It determines the number of electrons flowing through
the cathode filament per unit time. Number of elec-
trons striking the anode eventually determines the
number of photons emanating from the focal spot of
the X-ray tube per unit time. Tube current is measured
in Amperes (A), which is the SI unit for electric
current. X-ray tubes designed for CT usually work in
the range of 0.001-1A; hence more commonly used
unit for tube current is milli Amperes (mA). Patient
dose is determined by not only by the amount of
incident photons but also by taking time of exposure
of these photons into consideration. When question-
ing radiation dose and image quality of CT exami-
nation, we need to be aware of two other definitions
related to tube current, mAs and effective mAs. While


http://dx.doi.org/10.1007/174_2011_447

Scan Parameters and CT Radiation Dose

121

Fig. 1 Transverse post mortem abdominal CT

images
acquired at various tube current levels (200, 150, 100 and
50 mAs) show a linear drop in radiation dose, as the tube
current is lowered. Lower mAs images show higher image

“mA * s” is defined as the product of tube current
and gantry rotation time (the time it takes for the
X-ray tube to complete one full revolution), effective
mAs takes pitch of the helical scanning mode into
account and is defined as mAs divided by the selected
pitch. Technical advances in MDCT gearing toward
faster rotation of X-ray tube and higher pitch values
for shorter scan time makes it all the more pertinent to
use mAs and effective mAs for fair comparison across
different scans and scanners.

Tube current has direct and linear relationship with
associated radiation dose of the scan. It is the most
easiest and convenient parameter to fine tune radia-
tion dose. For example, radiation dose for a 100 mAs
acquisition with CTDIvol of 10 mGy can be lowered
by 50% or to 5 mGy by decreasing the tube current to

noise and impaired visibility of low attenuation hepatic lesion
and the delineation of pleural effusion from consolidated lung
(arrow)

50 mAs (if all other parameters are kept constant).
Also the other way around 30% increase or 13 mGy
could be achieved by increasing the tube current to
130 mAs. This linear relationship is helpful while
optimizing CT image quality.

As we lower tube current there is increase in image
noise in reduced dose CT images (Fig. 1). Tradi-
tionally or before introduction of automatic exposure
technique (AEC), tube current was optimized by
manually prescribing a value for tube current, which
was fixed or constant for the whole scan length. AEC
on the other hand automatically optimizes the tube
current based patient’s size or attenuation, primarily
from the information obtained from the localizer
radiograph image. Details of the AEC technique
are discussed in “Automatic Exposure Control in
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Fig. 2 Coronal abdominal CT images acquired at different kV
settings (140, 120, 100 and 80 kV) in post mortem settings
shows increased image noise in hepatic parenchyma and psoas

Multidetector-Row Computed Tomography” To
reduce radiation dose for body CT, AEC should be
employed in most patients. However, when there is
lack of understanding of AEC or when very low dose
CT is required, fixed mAs can be applied to achieve
radiation dose reduction as well.

4 Tube Potential

Tube potential is defined as potential difference
between cathode and anode of the X-ray tube, which
drives electrons across X-ray tube. It is measured as
kilo voltage (kV) and affects primarily the energy or
the quality of electrons. Tube potential also affects the
quantity of electrons, though not as much as the tube

muscles. However, lower kV images also show increased
attenuation values of contrast enhanced renal parenchyma
which helps to improve the contrast to noise ratio

current. Traditionally 120 kV has been the most
commonly applied tube potential, although with
higher power X-ray tubes on modern MDCT scan-
ners, there has been a shift toward lower kV, partic-
ularly with contrast enhanced CT where increase in
noise can be offset by increase in image contrast. The
advantage of using tube voltage reduction is that
attenuation of iodine increases as tube voltage
decreases, because the energies of the emitted X-rays
move closer to the k-edge of iodine. However the
disadvantage of tube reduction is the decrease in the
amount of transmitted X-rays and increase in image
noise (Fig. 2). Therefore, for contrast enhanced CT or
in very small patients, reduction of kV may be a more
prudent approach to dose reduction as compared to
dose reduction in average or large patients undergoing
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a non-contrast CT. For example, beneficial feature of
increased iodinated contrast enhancement with low
kV technique is used for performing CT angiography
at lower kV (Kalva et al. 2006; Wintersperger et al.
2005). For small children and smaller adults, lower
kV could be used for smaller kids, as lower energy
photons could pass through the smaller patients
without much increase in image noise (Singh et al.
2009). Tube potential is discussed in greater details in
“Pericardial Disease” on “Kilovoltage adjustment for
dose optimization”

5 Gantry Rotation Time and Scan
Time

Gantry rotation time is defined as time taken by the
X-ray tube to complete one full circle or a 360° rev-
olution. The demand for higher temporal resolution is
driving the technical advances in MDCT for faster
gantry rotation or shorter rotation time. Advantage of a
faster gantry rotation is of course quicker capture of
images/frames and hence fewer motion artifacts for
moving anatomical parts (such as coronary arteries),
dynamic evaluation of contrast enhancement in ves-
sels and organs, and in some cases less need for
sedation or anesthesia of patients who cannot or will
not lie still during CT image acquisition. Another
advantage of shorter gantry rotation time is reduction
in exposure time and radiation dose. For example, CT
examination performed with 200 mA, beam pitch 1:1
and gantry rotation time of 1 s, results in effective
mAs of 200, whereas same scan performed with faster
gantry rotation time of 0.3 s ends up with effective
mAs of 60 if all other scanning parameters are held
constant. Some of the present day MDCT scanners are
able to achieve gantry rotation time lower than
300 ms. Faster gantry rotation is difficult to achieve as
scanners are reaching the mechanical limits of rotation
due to the centrifugal forces depending on the mass of
gantry contents and the acceleration. To circumvent
this limit and attain higher temporal resolution, one
vendor has recently introduced dual X-ray tube or
source MDCT scanner which combines data from two
simultaneously operating X-ray tube-two detector
panel assembly in order to reduce the total time
required to generate CT images. This feature is
exploited to reduce radiation dose and improve tem-
poral resolution.

In general, on modern MDCT scanners, a faster
gantry rotation time (0.5 s or less) should be preferred
in most patients to avoid motion artifacts and decrease
radiation dose. Although in some large patients or
thicker or denser anatomical regions (head CT), a
slower rotation times of up to 1 s are often used.
Slower gantry rotation speed may also be a necessity
on earlier generation MDCT scanners which cannot
go beyond 440 mA at 120 kV, in particular for
abdominal CT in larger patients. On the other hand, to
maximize temporal resolution, fastest gantry rotation
speeds are selected for cardiac CT procedures.

6 Detector Configuration
and Table Speed

SSCT comprised of large number of detectors (750 or
more) in X-ray fan beam direction, however in the
z-direction they had single detector row which was
generally 10 mm thick and some time as wide as
20 mm (Goldman 2008). Major limitation of SSCT
was X-ray tube heating while acquiring thin slice
images. Two different approaches were taken to
overcome this constraint, either develop X-ray tube
with higher heat efficiency or effectively use the
available X-ray beam. Multiple rows or more than
one detector in the z-direction were employed to
effectively capture more than one slice at a time.
Hence commonly used terms MSCT (Multi-Slice CT)
or more descriptive term MDCT (Multi Detector row
CT). Different vendors have taken different approa-
ches in assembling these detector rows in the detector
array (which is the term used for detectors available in
the matrix of detectors). Detectors arrays are of two
types—Fixed arrays where all detectors are of the
same size and the Variable arrays which comprise of
detectors rows with different thicknesses with thinner
central detector rows and wider peripheral ones. For
example, GE 64 or Philips 64 slice MDCT have fixed
detector array of 64 rows of 0.625 mm fixed detector
row thickness (64 * 0.625 mm). On the other hand,
Siemens 16 slice CT has central 16 rows of 0.75 mm
detectors and four on each side of 0.5 mm detector
width. Selected detector configuration has direct
effect in beam collimation or the width of the X-ray
beam. For 64 slice GE or Philips scanner, one should
use 64 * 0.625 mm detector configuration or 40 mm
beam collimation for scanning, as wider X-ray beams
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have higher dose efficiency. However, when only
small length or body region have to scanned, a thinner
X-ray beam or narrower detector configuration such
as 32 * 0.625 or 20 mm is more efficient. Also on
variable detector arrays, thinner detector configura-
tion (such as 16*0.75 mm) may be necessary
although less dose efficient than wider configuration
(such as 16*1.5 mm) if sections less than 1.5 mm are
required. Vendors have recently introduced much
wider detector arrays with 128, 256 or 320 detector
rows.

Beam collimation, pitch and gantry rotation time
has a direct effect on the table speed. For helical
scanning, the table speed is directly proportional to
the pitch and beam collimation. The beam collimation
is determined based on selected detector geometry or
configuration. Faster table speed implies faster scan-
ning and less motion artifacts (Mahesh et al. 2001). In
axial mode, table “increment” is defined as distance
travelled by the table in one 360° rotation of the X-ray
tube, which is measured in millimeters. Whereas in
helical mode, table “feed” is defined as distance
traveled by the table in one 360° rotation of the X-ray
tube and measured in mm/rot. In general, highest
number of data channels and fastest gantry rotation
should be used to cover longer scan lengths.

7 Pitch

Beam pitch is defined as ratio of table travelled per
gantry rotation to the total X-ray beam width. Both
the table travel distance per gantry rotation time and
the beam collimation are represented in millimeters.
Hence, pitch is expressed as a ratio with no units
(Mahesh et al. 2001).

Most scanners are now set to automatically adjust
the tube current when pitch is changed so that there is
less significant advantage of increasing or decreasing
the pitch for primarily achieving dose reduction. For
instance, a drop in the pitch is associated with auto-
matic decrease in tube current and an increase in pitch
is associated with increase in tube current. Thus, pitch
should be adapted according to desired scanning
speed or image quality. Many scanners also have
evolved reconstruction approaches to result in similar
image quality with change in pitch. In general for
most routine body CT examinations, a pitch close to
or higher than 1:1 should be used. For regions with

rapidly changing anatomy such as skull base, a
smaller pitch is preferred to minimize artifacts and
improve image quality at the skull base.

Also, for single source MDCT, a much smaller and
overlapping pitch is preferred for helical scanning to
ensure that there is possibility of image reconstruction
in different phases of cardiac cycle. This does
increase radiation dose to the patients undergoing CT
scanning and calls for ECG controlled tube current
modulation to reduce radiation dose. Alternatively,
for single source CT scanners, administration of beta
blockers to slow the heart rate can help acquire pro-
spectively triggered cardiac CT or make the ECG
controlled tube current more efficient. These tech-
niques are extensively discussed in chapter on cardiac
CT procedures.

For dual source CT, however, much higher non-
overlapping beam pitch (1.5-3.6:1) with substantial
dose reduction are possible with very fast table travel
speed for cardiac CT due to filling of “missing data”
from the two complementary X-ray sources. Such
high pitch values at high associated table travel speed
also allow substantial reduction in motion artifacts
and need for sedation in patients who can not or will
not lie still for CT scanning.

8 Axial Versus Helical Mode

CT projection data can be acquired with two different
modes; Axial or Helical. Axial or “step and shoot”
mode comprises of two alternating phases of data
generation (“shooting of X-rays”) and patient posi-
tioning (stepping the patient or gantry table to scan
location). During data generation phase, X-ray tube
and detector assembly rotates around the stationary
patient to acquire a complete set of projections at the
prescribed scanning location. During patient posi-
tioning phase no data are generated and patient is
positioned to next scan location (Hsieh 2003). Head
CT is frequently performed with axial mode of
scanning. Another application of axial scanning mode
is in high resolution of lungs where thin images are
acquired at 10-20 mm intervals to reduce radiation
dose while sampling portions of lungs with high
image quality. In cardiac CT, axial scanning is often
used for calcium scoring and not infrequently for
coronary CT angiography as well. Typically, axial
scanning with prospectively triggered ECG tagged
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data acquisition is associated with up to 80% lower
dose compared to retrospectively gated acquired
helical CT data of coronary angiogram. Most com-
monly the axial or sequential coronary CT exams are
limited to subjects with lower and regular heart rates
as other cardiac phase images cannot be reconstructed
if there are motion artifacts. However, some vendors
overcome this limitation by allowing user to add
“padding” to the prescribed or desired phase of car-
diac in each cardiac cycle. Arrhythmia recognition
software has also been introduced or some equipment
to enable prospectively triggered ECG gated coronary
CT angiography with axial scanning mode in order to
reduce radiation dose.

Helical (or spiral) mode on the other hand com-
prises of continuous acquisition of CT data while the
table is simultaneously moved at constant speed.
Helical mode of scanning therefore allows volumetric
data acquisition with reduced acquisition time.
However, helical mode requires more advanced
reconstruction algorithms to avoid image artifacts.
Most body CT examinations on modern MDCT are
performed with helical scanning mode.

similar image noise. Both “Full” and “Plus” modes
can be used prospectively and retrospectively. CT raw
data acquired in “Plus” mode can be retrospectively
reconstructed in “Full” mode or vice versa.

10 Scan Length

Anatomical length covered in the z-direction consti-
tutes the scan length for a particular CT examination.
User defines the scan length based on the acquired
localizer radiograph. Radiation dose from a CT
examination is estimated from the DLP, measured in
mGy * cm, which is the product of CTDIvol (mea-
sured in mGy) and scan length. Trimming the scan
length to the region of interest directly lowers the
radiation dose. For example, 50 cm scan length, when
clipped to 25 cm results in 50% reduction in radiation
dose. With rapid scanning capabilities of modern
MDCT, tendency to extend beyond the desired target
region of interest must be avoided. A shorter scan
length does imply lower dose if all other scan
parameters are held constant.

9 Reconstruction Mode

Generally on most CT scanners, every data channel
contributes to at least one CT image for image
reconstruction with helical data acquisition. However,
due to technical limitations of some scanners, multi-
slice scanning and helical view weighting algorithms,
few data channels at the beginning and end of helical
scan are not used for CT image reconstruction.

For example, some scanners (such as 16, 32 and
64-row MDCT scanners from GE Healthcare) sup-
plement the ability to select additional views or pro-
jection of data to reconstruct an image (Discovery™
CT750 HD). This in turn allows the users to optimize
radiation dose, slice profile and helical artifact in two
modes referred to as “Plus” and “Full” modes. The
“Plus” mode requires slightly increased exposure
time to acquire the additional views and is associated
with wider slice profile (roughly 20% more than “Full
mode”) at 15-20% lower tube current for the same
amount of noise. At the same mA, Plus mode pro-
vides reduced image noise and helical artifacts.
“Full” mode has a better slice profile but requires
10-15% more tube current than “Plus” mode for

11 Scan Field of View

SFOV is defined as the in-place size (in X-Y or
transverse direction) of the irradiated area, which is
used to acquire a complete set of projections. It is
measured in centimeters. Smaller SFOV provides
better spatial resolution and less radiation dose to the
patients, for example cardiac, extremities, spine CT
examinations can be performed at smaller SFOV.
Bow tie filters or beam shaping is chosen based on the
selected SFOV. More aggressive beam shaping filters
are used when smaller SFOV is selected. SFOV is
differentiated from reconstruction FOV (RFOV) or
display FOV (DFOV). RFOV is the size of the SFOV
that is reconstructed to get the final images. DFOV is
the actual display size of the CT images, and can be
equal to or less than SFOV, but cannot exceed the
SFOV. Too much “zooming” or excessive decrease
in DFOV size compared to size of SFOV can impair
visual perception of anatomy and lesions (Yamaguchi
et al. 2011). Therefore it is important to select an
appropriate a priori. Contrary to DFOV which can be
altered post-acquisition of CT data, SFOV has to be
prescribed a priori prior to CT data acquisition, since
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modern MDCT scanners are equipped with more than
one type of beam shaping filters which are automat-
ically selected by scanner based on selected SFOV, it
is important to keep SFOV close to patient size or
targeted area of interest (such as in cardiac CT or
when imaging smaller body regions). In addition, in
children use of 16 versus 32 cm phantom size for
CTDIvol estimation may be confounded if larger
SFOV is selected or prescribed for small size
children.

12 Window Width and Window Level

Typically, display monitors use eight bit gray scales
which represent 256 different shades of gray (2%).
Hounsfield units of air is —1,000, water as 0 and bone
or contrast as, somewhere around 1,700. Therefore,
compression of dynamic range of 2,700 HU values to
a range of 256 shades of gray is needed, which can
lead to unacceptable loss of details (Hsieh 2003).
Modified gray scale helps avoid this limitation with
use of window width and window level. The window
width (WW) is the number of selected gray shades
and window level (WL) is the mid point of the
selected gray scale.

These window settings determine the spread of the
CT attenuation values to the displayed pixels in the
image. A broader window width is used for assessing
anatomical structures with widely different HU values
(for example, aerated lungs are generally seen at WW
1,500 and WL of about —600), whereas a narrower
window width is used when assessing structures with
smaller variations in HU values (for example, brain
soft tissues with low HU differences are assessed at
narrow WW 80 and WL of 40). These window set-
tings should be adjusted according to the body region,
anatomical region of interest and also individual
radiologist preference to achieve the best image
“display” contrast.

For low contrast lesions or structures (for example,
liver and brain), narrow WW and lower WL accen-
tuate lesion and detail visualization although image
noise is also accentuated from a visual perception
point of view thus relatively higher dose is generally
needed at least for the primary scan acquisition
whereas use of wider WW and WL in high contrast
structures or lesions (such as lungs, bones and large to
medium vessel CT angiography) decreases visual

perception of image noise and therefore relatively
lower dose can be employed.

13 Reconstruction Kernel

In computing domain, kernel is the main component
of any operating system. In CT, “kernel” influences
the smoothness and sharpness of images. They are
also defined as software that processes the acquired
CT raw data projections to generate images with
particular image quality. All scanners allow users to
select an appropriate kernel based on image quality or
anatomical or pathological entities of interest. These
kernels vary in strengths of sharpness or spatial fre-
quency from lowest (with smoothest images) to
sharpest (with high image noise). According to our
experience, reconstruction kernels are perhaps the
most under-utilized parameters to improve image
quality particularly when it comes to low dose CT or
CT of very large patient. When appropriately (par-
ticularly when not looking for small anatomical or
pathology details) a softer or smoother kernel can be
used to improve image noise in lower dose CT
images.

Smoother or softer side of the kernels helps lower
noise at the expense of poorer edge delineation.
Sharper kernels provide better edge delineation and
spatial resolution with trade off of higher image noise
(Fig. 3). Theses features are further fine-tuned to
optimize kernels for specific anatomy and function or
even size.

14 Section Thickness

and Section Interval

Section thickness is defined as the nominal width (in
mm) of reconstructed image in the longitudinal axis.
Section interval or increment (in mm) is defined as the
distance between two consecutive reconstructed
images. Thinner section contains higher image noise
but less partial volume averaging. In general 50%
decrease in section thickness doubles the image noise.
Acquiring thin slices and reconstructing thick slices
for viewing could reduce image noise and accept
lower dose images (Fig. 4). With modern MDCT,
general use of thinner sections for routine interpola-
tion should be avoided as thinner sections do have
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Fig. 3 Transverse abdominal CT images reconstructed with various kernels (B10, B30, B40 and B50, Siemens Healthcare).
B10 kernel (smooth) image shows reduced noise and smoother edges as compared to B50 kernel

Fig. 4 Transverse abdominal CT images reconstructed with at various section thicknesses (0.75, 3 and 5 mm). As slice thickness
decreases, there is increase in image noise, so for primarily interpretation of routine studies, thicker sections must be used
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higher image noise and may trigger need for higher
dose CT data acquisition. On some scanners pro-
spective prescribed section thickness has profound
effect on automatic exposure control can lead to high
doses, if careful attention is not paid. For example, on
GE Healthcare’s AEC technique (Auto mA), let us
prescribe 20 noise index for 5 mm section thickness
and get a CTDIvol of 10 mGy. If you change the
section thickness to 1.25 mm, the system automati-
cally increases the noise index to maintain 10 mGy,
but if user over writes the noise index to original 20
for 1.25 mm section thickness, the CTDIvol will
increase substantially as higher dose is necessary to
obtain image noise in 1.25 mm sections that is equal
to image noise in 5 mm sections. Other scanners are
“section-neutral” and do not change radiation dose
based on section thickness change.

15 Image Post Processing

Image post processing is defined as an additional
phase of altering or improving the CT image quality,
after CT images have been generated from the scan-
ner. These mathematical algorithms are designed
optimize image noise, image contrast, spatial resolu-
tion and finally artifacts. Prime focus of the process is
to reduce or filter image noise while retaining contrast
and spatial resolution; hence the common name image
noise reduction filters. Image post processing filters
are particularly very helpful in salvaging noisy or
“bad” scan, for example, in an obese patient or in
general very low dose CT examination and avoid any
repeat acquisition in patients. CT manufacturers and
3rd party vendors or the non CT manufactures has
take various approaches to lower image noise, tech-
nical details and types of these filters are discussed in
depth in “Image Noise Reduction Filters”.

16 Other Scanning Techniques

Recent studies have also demonstrated that image post
processing 3D techniques, such as average intensity
weighted reformats can result in substantial reduction
in image noise and increase in acceptability of lower
dose images (Lee et al. 2006). When appropriate, this
routine image reformation must be employed to
reduce radiation dose. Details of iterative reconstruction

techniques are presented in “Conventional and
Newer Reconstruction Techniques in CT*“ by Homer
Pien and Colleagues. These techniques allow low dose
CT data to be reconstructed with much lower noise and
in some cases less artifacts. Substantial dose reduction is
therefore feasible when using these techniques (Hara
et al. 2009; Singh et al. 2010, 2011; Sagara et al. 2010;
Prakash et al. 2010; Gervaise et al. 2011; Pontana et al.
2011; Honda et al. 2011).

17 Conclusion

In summary, CT scanning and radiation dose opti-
mization involves working with several intricately-
related scanning parameters. Understanding of gen-
eral scan parameters and reconstruction approaches
can help optimize and manage radiation dose in a
more appropriate manner.
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Abstract

Tube potential is an important scanning parameter
that should be optimized in clinical CT in order to
improve image quality or reduce radiation dose. The
main benefit of lower tube potentials is the improved
enhancement of contrast materials relative to higher
tube potentials. However, there is usually increased
image noise at lower tube potentials, especially for
larger patient sizes. This tradeoff between contrast
enhancement and noise requires that patient size and
diagnostic task be carefully considered when select-
ing the optimal tube potential for radiation dose
reduction. In addition, CT x-ray tube and generator
limitations, scanning speed, and artifacts must also
be considered. This chapter describes the basic
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Concerns with the potential risk of cancer induction
resulting from the radiation dose in CT exams have
arisen with the drastically increased use of CT (Brenner
and Hall 2007; Einstein et al. 2007; Huda 2007).
Although the existence of such risk remains contro-
versial for the level of radiation doses typically received
in diagnostic CT (Little et al. 2009; Tubiana et al. 2009),

L. Yu () - J. G. Fletcher - C. H. McCollough consensus is that patients should receive radiation dose

Department of Radiology, as low as reasonably achievable (ALARA).

Mayo Clinic College of Medicine, g

200 First Street SW. Rochester, A -commonly. used method to reduce radlatl.on

MN 55905, USA dose is automatic exposure control (AEC), which

e-mail: yu.lifeng@mayo.edu automatically adapts the tube current in both angular

D. Tack et al. (eds.), Radiation Dose from Multidetector CT, Medical Radiology. Diagnostic Imaging, 131

DOI: 10.1007/174_2011_490, © Springer-Verlag Berlin Heidelberg 2012



132

L. Yu et al.

and longitudinal directions according to patient
attenuation to achieve predefined image quality (Gies
et al. 1999; Kalender et al. 1999; Kalra et al. 2004a, b).
Another important technique is to adjust tube potential.
Many researchers have studied this technique (Huda
et al. 2000; Boone et al. 2003; Siegel et al. 2004; Cody
et al. 2004; Ertl-Wagner et al. 2004; Sigal-Cinqualbre
et al. 2004; Funama et al. 2005; Frush and Herlong
2005; Wintersperger et al. 2005; Holmquist and Nyman
2006; Schueller-Weidekamm et al. 2006; Waaijer et al.
2007; Kalva et al. 2006; Frush 2008; Leschka et al.
2008; Kalender et al. 2009; Schindera et al. 2008). A
common critical finding in these studies was that the
appropriateness of using lower tube potential is highly
dependent on patient size and diagnostic task. For
smaller patients and some types of contrast-enhanced
studies such as CT angiography (CTA), the dose
reduction can be 50% or even higher. But for bigger
patient sizes and other exam types, the image quality
may become unacceptable if using the lower tube
potential even without any radiation dose reduction.
Selection of an optimal tube potential should take into
account both the patient size and diagnostic task. In
clinical practice this non-trivial task demands a quan-
titative approach that can automatically determine the
optimal tube potential for an individual patient along
with the amount of radiation dose reduction. Automatic
selection of tube potential can be incorporated into the
AEC in addition to the automatic tube current modu-
lation in order to provide a convenient approach to
optimizing the dose efficiency of scanning technique
without much user interaction (McCollough 2005).

In this chapter, we first describe the basic principles
of selecting the optimal tube potential for radiation dose
reduction. Then we provide a summary on recent
developments in automatic techniques to select the most
dose-efficient tube potential. Special considerations
when using lower tube potential are also discussed.

2 Principles of Optimal Tube
Potential in CT

2.1 Contrast

Most CT exams involve the use of iodinated contrast

media. The different energy dependence of the linear

attenuation coefficients for iodine and water leads to
different CT numbers for iodine at different tube

100000.0

—— Water

—— Pure lodine |

Linear attenuation coefficient

0 50 100
x-ray energy (keV)

Fig. 1 Linear attenuation coefficients of iodine and water as a
function of X-ray energy. The arrows indicate the difference of
linear attenuation coefficients between iodine and water at the
mean energy of a typical 80 kV and 140 kV X-ray beam. Data are
from National Institute of Standards and Technology (NIST)
website: http://www.nist.gov/physlab/data/xraycoef/index.cfm

potentials (Fig. 1). The increase of the CT number of
iodine at lower tube potentials provides more iodine
signal and hence improves the conspicuity of hyper-
vascular or hypovascular pathologies (Schindera et al.
2008; Macari et al. 2010). Figure 2 shows a clinical
example that demonstrates the benefit of the increased
iodine signal at lower tube potential.

Figure 3 displays CT images of three water
phantoms scanned using four different tube potentials
available on a 128-slice scanner (Definition Flash,
Siemens Healthcare). The lateral widths of the three
phantoms were 25, 35, and 45 cm, representing typ-
ical attenuation levels for a small, average, and large
sized adult, respectively. For each phantom size, the
scanning technique (in quality reference mAs) was
adjusted so that the radiation output, represented in
terms of CTDI,,, was matched for the four tube
potentials (25 cm: 6.6 mGy; 35 cm, 15.3 mGy;
45 cm, 37.0 mGy). AEC was turned on. Several dif-
ferent contrast materials were placed inside the
water to allow for measurement of material contrast.
Figure 4 plots the contrast of iodine (the sample
with an iodine concentration of 6.9 mg/cc, see arrows
on 120 kV images) at the four tube potentials. On
average, the iodine contrast of 80 kV was about 70
and 100% higher than that of 120 and 140 kV, and the
iodine contrast of 100 kV was about 25 and 50%
higher than that of 120 and 140 kV, respectively. The
increase of iodine contrast at lower tube potential
varies with the phantom size due to beam hardening.
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Fig. 2 A 56 year-old female with contrast-enhanced dual-
energy CT performed in the late arterial phase, demonstrating
an hypervascular hepatocellular carcinoma at 80 kV (a) and

2.2 Noise

Noise is another important factor that greatly influ-
ences image quality. Here we only discuss how noise
level (expressed as the standard deviation of the CT
numbers in a uniform region) is affected by tube
potential and patient size. Noise spatial correlation
and higher-order statistics also contribute signifi-
cantly to the image quality, but they remain similar
at different tube potentials provided that other factors
such as reconstruction algorithms are the same.
Figure 5 shows the noise level measured on the three
phantom sizes at each of the four tube potentials
(data from the same measurements as in Fig. 4).
Note that the CTDI,, was matched for each of the
four tube potentials when scanning the same phan-
tom. For the 25 cm phantom size, the noise level
was similar at 100, 120, and 140 kV and there was a
slight increase at 80 kV. For the 35 and 45 cm
phantom, noise increases substantially on the 80 kV
images. In addition, significant photon-starvation
artifacts appeared in the 80 kV images of the large
phantom, due to the decreased penetrating capability
of the lower energy photons and electronic noise
(Guimaraes et al. 2010).

140 kV (b). The tumor (arrows) and esophageal varices
(arrowhead) are much more conspicuous at 80 kV

23 Contrast to Noise Ratio

Contrast to noise ratio (CNR) is typically used to
represent the combined effect of contrast and image
noise—both of which are important image quality
metrics. CNR cannot be used to quantify the absolute
image quality of an image as it does not take into
account the effect of system spatial resolution, noise
texture, and object size. However, if all other factors
are the same, then CNR can serve as a relative mea-
sure to compare image quality. CNR is often
expressed in terms of iodine contrast divided by noise
in the background structures because iodine is the
most widely used contrast material in CT. Figure 6
shows the iodine CNR at each of the four tube
potentials for the three phantoms. The improvement
of iodine CNR for the 25 cm phantom at lower tube
potentials was very significant (almost doubled). The
amount of increase in iodine CNR as tube potential
was decreased was smaller for bigger phantoms. The
iodine CNR at 80 kV for the 35 cm phantom still
increased, but it dropped slightly for the 45 cm
phantom. Based on Fig. 6, it appears that 80 or
100 kV images are still very close to 120 kV images
in terms of iodine CNR. However, the actual image
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Fig. 3 CT images of three water phantoms scanned with
four tube potentials at the same CTDI,,, for a given phantom
size. The phantom lateral widths were 25, 35, 45 cm. For each
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Fig. 4 The change of iodine contrast with tube potential for
different phantom sizes. For each phantom size, the CTDI,,
was held constant as tube potential varied

phantom size, the prescribed CTDI,, was matched across

the four tube potentials (25 cm: 6.6 mGy; 35 cm, 15.3 mGy;
45 cm, 37.0 mGy)
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Fig. 5 The change of noise level with tube potential for
different phantom sizes. For each phantom size, the CTDI,;
was held constant as tube potential varied
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Fig. 6 The change of iodine CNR with tube potential for
different phantom sizes. For each phantom size, the CTDI,,
was held constant as tube potential varied

quality degradation at lower tube potentials for the
large phantom actually cannot be fully characterized
by the iodine CNR. As shown in Fig. 3 there were
very severe photon starvation artifacts in the 80 kV
image for the 45 cm phantom. Because of this reason,
lower tube potentials should not be used for large
patients.

2.4 Radiation Dose Reduction if lodine

CNR is to be Matched

To quantify how much radiation dose can be reduced,
one should set up a target image quality using an
appropriate image quality metric. By comparing the
radiation dose needed at each tube potential to
achieve the target image quality, one can determine
the most dose-efficient tube potential. This section
discusses the situation when iodine CNR is used as
the image quality metric. Because of the increased
iodine CNR at lower tube potentials, one could reduce
the radiation dose and achieve similar or improved
iodine CNR relative to the more commonly used
120 kV. Figure 7 displays the relative CTDI,, at
each tube potential if the same iodine CNR is to be
achieved. For the 25 cm phantom, the CTDI,, nee-
ded for identical CNR relative to that at 120 kV is
46% at 80 kV and 62% at 100 kV. The potential for
dose reduction decreases with increasing phantom
size. For the 35 cm phantom, 64% at 80 kV and 72%
at 100 kV are needed. For the 45 cm, one needs 18%
more dose at 80 kV than at 120 kV in order to match
the iodine CNR. In this chapter we use CTDI,,, to

Relative CTDlvol to match CNR

80 100 120 140
Tube Potential (kV)

Fig. 7 The relative radiation output required at each tube
potential to obtain the same iodine CNR for the three phantoms

quantify the radiation level of the scanning technique
and calculate the amount of radiation dose reduction.
It should be noted that CTDI,,, can only represent the
weighted average dose measured in a standard CTDI
phantom and it is not the radiation dose in patients.
Knowing the patient attenuation, the radiation dose in
each individual patient can be estimated using
empirical methods or calculated using Monte Carlo-
based methods (American Association of Physicists in
Medicine Task Group 204, 2011; Li et al. 2011). For
the purpose of estimating the relative radiation dose
reduction among different tube potentials for the same
patient, using CTDI,,, is sufficient.

Based on the above phantom results, for small
patient sizes, it appears that a significant amount of
radiation dose can be saved using lower tube potential
if matching iodine CNR is the goal. However, this is
not necessarily correct for all clinical tasks. For
example, consider the situation when the iodine CNR
is matched for each tube potential. For the 25 cm
phantom, the contrast at 80 kV is about 70% higher
than at 120 kV. Therefore, if the iodine CNR were
matched between the two tube potentials, the result-
ing noise at 80 kV would also be 70% higher than at
120 kV. For some diagnostic tasks, such as CTA for
the evaluation of relatively large vessels, the
increased iodine contrast may be sufficient to com-
pensate for the increased noise level. However, for
diagnostic tasks that involve the characterization of
organs or structures without much iodine uptake, the
benefit of brighter iodine at lower tube potential may
not compensate sufficiently for the increase in noise.
For these types of diagnostic tasks, the strategy of
reducing radiation dose by matching the iodine CNR
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Fig. 8 The relative radiation output required at each tube
potential to obtain the same noise level for the three phantoms

is not appropriate (Yu et al. 2010). To select the most
dose-efficient tube potential, noise must be considered
independently from iodine CNR.

Radiation Dose Reduction if Noise is
to be Matched

25

Based on measurements of noise at equivalent doses,
the relative dose that is required at each tube potential
in order to achieve the same noise level can be esti-
mated. Figure 8 clearly demonstrates that if the image
noise of a 120 kV image is to be matched, the
potential for dose reduction at lower tube potentials is
very limited or non-existent. Even for the 25 cm
phantom that represents the attenuation of a very
small adult, a 29% dose increase is required at 80 kV
in order to match the noise. For the 35 cm phantom,
representing the attenuation of a medium-sized adult,
a 94% dose increase at 80 kV and a 18% dose
increase at 100 kV is required achieve the same noise
level. The increase in dose required for 45 cm phan-
tom at lower tube potentials is even more dramatic.

Radiation Dose Reduction When
Both lodine CNR and Noise are
Incorporated

2.6

One can see that the selection of the most dose-
efficient tube potential and the estimate of the amount
of dose reduction possible are highly dependent
on the image quality metric that is used for matching
at different tube potentials. The appropriate image

quality metric is determined by the clinical task to be
performed. When the task only involves the evalua-
tion of highly iodine-enhanced vessels or structures,
iodine CNR may be an appropriate image quality
metric to use. If the diagnostic task involves evalua-
tion of non-enhanced or poorly-enhanced soft tissue
structures, then matching noise is more appropriate
and the dose reduction is quite restricted using a lower
tube potential. Many diagnostic tasks, such as routine
contrast-enhanced abdomen/pelvis exams, are some-
where between these two scenarios. Lower tube
potentials bring some benefit on the contrast
enhancement of iodine, but the noise cannot be too
high. A scheme that can utilize the benefit of the
contrast enhancement at lower tube potentials but
also can control the noise level is necessary to
accommodate different diagnostic tasks. Therefore, an
image quality index that can allow flexible adjustment
between matching iodine CNR and matching noise is
attractive to determine the most dose-efficient tube
potential.

2.7 A General Strategy for Calculating
the Most Dose-Efficient Tube

Potential

To provide the flexibility between matching noise
and matching iodine CNR, a novel image quality
index, “noise-constrained iodine contrast to noise
ratio (NC_iCNR)”, was proposed to quantify the
different levels of image quality required by different
clinical applications for a reference dose level and
tube potential (Yu et al. 2010). This quality index
requires that iodine CNR and noise at the new settings
of tube potential and dose level satisfy the following
two conditions:

CNR Z CNRref & g S A0 ref

where CNR,.s and o, denotes the iodine CNR and
the noise level obtained in a reference scanning
technique (e.g., a reference tube potential and mAs),
respectively; o is a coefficient that specifies the level
of noise constraint, which can be adjusted according
to the diagnostic task. Maintaining a constant noise
(. = 1) or iodine CNR (& > 2) are two special cases
of this general image quality index. The relative
CTDI,,, at each tube potential to achieve the target
image quality can then be determined as a function of
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Table 1 Optimal tube potential for different phantom sizes (lateral width) in abdomen CT exams when different noise constraints
are applied. Recommended exam types for each noise constraint level are also listed. CTE = CT enterography; CTU = CT

urography; CTA = CT angiography

Noise Constraint RZi:mT;;::d 25cm | 30cm | 35cm | 40cm | 45cm [ 50cm | 55cm
Very weak | Routine non- |0 0NN Z0NR 20NN 20N 140
dc ] WL, DATETeNS 120 | 120 | 120 | 140
e B w0 | | o
it;,?. gg (s::t'lt;lrsi’ef::r%j some 120 140
CTA exams
VR | s

patient attenuation €0, and the noise-constraint
parameter o, which is given by Yu et al. (2010)

C(Q,kV)
C(OQ, kVrer)

RD(Q,kV) =min{ k(Q,kV)

where k is a coefficient that relates the noise to radi-
ation dose, which is a function of patient attenuation
and tube potential. Here we use a general noise-con-
straint parameter that can vary as a function of both
tube potential and patient attenuation.

This new image quality index applies a noise
constraint when matching the iodine CNR. By
adjusting the noise constraint parameter, the maxi-
mally increased noise level at lower tube potential,
relative to the reference tube potential, can be adjus-
ted based on the image quality requirements for dif-
ferent diagnostic tasks. One can see that, in this
general image quality index, the noise constraint is

C(Q,kV)
OV at each

tube potential. This is equivalent to applying a con-
straint on the contrast gain at each tube potential
relative to the reference tube potential.

Table 1 displays the optimal tube potential for
seven different abdominal phantom sizes (in terms of
lateral width) at five different noise constraint settings
using the general strategy described above. The rec-
ommended noise constraint parameters for different
exam types are also listed.

compared to the relative contrast gain

2
,ac(QJcV)} .—k(Q,kaf)

Clinical Implementation of Optimal
Tube Potential

As described in the above basic principles, selecting
the optimal tube potential that can use the least
radiation dose to achieve the target image quality is a
complicated task. There are two methods to imple-
ment the optimal tube potential: one is to implement a
manual kV-mAs technique chart, the other is to
implement a software tool on the scanner that can
automatically select the optimal tube potential.

3.1 Manual kV-mAs Technique Chart

A convenient way to implement optimal tube poten-
tial is to use a patient weight or size-based kV-mAs
chart, which specifies the tube potential and tube
current (or mAs or effective mAs or reference mAs)
for different patient weight or size ranges. The
selection of the tube potential and the mAs level can
be based on empirical evaluation or quantitative
measurements on phantoms. According to the phan-
tom results and the general strategy for automatic tube
potential selection described above, Table 2 provides
two example kV-mAs charts implemented on a 128-
slice scanner (Definition Flash, Siemens Healthcare).
One is for contrast enhanced routine abdomen/pelvis
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Table 2 Example kV-mAs technique chart for (a) contrast-enhanced routine abdomen/pelvis exams and (b) abdominal CTA
exams, implemented on a 128-slice scanner (Definition Flash, Siemens Healthcare) according to the phantom measurements and
the general strategy for automatic tube potential selection. Note that the relative CTDI,,, is beyond the reduction of radiation dose
allowed by CAREDose4D, the automatic exposure control (AEC) software on Siemens CT scanners. The further dose reduction
beyond AEC for smaller patients was enabled by the use of lower tube potential (80 or 100 kV)

Patient lateral width (cm)—mid Optimal Quality reference Helical Relative CTDI,; (versus use
liver kV mAs pitch of 120 kV and CAREDose 4D)
(@

<30 80 580 0.5 0.70

30-40 100 330 0.8 0.85

41-50 120 240 0.8 1.00

>50 140 165 0.8 1.00

(b)

<33 80 440 0.6 0.50

33-43 100 300 0.6 0.75

44-53 120 250 0.6 1.00

>53 140 170 0.6 1.00

exams, the other for abdominal CTA exams. Note that
for both protocols, the reduced CTDI,,, at lower tube
potential for smaller patients compared to the refer-
ence technique at 120 kV is in addition to the radia-
tion dose reduction determined by CAREDose4D, the
AEC software on Siemens CT scanners. The further
dose reduction beyond AEC was enabled by the use
of lower tube potentials (80 or 100 kV). The dose
reduction increases with the decrease of the patient
size. For large patients, no dose reduction is allowed
compared to the reference 120 kV technique. As
explained in the basic principles of optimal tube
potential, CTA exams allow more dose reduction at
lower tube potentials because the primary organ
of interest is iodine-enhanced vessels. A relatively
stringent noise constraint was applied in the kV-mAs
chart for routine abdomen/pelvis exams, which
resulted in a smaller dose reduction than CTA exams
at lower tube potentials.

3.2 An Automatic kV Selection Tool

Implemented on a Clinical Scanner

An obvious disadvantage of the manual kV-mAs
technique chart is its approximate determination of
the patient attenuation level. Patient lateral width or
other measures (weight, perimeter, etc.) measured by
technologists based on the scout or topogram are not
always accurate representations of the true patient

attenuation at each anatomic level in the scan range.
In addition, using a manual chart like in Table 1, one
has to prescribe a fixed amount of dose reduction for a
certain patient size range (e.g., 30-40 cm), which
should be gradually varied based on the patient
attenuation level. The manual selection of the tech-
niques may also be more susceptible to human error.
Therefore, the selection of the optimal tube potential
should be implemented on the CT scanner so that the
software can automatically recommend the optimal
tube potential and the reduced dose for each indi-
vidual patient and each specific diagnostic task. The
same strategy as describe above can be implemented
in the automatic software.

One such software was recently developed by one
of the major CT manufacturers (CAREkV, Siemens
Healthcare). An example of using this software to
select the optimal tube potential and to prescribe the
dose-reduced technique is provided in Fig. 9. The
reference technique was at 120 kV and 250 quality
reference mAs. A strength setting was configured for
the exam through a slider bar, as shown in the user
interface, which corresponds to a contrast gain con-
straint setting, equivalent to the noise constraint
described above. The software automatically deter-
mines the optimal tube potential and the dose-reduced
technique.

In a recent study with 101 CTA (CT angiography)
exams (162 scans) and 91 contrast-enhanced abdo-
men-pelvis CT exams (113 scans) performed using
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the automatic tube potential selection tool (Yu et al.
2011a, b), 80 or 100 kV was automatically used for
73% of the CTA scans and 54% of the abdomen-
pelvis scans. Overall radiation dose reductions of
29.6 = 17.0% and 17 £ 15% compared with the
reference 120 kV protocols were achieved for CTA
scans and abdomen-pelvis scans, respectively. All
exams were considered to have acceptable quality in
terms of sharpness and diagnostic confidence. The
automatic tube potential selection tool provided an
efficient and quantitative way to guide the selection of
the most dose-efficient tube potential in a busy prac-
tice of abdominal CT and CTA. Figure 10 provides
image examples from an abdominal CTA case. In this
case, the patient size was relatively small (lateral
width 28 cm across the mid liver and 33 cm across
the pelvis). The original reference technique was at
120 kV and 250 quality reference mAs, which would
have resulted in a CTDI,; of 11.2 mGy. With the kV
selection software, 80 kV was identified as the most
dose efficient tube potential, and the CTDI,, was
substantially reduced to 5.7 mGy, a 49% reduction
from the reference technique.

4 Other Considerations When
Adjusting Tube Potential
First, scan time and tube current limits are two

important factors that need to be considered when
adjusting tube potential (Yu et al. 2011c). CT systems
have a limit to the maximum tube current, and con-
sequently the maximum radiation output. A tradeoff
typically exists between scanning speed and the
maximum achievable radiation output. High scanning

speed usually involves a fast rotation time and a high
helical pitch, which limits the maximum radiation
output, especially for lower tube potentials. For
example, in body mode, the CTDI,, per 100 effective
mAs (i.e. mAs/pitch) on a 64 slice scanner (Sensation
64, Siemens Healthcare) is 2.0 mGy for 80 kV,
4.5 mGy for 100 kV, and 7.6 mGy for 120 kV. For a
typical 0.5 s rotation time, a 1.0 helical pitch, and a
tube current limit of 500 mA, the maximum CTDI,
is only 5 mGy, which is much lower than what is
typically required for a small to medium adult in a
routine abdomen/pelvis exam (10-20 mGy). One may
use a longer rotation time (e.g., 1.0 s) and/or a lower
helical pitch (e.g., 0.5) to increase the maximum
radiation output, which, however, will substantially
increase the scan time. Therefore, when a fast scan-
ning speed and a short scan time are desired, the
lower tube potential may not be appropriate, even for
small-sized patients. In addition to the image quality
consideration, it is essential to take into account the
scan time and tube current limit in order to select the
most appropriate tube potential.

Second, artifacts are another important factor to
consider. There are two types of artifacts that tend to
appear in scans acquired with lower tube potentials.
One is the photon starvation artifacts caused by
insufficient penetrating photons. In Fig. 3, one can see
that the image obtained with 80 kV for the 45 cm
phantom contains much more severe photon starva-
tion artifacts compared to the 120 kV image when the
CTDI,,, was matched at a standard level, suggesting
that 80 kV should not be used at all for this patient
size. The other type of artifact that could be of a
potential concern for lower tube potentials is streak-
ing and dark shadow or banding artifacts when dense
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Fig. 10 Images acquired with the automatic tube potential and the CTDI,, was dropped to 5.7 mGy, a 49% reduction
selection tool in an abdominal CTA exam. For this relatively  from the reference technique
small patient, 80 kV was identified as the optimal tube potential

Fig. 11 Image quality
comparison at different tube
potentials when a metal
implant is present. The
CTDI,,, was held constant.
The image acquired with

the highest tube potential

at 140 kV appears to contain
the least streaking artifacts

materials (e.g., highly concentrated iodine contrast potentials. Therefore, if the scan range includes dense
media or metal) are present. Due to the higher materials, a higher tube potential may be more
attenuation of dense materials at lower tube potential, appropriate. Figure 11 compares the image quality at
beam hardening, scattering, and non-linear partial different tube potentials when a metal implant is
volume effects are more severe than at higher tube scanned inside a water tank (30 cm lateral width).
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The same CTDI,,; was used. The image acquired with
the highest tube potential at 140 kV contains the least
streaking artifacts.

Finally, optimal tube potential can also be used for
improving image quality or reducing the volume of
iodine contrast used in the CT exam. For some chal-
lenging exams, one would rather generate the best pos-
sible image quality instead of reducing radiation dose in
order to make a confident diagnosis on subtle patholo-
gies. In this situation, one can use the optimal tube
potential to maximize the image quality, with no need to
reduce the radiation dose. This strategy is particularly
important for diagnostic tasks where the imaging per-
formance is suboptimal or when the potential for medi-
cal benefit is high (e.g., detection of hepatocellular
carcinoma or pancreatic adenocarcinoma). For some
patients with difficult intravenous access or suboptimal
renal function, one can also utilize the benefit of optimal
tube potential to reduce the volume of iodine contrast
injected to the patient (Hough et al. 2011).

5 Conclusions

This chapter describes the basic principles and clinical
implementations of optimal tube potential selection
for radiation dose reduction in CT. The appropriate-
ness of tube potential selection and dose reduction is
dependent on patient size and diagnostic task, and is
also affected by the system tube current limits and
scanning speed requirements. The use of lower tube
potential should be carefully evaluated for each exam
type in order to achieve an optimal tradeoff among
contrast, noise, artifacts, and scanning speed.
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Abstract

Heightened concerns over increasing radiation
dose from CT scanning have highlighted limita-
tions of real-time image reconstruction methods
using conventional filtered back-projection tech-
niques. Significant advances in computational
power have enabled commercial availability of
several iterative approaches for CT image recon-
struction and processing. These techniques enable
radiation dose reduction, as well as opportunity to
improve scanner resolution, while reducing some
image artifacts. In this chapter, we review the
technical basis of conventional and newer recon-
struction techniques for CT.

1 Introduction

In a CT system the data acquired is the projection of
the X-ray beam passing through the patient and
impinging on the detector array. Each such projection
measurement represents the total integrated attenua-
tion of the X-ray along this path. As the gantry
rotates, projections from different directions about the
patient are acquired. Image reconstruction, then, is the
process of creating an image from these integrated
projections such that the value of each pixel in the
image represents the X-ray attenuation at that pixel
location.

Image reconstruction plays a major role in image
quality. Image reconstruction dictates how sharp
an image appears, how much noise there is, how
apparent boundaries are between tissue types, how
noticeable certain artifacts are, etc. In this context
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Fig. 1 Fourier transform
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image reconstruction is comprised of two separate
steps—an algorithm to estimate the attenuation
coefficient at every pixel and a filter to control the
level of noise and sharpness. In most clinical CT
scanners, these two steps are implemented as a sin-
gle “reconstruction kernel,” where the user can
select from a library of kernels representing different
types of filtering to be applied. While this is
true today, it is likely that newer CT scanners
and reconstruction algorithms will—at least to a
degree—decouple these functions to provide the user
with control over both reconstruction algorithms
and the filtering applied. Since the topic of recon-
struction kernels is covered in Chapter 8, the focus
of this chapter is on the tomographic reconstruction
algorithms.

Two system parameters dictate the radiation dose
received by the patient—voltage and flux. Voltage,
measured in units of kilo-electron-volts (kV), is the
amount of energy (or more precisely, the electrical
potential difference between anode and cathode)
contained in the X-ray emanating from the X-ray
tube. Increasing the voltage increases tissue penetra-
tion and radiation dose, but decreases tissue contrast,
image noise, and the presence of certain artifacts.
Frequently, voltage is denoted by the peak instead of
average voltage and is denoted by kVp. Flux, mea-
sured in units of milli-Amperes (mA), is the number
of photons emanating from the X-ray tube. Increasing
flux not only mproves the signal-to-noise ratio of the
image and increases tissue contrast, but also increases
radiation dose. From a low-dose CT imaging per-
spective, since voltage has a nonlinear effect on dose
absorption, for the most part it is the flux that is
currently used in clinical settings to lower the radia-
tion dose. As a consequence, the primary factors that
must be dealt with in low-dose imaging are elevated
noise level and decreased tissue contrast.

Because of the importance of radiation dose,
a deeper understanding of how reconstruction algo-
rithms deal with dose-dependent image quality issues

is critical. Image reconstruction algorithms can be
broadly categorized into two groups: analytical
algorithms and iterative reconstruction algorithms. At
present the vast majority of image reconstruction
algorithms are analytical—they tend to be fast, are
well understood, but are susceptible to the noise
issues that arise in low-dose imaging. Iterative
reconstruction algorithms, on the other hand, appear
to confer several advantages in low-dose imaging, but
suffer from high computational demand. Recently,
hybrid algorithms have come on the scene as a
compromise between these two broad classes of
algorithms. In this chapter, we provide an overview of
the assumptions and techniques that underlie these
algorithms at an intuitive level, and we hope to pro-
vide the reader with an understanding of the tradeofts
and compromises with these approaches.

2 Analytical Reconstructions

Analytical reconstruction algorithms are non-iterative
techniques based on the Fourier transform (see
Fig. 1). Intuitively, the Fourier transform computes
the frequency content of 1D, 2D, or higher dimen-
sional signals. Figure 2 shows a number of 1D signals
and their corresponding frequency domain represen-
tation. In these frequency plots, the middle of the
graph represents low frequency, with higher positive
frequency towards the right, and higher negative
frequency toward the left. The Fourier transform of
2D signals (i.e., images) follows analogously from its
1D counterpart (see (Gonzalez and Woods 2002) or
other image processing texts for a more thorough
discussion of frequency domain processing).

In prospective ECG-triggering mode, as a CT
gantry revolves around the patient, the signal is
recorded as a function of both the angle of the gantry
as well as the detector position (Fig. 3) (see Swindell
and Webb 1988). More precisely, the received
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Fig. 2 Examples of signals SIGNAL FREQUENCY

and their frequency domain 3

representations. In a frequency 70

domain representation the zero 25 60

frequency is at the center, with FLAT LINE 2 %

higher frequencies (both positive 15 40

and negative) away from the ; 30

center. The zero frequency point 20

is referred to as the DC (direct 05 10

current) component, and it 0 0

represents the total energy (area 0 10 20 30 40 50 60 0 10 20 30 40 50 60
under the curve) of the signal. B )

A flat line has no frequencies 1.8 18

associated with it, and therefore 1.6 1.6

it transforms to an impulse— IMPULSE 1: 1:

there is only the DC component 1 1

and no other frequencies. 08 08

Conversely, an impulse signal gi gi

has a single infinitely sharp 02 0

discontinuity, and therefore it 0 0

[ransf()mls toa frequency 0 10 20 30 40 50 60 0 10 20 30 40 50 60
representation in which it is R 500

constant in all frequencies. In a 1.8 450

top hat function, because of the 16 400

sharp rise and fall of the signal, TOP HAT 1: 222

it creates side lobes in the 1 250

frequency representation. A 08 200

smoothly continuous curve such gi :Zg

as the gaussian transforms to a 02 50

smoothly continuous curve 0 0

(in this case another gaussian). In 0 10 20 30 40 50 60 0 10 20 30 40 50 60
particular, a broad gaussian (i.e., 120

lots of low frequency gradual

changes), transforms to a sharp ! 100

gaussian in frequency domain GAUSSIAN 08 80

(i.e., only lower frequency 06 60

components); and similarly a 04 w0

narrow gaussian signal has more

abrupt transitions, and thus 0.2 20

transforms to a broader gaussian 0 0

in frequency o encompass more 0 10 20 30 40 50 60 0 10 20 30 40 50 60
high frequency components. . 200

Random noise has numerous 3 250

frequencies associated with it— 5 300

there is the appearance of both NOISE 1 250

structure (oscillations) and sharp o 200

discontinuities. The frequency 4 150

domain representation of this 2 100

noise therefore has both lower -3 50

frequencies (peaks near the 4 0

H].lddle) and hlgher freqllencies 0 10 20 30 40 50 60 0 10 20 30 40 50 60
projection signal p (t, 0) represents the total attenu- This equation is most commonly written in a form
ation integrated along the beam R_ . That is, that uses the Dirac delta function ¢ as defined by

pet) = [ ftesyae o ={ s 20



146

H. Pien et al.

-
>

p(z,6)

Axy)

¥

Fig. 3 The CT projective geometry. A beam of X-ray R shoots
through the body f(x, y) to produce the projection p. The ray
R is characterized by its projection angle 6, and the particular
detector element 7. As the CT gantry rotates around the body, 0
goes from 0 to 180° (or 360°, although when there’s no motion
the data acquired from 180 to 360° is the same as that from 0 to
180°). The set of projections p that is acquired at different Os
form the projection sinogram. The point of CT image
reconstruction is to recover the attenuation coefficients of the
body f(x,y), given the projection sinogram p(t,0)

Recognizing that the ray R,y passing through point
(x, y) must satisfy the equation t = x cos 0 + y sin 0, or
equivalently x cos 0 + y sinf — t = 0, the Dirac delta
function can be used to restrict the integration along this
ray, and the projective equation can be written as

p(t,0) = //f()@y) - 0(x cos @ +y sin0 — 7)dxdy.

This equation is sometimes referred to as the
forward -projection equation, and p (z,0) is referred to
as the projection sinogram. Figure 4 shows an
example of the Shepp-Logan phantom, and the cor-
responding sinogram taken over 180 angles from 0° to
179°. Conversely, the back-projection equation,
integrated along all possible angle 6, can be written as

Sop(x, y) :/ p(x cosf +y sinf, 0)do.
0

Intuitively, the back-projection operation simply
propagates the measured (forward) projection signal
back into the image space along the original projection

path. This forward- and back-projection pair of equa-
tions is also known as the Radon transforms and the
inverse Radon transform, respectively.

Given a sinogram, the inverse Radon transform—
consisting of both a back-projection part and a filter
part—is able to reconstruct the image f(x, y). That is,
applied directly, the back-projection transform recon-
structs images that are blurred. Imagine an image on a
very coarse grid, and the sinogram is acquired over
thousands of angles spanning 180°. Now consider the
pixel at the center of the image—projections from
every angle will pass through that point. For all pixels
one away from the center, fewer projections will end up
passing through these pixels. Fewer projections still
will pass through pixels further away from the center.
As such, during back-projection, the centermost pixel
will receive the greatest amount of back-projection,
followed by those 1-pixel away, etc. The effect, in
frequency domain, is a low-pass blur. To compensate
for this blur, a high-pass filter is used. Since the blur-
ring, in frequency domain (in 1D) follows u, the high-
pass filter that is used is 1/u. This is known as the ramp
filter, or the Ram-Lak filter. Figure 5 shows an example
of the effect of back-projection transform without fil-
tering, and the inverse Radon transform with both back-
projection and the Ram-Lak filter. It is for this reason
that this technique for image reconstruction is called
filtered back-projection, or FBP. Note that reconstruc-
tion kernels are simply variations of the Ram-Lak filter
designed to have particular effects on the image, such as
exaggeration of low frequency components to reduce
noise, or exaggeration of frequencies corresponding to
edges between anatomical structures.

Implicit in the discussion of FBP is the importance
of the number of projections—the number of projec-
tions has a direct bearing on image quality. In Fig. 6
reconstructions using 1, 2, 5, 10, 30, 60, 100, and 180
angles are shown. Note that even with 100 angles
there is undesired texturing in the output. For this
reason, modern clinical CT scanners use more than
1,000 projections per 360° rotation.

In general terms, FBP requires three steps: com-
pute the intersection of rays with pixels to accumulate
partial-pixel contributions to the integration along
each ray, filter the result, and back-project. Technically
speaking, the Radon transform assumes that rays are
parallel to each other. As such, in fan-beam geometries,
the intersection of each ray with different pixels
is interpolated so that parallel integrations can be
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Fig. 4 Projection sinogram.
a The Shepp-Logan phantom.
b The projection sinogram
p(t, ), shown with detector
element (7) along the vertical
axis, and the acquisition angle
(0) along the horizontal axis

performed. While FBP works well in 2D (single-slice
and step-and-shoot), computation of the partial pixels
along each ray—referred to as the weighting matrix—
is more complex for volumetric cone-beam CTs. The
extension of FBP to circular cone-beam geometry is the
FDK (also referred to as the Feldkamp) algorithm
(Feldkamp et al. 1984). FDK conceptually follows the
same three steps as FBP, although the computation of
the weighting matrix becomes more complex.
Modern clinical CT scanners introduce other
complications for reconstructions. When the number
of rows in multi-row detector CT systems was low,
the small cone-beam angles were negligible and FDK
was sufficient. As cone-beam angles got larger,
however, complex interpolation schemes had to be
developed. Furthermore, the introduction of helical
scanning meant that projections which are 180°
apart no longer see the same anatomy. Numerous
algorithms were devised to accommodate these
new scanning geometries; algorithms such as PI
and PI-SLANT take into account the 3D geometry
during forward- and back-projections. An alternative
approach, exemplified by the advanced single-slice
re-binning (ASSR) algorithm, seeks to find the most
appropriate 2D planes with the least amount of inter-
polation errors and artifacts (Kohler et al. 2002).
To varying degrees, different versions of these algo-
rithms have been implemented in various CT scanners
including clinical scanners, micro-CT, materials
inspection systems, and security screening CT scanners.
In the context of large-volume, cone-beam, helical
CT scanners, the algorithms discussed thus far are
all approximation algorithms—interpolations and
approximations have to be made in order to satisfy the

mathematical conditions which make the Radon
transform valid. In the past decade, considerable
attention has been given to exact reconstruction
algorithms; these algorithms promise to deliver ima-
ges that are free of various reconstruction artifacts
(Katsevich 2002, 2004). However, due to implemen-
tation difficulties, these exact-solution algorithms
have not made their way into routine use.

3 Iterative Reconstructions

Iterative reconstructions are also variously known as
algebraic reconstructions or statistical reconstruc-
tions. Two concepts lie at the heart of these algo-
rithms—reconstructing images by solving system of
equations, and system modeling to capture scanner
geometry.

Using the simplified diagram shown in Fig. 7,
we assume that projections are obtained vertically
(to obtain integrated values p, and p,), diagonally
(to obtain p.), and horizontally (to obtain p, and p,),
then the set of attenuation coefficients which gave
rise to these projection values can be solved by the
system of equations shown on the right of Fig. 7.
With larger detector arrays, the equations will
involve many more variables. Conversely, with more
projection angles, more equations are involved.
Lastly, note that at angles other than the special
angles shown, X-ray beams will propagate through
small fractions of pixels, and any accurate imple-
mentation of iterative reconstruction needs to prop-
erly account for these fractional contributions to the
integrated projections.
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CI@C)

Fig. 5 The effect of filtering on back-projection. a Shepp-
Logan phantom image. b Back-projection when no filtering is
used creates a blurred reconstructed image. ¢ Back-projection
with the Ram-Lak filter recreates the original phantom image.
Note that this is true only when there is no noise. When noise is

Single angle

30 angles

2 angles

Fig. 6 The effect of projection angles. The quality of FBP
reconstructions depends in part on the number of projection angles
used. Radon transform is used to illustrate this dependency.

Modern CT scanners incorporate numerous geo-
metrical properties, these include the distance from
the source to the isocenter of the scanner, distance
from isocenter to the detector array, the shape of the
detector array, the size of each detector (which may

present, the Ram-Lak filter accentuates the high frequency
noise and results in very noisy reconstructed images. Various
reconstruction kernels are used to balance between image
sharpness and noise, for different anatomic regions

5 angles 10 angles
o -

100 angles 180 angles

Specifically, an equal number of angles over a 0-180° range is used
in these reconstructions (with the Ram-Lak filter). Even in the case
of 100 angles, a small amount of texturing is apparent in the image

not be uniform), the size of each detector row (which
may not be uniform), the use of flying focal spot, the use
of quarter-detector offset, and so on. Collectively, these
geometrical properties make it very difficult to describe
the projection process in simple mathematical terms,
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Fig. 7 TIterative reconstruction algorithms can be viewed as
solving a system of equations. In this simple example, the f’s
denote the attenuation coefficients to be computed, p’s denote
the values of the projections, and five projection values are used
to determine the four attenuation coefficients (figure adapted
from Buzug 2008)

and for this reason iterative reconstruction algorithms
essentially simulate the path of an X-ray beam to
calculate the fractional pixels contributing to a single
projection. Thus, one factor which significantly
impacts the accuracy of an iterative reconstruction
algorithm is the fidelity with which these geometrical
factors are modeled.

Intuitively, iterative reconstruction algorithms
work as follows. The algorithm begins by hypothe-
sizing the tissue attenuation values—these can be all
zeros, random values, or initialized to filter-back-
projection results. Subsequently, given a particular
source location, the algorithm simulates a beam of
X-ray emanating from the X-ray tube, propagating
through the body, and impinging on the detector
array. This simulated value is then compared to the
actual value obtained by the CT scanner, and any
discrepancy is used to update the solution to the
system of equations of estimated tissue attenuation
values, and the process repeats until the simulated
projections are sufficiently close to actual projections.

Consider the simplified example in Fig. 7 in greater
detail. Let f; denote the jth pixel in the data, where it is
assumed that different rows of the data are strung
together to form one long chain of pixels, and there are
N pixels in total. Let p; denote the ith ray in the pro-
jection (i.e., the detector element, or 7 in Fig. 3), and
assume there are M such rays in the projection. Pixel f;
is related to projection p; by the projection function
H—this function dictates how each pixel is “fraction-
ated” by the ray passing through it. More precisely

N
pi=Y Hiifp,i=1,...M
j=1

Or in more concise notation, p = Hf. In an itera-
tive reconstruction algorithm, the values of f are
estimated repeatedly, each time the values get closer
to the desired solution, until finally it has converged
sufficiently for the algorithm to stop. During each
iteration, then, a correction factor needs to be added
to the previous estimate of f. Let f* denote the esti-
mate of f on the k-th iteration, then the error in the k-th
iteration is given by p — Hf*. Intuitively, the correc-
tion for the next update is some function of the cur-
rent error, or

=+ g(p — H, 7).

That is, the correction is some function g of the error,
with a “relaxation” term A which controls how much
correction to make on every iteration. In one of the first
iterative reconstruction algorithms developed in the
early 1970s—the Algebraic Reconstruction Tech-
niques (ARTs)—this is precisely how the algorithm
works (Gordon et al. 1970; Gordon and Herman 1971).

Two variants of ART have played a prominent his-
torical role. In Simultaneous Iterative Reconstructive
Technique (SIRT), instead of updating one pixel at a
time, the corrections are held off until all updates for
that pixel have been computed, and the average of all
these updates becomes the new correction value. This
leads to a less aggressive update strategy, which leads
to better images but at the expense of slower conver-
gence. In Simultaneous Algebraic Reconstruction
Technique (SART), numerous strategies—including a
different update function and the use of a filtering
window—are used to improve the performance of the
algorithm. A detailed description of ART, SIRT, and
SART can be found in (Kak and Slaney 1988).

In another approach, the image acquisition process
is modeled and used as part of the iterative recon-
struction process. Specifically, the acquisition process
can be represented by:

p=Hf +n;

that is, the projection data p is related to the true data
(i.e., the attenuation coefficients of the anatomy)
f through a CT projection process H as well as
detector noise 7. Note that model-wise, this is the
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Fig. 8 An illustration of the
effect of various terms in a
simple iterative reconstruction
algorithm. a FBP image of a
contrast phantom acquired at
high dose (120 kVp, 319 mA,
330 ms rotation period).

b FBP image acquired at low
dose (120 kVp, 81 mA).

¢ The least squares iterative
reconstruction (i.e., no prior
term) of the low-dose image.
d A simple iterative
reconstruction solution

same as the ART model but with the addition of a
noise term. In the most simplistic version, the esti-

mate of f, denoted by f, is achieved by

7= "0 p 1 P RN},

That is, f is such that a simulated beam of X-ray
following the CT forward model H passing through
f must be close to the observed projection p. Further-
more, because of noise, f should be smooth, and the
most common way of inducing smoothness is to
impose some constraint R on the derivative of f (we
denote the derivative of f by Df)—typically this is
done by minimizing || Df || or || Df ||*> or some
other variation on derivatives, since smooth curves
have smaller derivatives (integrated across the entire
curve) than noisy curves. In this formulation, the first
part of the expression is the data term, and the second
is the prior term (also known as the regularization
term). Intuitively, the data term constrains the
estimation of f to solutions that fit the observed data p,

and the prior term indicates how the nonidealities of
the scanner (noise in this example) are dealt with.
Some examples serve to illustrate the nature of each
term. First, consider what happens if there is no data
term, and the prior term is just the first derivative:

-~  min
f="_Alor|}
f
In this case, the smoothest f is just a flat plane
because the derivative of a constant is 0, so the final

minimum solution is an image of a constant value.
Now consider when there is only a data term:

=" - 1P}

This is referred to as the least squares solution (i.e.,
the sum of the squares of the errors are minimized).
This solution is shown in Fig. 8c. As can be seen, by
virtue of having an accurate system model, the least-
squares approach can generate high quality images,
although due to the lack of regularization noise within
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Fig. 9 An example of
overregularization. a A
low-dose abdominal CT
image created with FBP.

b An iterative reconstruction
solution in which the prior
term is intentionally over-
emphasized to create the
patchy or blocky texture

uniform disks is visible. Now consider the case where
both data and prior terms are invoked (Fig. 8d); in
this case the prior term is used to reduce the noise in
the image, resulting in a smooth image—in fact, this
low-dose reconstructed image has higher signal-to-
noise and contrast-to-noise ratios than the high-dose
FBP image in Fig. 8a. Different variations on the data
and prior terms give rise to different behaviors,
including robustness to noise from low-dose imaging,
and the mitigation of certain artifacts (cf. (Do et al.
2010, 2011)).

It is worthwhile noting that the use of the data
and prior terms can have a dramatic impact on the
appearance of an image. In the context of very low-dose
imaging, noise becomes severe, and it is logical to think
that this noise can be overcome by simply increasing the
emphasis of the prior smoothing term. A prior term
based on minimizing the derivatives of fcreates an f that
is “piece-wise smooth”. That is, small noise bumps
within a region are smoothed towards some mean value,
but when there is an intensity change between regions,
the next region will be smoothed toward a different mean
value. The result of overemphasizing the prior term is
that the image texture is altered, and the image takes on a
“patchy” or “splotchy” appearance. This is shown in
Fig. 9, and some approaches to dealing with this texture
problem are discussed later in this chapter.

In yet another approach, the statistical character-
istics of the X-ray flux are modeled; this set of
approaches is generally referred to as statistical
models. In essence, instead of treating the arrival of
the X-rays as a deterministic process as we have
described previously, these models characterize the
statistical distribution of the X-ray photon arrival

process, most often using the Poisson distribution.
Arrival processes are often modeled by the Poisson
distribution—the distribution (as a function of time)
of runners completing a race, the arrival of customers
at a bank teller’s window, or the number of photons
hitting a detector all tend to follow the Poisson dis-
tribution (Fig. 10). This approach first gained popu-
larity in the reconstruction of emission tomography
images due to the low-photon count of such systems,
and is gaining acceptance for low-dose CT imaging
(Shepp and Vardi 1982).

Consider the case in which, over M projections, the
probability that the random variate P of X-rays equals
the true (observed) projection p. This can be written
as the conditional probability

M _Piej—,i
Pe(P = plf) = [[2-5—
=1 Pi

where p; denotes the expected value of the ith pro-
jection. By comparing against Fig. 10a, it is clear that
the right hand side of this expression is a product of
Poisson distributions—the number of X-rays hitting a
detector for every one of the M projections is modeled
as a Poisson distribution. In other words, instead of
asking, for the data term, what is the f that gives rise
to data which most closely resemble the observed
projection values (as we did in the previous model),
statistical models ask, given f, what is the most likely
distribution of X-rays that result from it, and whether
the expected value of this distribution matches the
observed projection value. Implicit in this expression
is the fact that f and p are related by the CT projection
matrix H, just like in the previous approach.
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Fig. 10 The Poisson distribution. a In a Poisson distribution, if
the expected number of occurrences of an event in any given
interval is A, then the probability that there are exactly
k occurrences is given by Q(k; /). b The Poisson distribution for
A =15,10, and 50

4 Hybrid Reconstruction Algorithms

We briefly mention that although the separation of
reconstruction algorithms into analytical and iterative
reconstructions works in abstraction, in practice hybrid
algorithms are sometimes used. These hybrid algo-
rithms come in at least two flavors. In one case, an
analytical reconstruction can be used to create an initial
image, and post-processing algorithms iteratively
reduce the noise in the resulting image until specific
criteria are reached (such as a sufficiently high signal-
to-noise ratio). In another case, an initial image can be
formed using analytical reconstructions, while a more
aggressive algorithm is used to reduce the noise. Since
such aggressive algorithms may introduce unwanted
textures (such as Fig. 9), the user is given the oppor-
tunity to “blend” these two images to produce one that
has sufficiently reduced noise yet retains the desirable
textures of conventional reconstructions.

5 Commercial Implementations

Due to concerns over radiation exposure for CT
patients, all of the major clinical CT vendors have
implemented algorithms on CT scanners which

these low-dose processing techniques as quickly
as possible, several CT vendors have adopted a two-
phase approach. In their first-generation algorithms,
vendors have deployed primarily post-processing-
based algorithms for reducing the appearance of
noise. At the time of this paper, several vendors are
also in the process of commercially deploying itera-
tive reconstruction algorithms that may permit further
lowering of radiation dose as part of their second
generation of low-dose CT algorithms. A sampling of
these low-dose image reconstruction and processing
packages—as commercialized by CT vendors—is
shown in Table 1. Sample images are also shown in
Figs. 11, 12, 13, 14 these are discussed next.

In Fig. 11 images processed using algorithms cre-
ated by GE are shown. These low-dose axial abdominal
images were acquired at 100 kVp, 50 mAs, 0.5 s gantry
rotation speed, 0.9:1 beam pitch, and 5 mm section
thickness. CTDIvol = 2.5 mGy, DLP = 105 mGy-
cm, resulting in a dose exposure of 1.5 mSv. Shown are
the original FBP, ASIR (Adaptive Statistical Iterative
Reconstruction) algorithm, and Veo (a model-based
iterative reconstruction) algorithm. While ASIR is a
hybrid algorithm which provides the user with the
ability to “blend” FBP and iteratively reconstructed
images, Veo is a statistical reconstruction fully iterative
algorithm (Thibault et al. 2007). Figure 11b was gen-
erated with a blending of 50%. Veo received FDA
clearance in September 2011.

Results of low-dose processing using Philips’
algorithms are shown in Fig. 12. Philips’ first-
generation product, iDose”, operates in both sinogram
and image space, and is designed to both reduce
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Fig. 11 Low-dose reconstructions from GE. CT data acquired
at 100 kVp, 50 mAs with 0.5 s gantry rotation speed, 0.9:1
beam pitch, and 5 mm slice thickness. CTDIvol = 2.5 mGy,

DLP = 105 mGy-cm, resulting in a dose of 1.5 mSv. Shown
are a FBP, b ASIR-50, and ¢ Veo

Fig. 12 Low-dose reconstructions from Philips. Acquisition
was performed at 120 kVp, 21 mAs, 0.75 s rotation time,
1 mm slice reconstruction thickness. CTDI = 1.275 mGy,
DLP = 25.5 mGy-cm, resulting in a dose exposure of

0.38 mSv. Shown are (a) the analytical reconstruction image,
(b) the iDose image, and (c) the IMR image. Images courtesy of
Kevin Brown of Philips

from Siemens. This

reconstructions
contrast-enhanced chest dataset was acquired at 100 kVp,
107 mAs, 3.4:1 beam pitch, gantry rotation speed of 0.285 s,

Fig. 13 Low-dose

0.6 mm section thickness. The CTDIvol = 3.5 mGy,

artifacts and decrease noise, while preserving the noise
power spectrum (Leipsic et al. 2011). IMR (Iterative
Model Reconstruction) is a more recent advance-
ment that uses knowledge-based models to perform

DLP = 53 mGy-cm, which results in a dose exposure of
0.74 mSv. Shown are (a) FBP, (b) IRIS image, and (c) SAFIRE
image, obtained with a setting of 4. Images courtesy of Thomas
Flohr and Rainer Raupach of Siemens

global data optimization, and represents Philips’
second-generation algorithm. The data shown in
Fig. 12 was acquired at 120 kVp, 21 mAs, 0.75 s
gantry rotation, and 1 mm reconstruction thickness.
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Fig. 14 Low-dose reconstructions from Toshiba. The contrast-
enhanced cardiac acquisition was performed with 80 kVp and
120 mA, 0.35 s rotation time, with prospective gating. The BMI
of the subject was 20. The resulting DLP is 29.0 mGy-cm, with a

The resulting CTDIvol = 1.275 mGy, DLP = 25.5
mGy-cm, which yields an exposure dose of 0.38 mSv.
Shown are the FBP, iDose”, and IMR results.

Results from Siemens’ low-dose CT processing
algorithms are shown in Fig. 13. This contrast-
enhanced axial chest dataset was acquired at 100 kVp,
107 mAs, gantry rotation speed of 0.285 s at a pitch of
3.4:1; CTDIvol = 3.5 mGy, DLP = 53 mGy-cm, and
the resulting exposure dose is 0.74 mSv. Siemens’
first-generation product is named IRIS (Iterative
Reconstruction in Image Space), where an initial sin-
ogram domain reconstruction is computed, after which
iterations in the image domain are used to decrease
noise (Nelson et al. 2011). In Siemens’ second- gen-
eration product, SAFIRE (Sinogram Affirmed Itera-
tive Reconstruction), reprojections of the image data
back into the sinogram domain are used in conjunction
with image domain iterations to form the final image.
SAFIRE received FDA clearance in November
2011. Figure 13 shows the FBP, IRIS, and SAFIRE
reconstructions.

For Toshiba, its first-generation low-dose imaging
product consists of two algorithms—QDS and
Boost3D. QDS (Quantum Denoising Software) works
in the image domain by selectively adapting the
strength of smoothing or edge enhancement to the
presence of edges. On the other hand, Boost3D
operates in the sinogram domain to reduce the effect
of structured (non-random) noise such as photon
starvation and streaking. Toshiba’s second-generation
product is AIDR 3D (Adaptive Iterative Dose

CTDI of 2.1 mGy, resulting in a dose of 0.4 mSv. Shown are
a analytical reconstruction image, b QDS/Boost image, and
¢ AIDR 3D image. Images courtesy of Associate Professor Sujith
Seneviratne of MonashHeart, and Erin Angel of Toshiba

Reduction), which combines a statistical model-based
reconstruction in the sinogram domain with an itera-
tive image-based noise reduction algorithm (Gervaise
et al. 2011). Figure 14 shows a low-dose contrast-
enhanced cardiac CT example, in which the data
was acquired at 80 kVp and 120 mA, 0.35 s rotation
time, with prospective gating. The CTDI is 2.1 mGy,
DLP = 29.0 mGy-cm, resulting in a dose of 0.4 mSv.

In addition to these (and other) vendor-specific
implementations of low-dose image reconstruction
algorithms, third-party vendors have also developed
algorithms (cf. SafeCT, MedicVision, Isreal) which
primarily work in the post-processing domain to
reduce the appearance of noise. While vendor-specific
implementations offer the advantages of seamless
integration with their equipment for both workflow
and service, for institutions with equipment from
multiple vendors, the cost of procuring low-dose
packages from each vendor can be high.

6 Discussions

Since the invention of CT, image reconstructions have
undergone considerable evolution. Although the very
first CT images were generated using iterative tech-
niques, the computational advantages of analytical
reconstructions made FBP, FDK, ASSR, and other
analytical approaches the gold standard in commer-
cial CT scanners for the next 30 years. More recently,
with larger volume coverage and larger cone angles,
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along with increasing concerns over radiation
exposure, and vast improvements over the speed of
computation, iterative and hybrid reconstructions
have been gaining clinical acceptability. These
approaches, however, process the data in very dif-
ferent ways from conventional analytical recon-
structions, and make very different assumptions
about the nature of the scanner geometry and
acquisition process. As such, it is important to have
an intuitive understanding of how these algorithms
work, what assumptions they make, the parameters
which control them, and the ways in which they may
introduce unwanted artifacts. And while the newest
generation of iterative techniques appears to be very
promising for improving image quality from low-
dose CT, these algorithms continue to be signifi-
cantly slower than analytical techniques, and likely
will be for a few more years.

Although there are several published studies
comparing the first-generation iterative approach to
the standard or filtered back-projection techniques,
there is a distinct lack of comparison between dif-
ferent iterative reconstruction techniques. From the
point of view of their actual use in clinical practice,
users must remember that these iterative reconstruc-
tion techniques do not reduce dose themselves per se,
but rather allow users to acquire images at lower
radiation dose levels and then these techniques pro-
cess the acquired low-dose and higher noise images to
improve image quality. As such, users have to
determine the fractions of dose reductions for given
patient sizes, body regions, and clinical indications
with adjustment of scanning parameters. Typically,
dose reduction with use of iterative approach is
achieved with use of lower tube current and/or tube
potential. Actual dose reduction in comparison with
the standard or filtered back-projection reconstruction
techniques has been extensively discussed in Part III
of this textbook on practical dose reduction approa-
ches. At the Massachusetts General Hospital, some of
the first-generation iterative approaches (ASIR and
IRIS) are used to obtain up to 30-75% dose reduction
compared to the standard filtered back-projection
techniques (Kalra et al. in press; Prakash et al. 2010a,
b, ¢; Singh et al. 2010, 2011, in press).

Another practical aspect of applying iterative
approach involves selection of settings for these itera-
tive algorithms. For example, for applying ASIR,
one must select 10-100% level of ASIR for image

reconstruction. Selection of 10% ASIR implies that
resulting image will have 10% ASIR blended with 90%
filtered back-projection and will have higher noise
compared to application of ASIR 90% which will have
lower noise as 90% ASIR will be blended with just 10%
filtered back-projection data. Other techniques such as
IRIS, Veo, and AIDR 3D are on/off options with no user
control for strength of noise reduction in the image
datasets (although QDS/Boost and AIDR 3D provide
some manual adjustability for research purposes).
In short, each institution needs to understand and
appreciate the implications of different reconstruction
algorithms, and recognize the need to optimize proto-
cols for specific low-dose imaging needs as they relate
to patient, anatomy, and indications.
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Abstract

With the expanding use of CT and growing
concerns for radiation related risks, several efforts
have been made in scientific community to lower
radiation dose without compromising the image
quality (Berrington de Gonzélez et al. Arch Intern
Med 169:2071-2077, 2009; Schauer and Linton
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5 ConClUSION ........o.oeieieieieiieeeieeeeeee s 172 success of any imaging modality. While technical or
the physics side of the imaging community has
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always guided efforts to achieve “pretty” images/
better image quality, medical community on the other
hand attempts to achieve “clinically acceptable”
image quality. CT image quality has many aspects,
which are influenced by various scanning and recon-
struction parameters.

Image quality in CT is generally governed by four
basic factors: image noise, image contrast, spatial
resolution and artifacts. In the realm of subjective
assessment of CT image, noise is defined as
the graininess, speckled or salt and pepper look on the
images. Region of interests (ROI) can be drawn over
homogeneous areas of images to objectively measure
image noise by calculating the standard deviation of
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Fig. 1 Postmortem abdominal CT (55 kg patient weight) at
120 kV and different tube current levels (315, 180, 90, 45, 22
mAs) resulting in CTDIvol of 24.0, 14.0, 7.0, 3.4, and 1.7 mGy,

measured as the random variation in the HU values in
the selected ROIL.

CT image noise results from both quantum and
electronic noises (AAPM 2011). Electronic noise is
due to the random variation in signals before the
image reconstruction and after the photons detection.
Quantum noise on the other hand arises from the
fluctuations in detection of the X-ray quanta. Low
radiation dose CT examinations have lower number
or energy of photons and hence have greater image
noise. Scan parameters, including tube current (mA)
and the selected tube potential (kVp) are important
factors that influence the number and energy of X-ray
photons and hence also the image noise. If all other
scan parameters (for example, tube potential, rotation
time, slice thickness) are kept constant and reducing
the tube current by 50% results in increase the image

respectively. Image noise increases with decrease in the tube
current and CTDlIvol resulting in poor visualization of the
margins of liver lesion and hepatic vessels

noise by a factor of the square root of two (Kalender
2000) (Fig. 1).

Image contrast is defined as the ability to distinguish
between differences in intensities or the HU values of
the structure and its background. Image contrast is
governed by differences in the HU values in the area of
interest and the background. Reduction in tube poten-
tial lowers photon energy and results in greater X-ray
attenuation and image contrast from iodine and some
other structures due to higher photoelectric effect at
lower kVp (Kalva et al. 2006). However, increase in
image contrast at lower kVp is associated with increase
in image noise as well (Fig. 2).

Spatial resolution is defined as the ability to
resolve or distinguish small closely spaced structures
in an image. Resolution of CT images is usually
guided by the detector size or also called as aperture
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28.7 mG

100 kVp
640 mA

\

Fig. 2 Postmortem abdominal CT (95 kg patient weight)
images demonstrating severe diffuse hepatic steatosis at 140,
120, 100 and 80 kV. Image noise increased as the tube potential
was decreased (20.4 at 140 kVp, 25.1 at 120 kVp, 33 at
100 kVp and 33.9 at 80 kVp). Also noted was the increase in

size and the spacing of the detector measurements.
Other factors affecting the resolution include focal
spot size, motion and displayed pixel size.

Artifacts are subjectively defined as any structure
seen in the image, which is not a part of actual
anatomy in that region. Quantitatively, image noise is
“random” uncertainties in the HU values whereas
artifacts are defined as any “systematic” uncertainties
in CT numbers or the pixel values (AAPM 2011).
They are primarily caused by discrepancies in
acquired projection data, which could be due to
motion, either voluntarily or involuntarily such as
heart beat or lungs while breathing, mechanical
scanner malfunction, projection data under sampling

120 kVp
637 mA
23.8 MG

the Hounsfield units as the tube potential was dropped from 140
to 80 kVp (106.2 HU at 140 kVp, 121.4 HU at 120 kVp, 162.7
HU at 100 kVp and 219.7 HU at 80 kVp). Postmortem
nephrogram in bilateral kidneys is from pre-mortem contrast
enhanced abdominal CT in this patient with renal failure

or photon starvation. Common CT artifacts are
discussed in “Image Quality in CT: Challenges
and Perspectives” on CT image quality by Thomas
Toth.

CT image quality is finally guided by the combi-
nation of these four parameters. This delicate balance
of radiation dose and image quality has to be carefully
maintained without affecting the diagnostic informa-
tion on the CT examinations. In the past several
attempts have been made to lower image noise while
maintaining other image quality attributes with the
help of image post processing filters. (Berrington de
Gonzalez et al. 2009; Schauer and Linton 2009;
UNSCEAR 2000)
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Fig. 3 Simplified illustration of “median” nonlinear filter
where the input images are processed to replace the pixel values
by median values. Median nonlinear filter selects a central pixel
and defined number of surrounding pixels (For example, 8 in

1 Types of Image Processing Filters

Several image post processing filter based approaches
have been implemented to improve image quality of
CT images acquired with lower radiation doses. These
include linear and nonlinear filters.

Image noise in CT due to quantum and electronic
noise have wide range of frequency components
and a linear low-pass filter can separate out the high
frequency components from the noise. This image
processing can reduce image noise. Anatomical or
structural edges seen in the image domain consists
of high frequency signal components in frequency
domain and hence linear low-pass filters can separate
these signals and result in blurring at tissue margins or
interfaces while lowering image noise.

Whereas linear filters process the scan data as a
whole without looking at individual data points such as
tissue interfaces, nonlinear filters examine each data
point or pixel and then decide whether that pixel is
noise or a valid signal. If the pixel is noise, then it is

this algorithm), calculates the median values for pixel values
and finally replaces the central pixel with the median values.
Median nonlinear filters perform selected number of iterations
to obtain final output post processed images

replaced with estimate based on the surrounding pixel
values. For example a “median non linear” filters first
selects center pixel values and 8 surrounding pixels to
calculate the median of those the 9 pixels and finally
replace the center pixel with the estimated median
value (Fig. 3). These functionalities of the nonlinear
processing help in selective noise reduction in the
regions of the image (where it needed the most) while
retaining sharpness at the tissue interfaces. The
nonlinear filters take into account the location and ori-
entation of edges while processing for noise reduction.

Keselbrener et al. (1992) evaluated both average
and median filter on high and low contrast phantom
images. Their averaging filters adapted the smooth-
ening strength based on the linking patterns of
neighboring pixels (NLK filter). They also assessed
shape and size of selected window and k parameter
(number of neighboring pixels) for K-nearest neigh-
bor median filter (KNNM filter). Authors found that
results of NLK filters were more promising than the
KNNM. Also NLK filters were able to reduce image
noise to the same magnitude as the linear filter and
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Table 1 Tabulated summary of some approaches to noise reduction image and raw data filters

Type/name  Authors Vendor

ATM Hsieh (1998) GE healthcare

MAF Kachelriess et al. Siemens
(2001) healthcare
Baum et al. (2003)

NRF Kalra et al. (2003a) GE healthcare
Kalra et al. (2003b)
Kalra et al. (2004)

3D ORA Rizzo et al. (2005) Siemens
Seifarth et al. (2005) ~ healthcare
(3D-ORA plus)
Bai et al. (2009)

Adaptive Funama et al. (2006),

NRF Jan

QDS Okumura et al. (2006) Toshiba

Boost 3D Kazama et al. (2006) Toshiba

NOVA Schilham et al. (2006)

ANR-3D Wessling et al. (2007) Siemens

healthcare

NLAF Martinsen et al. (2008)  ContextVison,
Leander et al. (2010) Inc.
Martinsen et al. (2010)
Ledenius et al. (2010)

BF and Manduca et al. (2009)

NLM

Giraldo et al. (2009)
Guimaraes et al. (2010)

Technique (domain)
Adaptive Trimmed Mean filter (raw data domain)

Multidimensional adaptive filtering (raw data domain)

Segmentation, reduce noise & preserve structures (image domain)

3 dimensional optimized reconstruction algorithm (image domain)

Noise reduction and edge preservation (image domain)

Quantum denoising system (image domain)
Compensate for low quantum intensity (shoulders and pelvis)
Noise variance nonlinear filter (image domain)

3D edge detection + 2D axial filter

2D-nonlinear adaptive filter (image domain)

Bilateral filtering (BF) and non-local means (NLM): weighted
smoothening and edge preservation (image domain)

also preserve the resolution of high contrast images.
In the low contrast images, NLK processing also
lowered image noise as compared to linear filters.

1.1 Two-Dimensional Image Filters

There are different approaches reported in the medical
literature on 2-D image processing. We review some
of these approaches in this section (Table 1).

Noise reduction filters (NRF, GE Healthcare)
(Kalra et al. 2003a, 2004) work in image domain and
uses a gradient analysis method to separate the image
into structured and nonstructured regions. Algorithm
incorporates a threshold parameter to control this
segmentation process. The nonstructured regions
are isotropically filtered with a low-pass filter. The

structured regions on the other hand are directionally
filtered with a smoothing filter operating parallel to
the edges and with an enhancing filter operating
perpendicular to the edges. Finally a blending
parameter regulates the recombination of the struc-
tured and nonstructured segments. Six different
settings or combinations of segmentation and blending
are made available to optimize the filters. These filters
settings are stratified as; filter A, normal-low; filter B,
normal-medium; filter C, normal-high; filter D, special-
low; filter E, special-medium; and filter F, special-high.
NRF helps to reduce image noise while preserving the
qualitative appearance of the noise without perceptible
loss of definition of anatomic structures.
Two-dimensional nonlinear adaptive filters
(2D-NLAF, SharpView/ContextVision, Linkoping,
Sweden) (Leander et al. 2010; Ledenius et al. 2010)
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are based on the concept that CT image contain
anatomical structures of various sizes and image data
can be resolved into different frequency bands con-
taining similar size structures. Depending on the
scanner type and the anatomy of the scanned region,
CT image is divided into a defined number of bands.
Each band usually contains similar size structures,
which allows it to process anatomical structures by
size. Low-pass band consists mainly of the amplitude
of the 2D signal and low frequent variations, whereas
the high-pass band contains predominantly small
structures and noise. The remaining band cover
structures of mid size and low frequent noise. These
2D-NLAF filters process each frequency band sepa-
rately and merge the enhanced bands to produce final
enhanced image. At the pixel level, these filters
examine each pixel in relation to its neighboring
pixels. Subsets of filters are used to assess the pre-
defined local features by running these subsets of
filters in different directions. The filters are designed
so that the combined filter response is completely
rotational invariant. A number of features are esti-
mated during the estimation of these subsets of filter
responses including variance, orientation, phase and
energy. Feature estimation is performed on higher
abstraction level, to produce more accurate and robust
results. This information is used to decide whether the
pixel is a part of same structure as its neighbors.
Finally based on the calculated set of these features,
the contextual information for every location in the
image is formed. This contextual information is
merged to produce a specific filtering method, which
adapts to image signal at every pixel location and
individually optimizes it. The distinct quality of
2D-NLAF is the likelihood of adapting desired
behavior to the image content and hence allowing both
noise reduction as well as edge enhancement. This
feature can help in selective noise reduction in low
contrast soft tissue regions as well as edge enhance-
ment in high frequencies areas such as lungs and bones
within a single image. Lastly, the 2D-NLAF parame-
ters noise reduction and edge enhancement can be
optimized for the anatomy of the scanned region.
The enhancement is performed in different intensity
value ranges, corresponding to tissue-type-specific
Hounsfield Units (HU). Also these parameters can be
adjusted based on user preference, as some radiologists
prefer smooth images while others prefer sharp, crispy
image.

Adaptive 2D noise reduction filter evaluated by
Funama et al. (2008) varied the convolution kernel for
every image pixel. Size of applied convolution kernel is
selected on the basis of noise or the standard deviation
of every pixel. Pixels with larger deviation were pro-
cessed with larger kernel. The investigators suggested
that with conventional filters amount of processing is
determined by the distance from the center pixel which
makes the edge or the boundaries of structures indis-
tinct whereas their approach adapted the filter settings
based on the standard deviation of pixel to obtain both
smooth and sharpened data. Finally these data were
combined appropriately to generate the final image.

1.2 Adaptive Noise Reduction Filter
Yanaga et al. (2009) evaluated adaptive noise reduc-
tion filter for low kilovoltage CT data. This algorithm
first separates the image into several components to
which independent filtering kernels are applied.
Input image is split into Laplacian pyramid (Burt and
Adelson 1983). This step allows the filter to produce
various spatial frequency sub-bands and adapt to
different sized anatomic structures in the image. For
each spatial resolution level, algorithm then estab-
lishes three different classes; A, weakly textured
regions or organs in the image; B, linear or elongated
structures, for example blood vessels, ducts and tubes
and C, organ boundaries. For example in CT urog-
raphy, psoas muscles is designated as organs and
ureter as elongated structures and margins of area
with or without contrast irrigation as class C or organ
boundaries. Different process settings are performed
on these classes with isotropic smoothening with in
the organs, directional smoothing and enhancement of
elongated structures and fine outlining of the organ
boundaries to avoid introduction of new artifacts.

13 Three-Dimensional Image Filters

The two-dimensional nonlinear smoothing performs
filtration in the x—y or axial plane only, where posi-
tion and orientation of edges is determined and an
arbitrary one-dimensional filtration is performed
along these edges. Since these 2D filters do not take
into account information in the direction perpendic-
ular to the x—y plane, smaller structures crossing the
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x—y plane can be loose details or become invisible
because of partial-volume artifact.

The 3D filtration method, namely 3D optimized
reconstruction algorithm (3D-ORA, Siemens Health-
care) (Rizzo et al. 2005; Bai et al. 2009) generalizes
the two-dimensional nonlinear smoothing technique
in all three directions (x, y, and z axes) to avoid loss
of contrast and sharpness of small structures. 3D
ORA filters reduce image noise while maintaining the
spatial resolution, as measured by modulation transfer
function (MTF). The 3D Advanced Noise Reduction
(ANR-3D, Siemens Healthcare) (Wessling et al.
2007) filters analyze the initial input data to determine
the orientation of edges in the images by estimating
linear variance in different directions in 3D spaces.
This approach assumes minimum variance to be
tangential to the edge/contour. Three different filters
are then employed based on the calculated variance.
Intermediate datasets are generated by post process-
ing with one 2D fixed axial filter working in fre-
quency domain and two one-dimensional adaptive
filters in different directions. Finally results from
these filters are combined to obtain maximum nose
reduction and least deterioration of information.

Quantum Denoising System (QDS) algorithm
(Okumura et al. 2006) also works in image domain
with three simultaneous mathematical processes.
These processes include structure edge detection and
analysis, smoothing of image, and enhancement of
edge structure. The first process of edge detection and
analysis includes a detailed interrogation of the input
image for edge structures to determine the local edge
strength so that edges can be maintained. This
extracted edge information is used to estimate an
optimal blending ratio for smoothened and sharpened
image based on the edge sensitivity curve. The second
part of QDS utilizes a low-pass smoothing filter to
attenuate noise elements to reduce overall image
noise. Third part of QDS applies a high-pass sharp-
ening filter to enhance edges and fine structures in the
input image. All of these three filtration processes
function in the 3D space. Eventually, the images are
locally blended based on determined local edge
strength. The QDS lowers image noise by increasing
the blending ratio of smoothening in low edge intensity
areas and increasing the blending ratio of sharpening in
area of high edge intensity. Hence, output image after
QDS post processing results in lower pixel noise while
enhancing the fine edge structures.

Noise variance nonlinear (NOVA) filter (Schilham
et al. 2006) uses an estimate of the spatially
dependent noise variance in an image. It comprises
of moving average (MA) filter with window of
5 x 5 x 5 voxels, which basically replaces the voxel
value with the average of voxel values in the selected
window around the voxel. In addition to the MA filter
component, NOVA algorithm incorporates a weight-
ing function of the intensity difference, between a
voxel in averaging window and the intensity in the
center of the window and the variance of the noise at
the center of the window. This approach alters its
noise reduction strength based on the estimated local
standard deviation of noise.

Manduca et al. (2009) and Yu et al. (2010)
evaluated the denoising algorithm based on bilateral
filtering, which smoothens values using a weighted
average in a local neighborhood, with weights
determined according to both spatial proximity and
intensity similarity between the center pixel and the
neighboring pixels. This filtering is locally adaptive
and can preserve important edge information in the
sinogram, thus maintaining high spatial resolution.
A CT noise model that takes into account the
bowtie filter and patient-specific automatic exposure
control effects is also incorporated into the denois-
ing process.

1.4 Raw Data Domain Filters

Filters in the image space domain cannot make use
of the measured attenuation values and the photon
statistics from the raw data. These filters are consid-
ered as post processing techniques, since they operate
on reconstructed DICOM images. The raw data filters
work on sonogram or raw data domain.

Hsieh (1998) evaluated an adaptive trimmed mean
filter that adapts to the detected photon starvation.
This filter also applies smoothening to individual
measured projections in the raw data. The selected
level of smoothening is inversely proportional to the
detected photon signal or the X-ray flux. For example,
projections running through shoulders and pelvis
have more attenuation and less detected signal at
the detectors, hence requiring more smoothening.
Whereas when detected signal is high, as in lungs
filled with air, there is less or no need to apply
filtering to these projections.
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Contrary to one-dimensional adaptive filters
assessed by Hsieh (1998), Kachelriess et al. (2001)
evaluated raw data based multidimensional adaptive
filter (MAF) which works in various planes, including
detector plane, projection plane as well as along the
long axis of the patient. The multidimensional adap-
tive filter preserves the boundaries of structures by
adapting the kernel size, amount of smoothing and
edge enhancement based on the calculated standard
deviation of the CT number in the local region.
To address the concern of additional time involved in
processing in the raw data domain, these filters use
local raw data i.e. within £90° of the projections to
adjust the filter settings. This approach allows the
processing to take place in real time during data
acquisition.

Yu et al. (2008) developed a locally adaptive algo-
rithm for noise control in CT based in bilateral filtering.
This technique processes projections in the raw data
domain to account for local structural details in order to
preserve the edges and maintain spatial resolution.
The algorithm adapts its strength based on the
detected number of photons from each projection.
Noise reduction in raw data domain relies on the
appropriate CT noise model, which eventually
requires an estimate of the number of photons.
Detected photons vary for each projection due to the
use of automatic exposure control (AEC) and also
vary across the X-ray beam due to the beam shaping/
bow tie filter. These parameters are taken into con-
sideration while processing the raw data to preserve
the noise texture and improve the low contrast
detectability.

The cross-section of most human bodies is often
oval rather than completely circular, with lateral
diameter greater than the anteroposterior diameter. As
a result, there is a higher attenuation of the X-ray
beam in the lateral projections compared to the
anteroposterior projections. The lateral projections
photons travel greater distance in the body than
anteroposterior projections and greater photon star-
vations and eventually increased quantum noise. This
effect is prominently seen in the area of thick bones,
for example in shoulders, scapulae and pelvic region
or in obese patients. Boost 3D filter (Toshiba Medical
Systems) (Kazama et al. 2006) is also useful in pro-
jections with extremely high absorption of X-rays as
in metallic implants and devices. These high density
regions lower the detector output count and hence

projections are affected by photon noise. Boost 3D
software analyses the stochastic noise in each pro-
jection and optimizes the scan raw data in all 360°
projections. For example, high stochastic noise in the
projection due to either low radiation dose or high
attenuation through thick bones is compensated by
Boost 3D. This algorithm is programed to seek high
X-ray absorption projections from the raw data and
then process with raw data smoothening filter in the
detector row direction (z-direction) and the axial
plane (x—y direction). The processed images have
lower noise and less streak artifacts.

2 Clinical Application of Filters

2.1 Abdominal and Pelvis CT

Kalra et al. (2003a) have evaluated six different set-
tings of noise reduction filters for dose reduction in
abdominal CT examinations. They acquired images at
140 kVp, 240-300 mA in the portal venous phase
(CTDIw: 17.8-22.2 mGy) and 4 additional low dose
images acquired at 140 kVp, 120-150 mA (CTDIw:
8.4-10.5 mGy) in the equilibrium phase. Low dose
post processed images (120-150 mA) have substan-
tially lower image noise without any significant
improvement in sharpness and contrast as opposed to
unprocessed low dose images.

Another group of investigators (Funama et al. 2008)
evaluated the role of adaptive noise reduction filters in
low dose abdominal CT for various patient sizes who
underwent biphasic hepatic CT (hepatic arterial phase at
140-180 mAs (CTDIw: 10.7-13.8 mGy), equilibrium
phase at 60-100 mAs (CTDIw: 4.6-7.6 mGy). Equi-
librium phase low dose images were post processed with
specific filter settings adapted to three different weight
groups (<50 kg, 50-70 kg, and >70 kg). Authors found
no difference between low dose post processed and
standard dose unprocessed images, in terms of graini-
ness, tumor conspicuity, portal vein enhancement
homogeneity and overall image quality. However, they
did report statistically significant lower scores for the
sharpness of liver contours.

Baum et al. (2003) have also demonstrated
improved visualization of rectal wall and perirectal
lymph nodes with better image quality when pelvic
CT examination were post processed with multidi-
mensional adaptive filters.
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To generate multiple radiation dose levels in the
same patient, investigators have added image noise
using noise projection software on CT images with
liver lesion to generate simulated low dose images
(Wessling et al. 2007; Funama et al. 2006; Kropil
et al. 2010; Giraldo et al. 2009). Wessling et al.
(2007) post processed simulated low dose images
with ANR 3D and demonstrated noise was signifi-
cantly lowered with superior image quality and no
difference in liver detection was noted. Kropil et al.
(2010) evaluated simulated images of multi modal
anthropomorphic phantom at various tube currents
(100-500 mAs) and tube potential (80—140 kVp) for
mesenteric low contrast lesion, hepatic blood vessels,
liver and renal cysts. They found that 2D NLAF could
help improve image quality of CT images acquired
with to 50% radiation dose reduction. They divided
the study group in high dose (CTDI >20 mGy),
middle dose (CTDI 10-20 mGy or estimated effective
dose 5-8 mSv) and low dose with CTDI values
of less than 10 mGy (estimated effective dose
1-5 mSv). Results of this study showed improvement
of subjective image quality, particularly the detection
of low contrast mesenteric lesions and hepatic veins
improved with post processing of middle dose group
(CTDI 10-20 mGy or estimated effective dose of
5-8 mSv).

Another group of investigators simulated low
radiation dose abdominal CT images by inserting
Poisson noise in the raw data domain, before image
reconstruction. They finally processed the low dose
images with Bilateral Filtering (BF) and Non-local
means (NLM) to enhance the image quality. BF and
NLM both lowered image noise while preserving the
sharpness in the high contrast regions of the images.
However, there was slight amount of smoothening in
low contrast areas of the abdominal CT images
(Giraldo et al. 2009). Manduca et al. (2009) evaluated
the noise-resolution properties of bilateral filtering
incorporating similar CT noise model in phantom
studies. They also tested this algorithm on one patient
with CT colonography protocol at 120 kVp and
100 “quality reference mAs”, resultant CTDIvol of
7 mGy. They selected the edge between air and stool
on the bowel wall to assess the noise and resolution
profile. When compared to the convolution kernels,
bilateral filtering lowered image noise with much less
affect on spatial resolution.

Several prior studies have been performed to
assess the effect of noise reduction filters on lesion
detection and conspicuity. Although noise reduction
filters have effectively shown the potential of lowered
image noise, this post processing can lead to
smoothening of organs and noticeable loss of
anatomic structural margins or edge definition.
In particular, liver is the focus of image post pro-
cessing due to the low contrast lesions. Kalra et al.
(2004) have evaluated 2D nonlinear filters for lesion
evaluation and found decreased lesion conspicuity on
aggressive noise reduction settings. Authors con-
cluded that their filters may be more useful in high
contrast settings like evaluation of renal stones, CT
urography and CT colonography (Fig. 4).

In fact application of nonlinear Gaussian filter
algorithm to CT colonography images of porcine
colon (acquired at 100 and 10 mAs, estimated
CTDlIvol = 0.5-5 mGy) with simulated lesion rang-
ing from 1-8 mm resulted in 50-70% image noise
reduction for 10 mAs images. Although all simulated
lesions were seen on post processed images with
reconstructed slice thickness of 1.25 mm, definition
of lesion size and shape was more “accurate” with
100 mAs scans (Branschofsky et al. 2006).

Another study has reported the use of liver phan-
tom with simulated hepatic lesions (Funama et al.
2006). In this study, Funama et al. generated an
inhomogeneous phantom of upper abdomen simulat-
ing diffuse and chronic liver disease. This “virtual
liver phantom” comprised of liver, stomach with air,
kidneys, vertebral bodies, ribs and peritoneal fat and
contained simulated nodules of various sizes and
attenuation. Authors found that detectability of 80
mAs (CTDIw = 4.6 mGy) post processed images
was equivalent to 160 mAs (CTDIw = 12.2) unpro-
cessed image. Rizzo et al. (2005) evaluated 3D ORA
in an IRB approved study to acquire additional ima-
ges in 40 patients undergoing abdominal CT exam-
inations at 140 kVp and combined tube current
modulation (CARE Dose4D) with quality reference
mAs of 120 (n = 6, CTDIvol: 11.9 mGy) and 160
mAs (n = 34, CTDIvol: 15.9 mGy). Post processing
with 3D ORA lowered image noise with significant
reduction in image contrast at higher strengths of
filtration which was also associated with lower lesion
conspicuity in 9/40 cases. They reported missing six
focal liver lesions at such higher levels of noise
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Fig. 4 Abdominal CT images acquired at 200, 150, 100 and
50 mAs in the same patient with a limited scan length of 10 cm
shows a low attenuation liver lesion. Post processed images

reduction as well as appearance of pseudolesions/
artifacts.

Wessling et al. (2007) evaluated 40 known benign
and malignant liver lesions, including benign hepatic
cysts, liver metastasis, hemangiomas, hepatocellular
carcinomas, choloangiocarcinomas and hepatic
abscesses. Authors added quantum noise to raw data
to simulate low dose abdominal CT images. These
images were then post processed with ANR-3D and
evaluated for lesion detection, image noise and
delineation of hepatic veins, portal veins, contrast
between vessels and liver parenchyma. Compared to
standard dose of 180 mAs (CTDIw: 11.4 mGy),
detection rate was the same for unfiltered images at
105 mAs (CTDIw: 6.6 mGy) and filtered images at 80
mAs (CTDIw: 5.1 mGy). Post processing with ANR 3D
allowed detection of low contrast lesions (mean

with 2D nonlinear adaptive filters in lowered image noise and
improved visibility of the liver lesion

diameter of 5-28 mm) at 80 mAs and high contrast
lesions (mean diameter of 4—13 mm) at all mAs settings.

Lowering of tube potential, results in increased
signal from iodine which eventually improves signal
to noise ratio. For example reduction in tube potential
from 120 to 80 kVp, results in increase in signal by a
factor of 1.7. Yanaga et al. (2009) acquired CT
urography images at 80 and 120 kVp and processed
the lower kVp (80 kVp; estimated effective dose of
2.9 mSv) images with adaptive noise reduction filters
for comparison with 120 kVp (estimated effective
dose of 7.0 mSv). CT urography images were asses-
sed for homogeneity of urinary tract, which is
important for detecting any filling defect due to
urinary tract stones or tumors. Post processed 80 kVp
images were found to be comparable to 120 kVp in
terms of diagnostic confidence.
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Guimaraes et al. (2010) acquired CT Enterography
images on dual energy scanner with automatic
exposure control settings turned on. Original raw data
was processed with commercial reconstruction kernel
of B40 (routinely used for abdominal CT on Siemens
CT equipment) and sharper B45f kernel. Raw data
were also processed with projection space-based
bilateral filtering as well as with 3D ORA filters fol-
lowing image reconstruction. Images generated with
projection space denoising had lower noise and were
superior to 3D ORA filters. However, slight blurring
resulted in minor false increase in bowel wall thick-
ening (1.8-9.4%) on post processed images which
was not statistically or clinically significant.

2.2 Head CT

In head CT images, higher image noise can affect
visibility of low contrast details such as gray white
matter differentiation and conspicuity of the cortical
ribbon (Fig. 2). Other subtle details affected by low
radiation dose include sharpness of the subarachnoid
space, delineation of the ventricular margins, septum
pellucidum and ability to visualize anatomical details
in the posterior fossa.

Baum et al. (2004) evaluated the potential of the
multidimensional adaptive filtering technique by
investigating its effects on image noise and quality in
head and neck CT examinations. Authors selected
various settings of the filters called as the modifica-
tion fraction, which was defined as the measure of
maximum projection of data points that were modi-
fied during the filter processing. They concluded that
multidimensional adaptive filters do not lead to any
loss of detailed information or resolution with modi-
fication fractions up to 15%. Authors also found some
loss of sharpness and delineation of anatomical details
with 20% modification fraction, hence emphasizing
the need for appropriate filter setting. Neuro 3D filters
have shown about 50% radiation dose reduction with
minimum deterioration of spatial resolution in both
phantom and clinical studies (Nakashima et al. 2010).

Kakeda et al. (2010) evaluated 3D denoising
(QDS/quantum denoising filter) on anthropomorphic
vascular phantom designed to imitate cerebral aneu-
rysms. They implanted aneurysms (3 mm, 6 mm) and
blebs (2 mm in diameter) in the phantom. Various
combinations of tube potential and tube currents

were chosen (100 kVp: 150, 200, 250 mAs; 120 kVp:
100, 150, 200 mAs; 135 kVp: 100 mAs). CTA
images acquired at 120 kVp and 200 mAs
(CTDIw = 48 mGy) were considered as standard
radiation dose. Three different strengths of QDS,
namely Q04, Q06, QO8, were selected to process the
images, where Q06 and QO8 were stronger filter
settings in terms of noise reduction and sharpening.
QDS post processed CTA images with settings
Q08 (highest strength) acquired at 100 kVp,
250 mAs (CTDIw = 39.8) and 120 kVp, 100 mAs
(CTDIw = 36.0) showed better image quality scores
and CNR. Authors also estimated the Wiener noise
power spectra (NPS) and found that Q08 filter lowers
the image noise the most, especially in the low spatial
frequencies. Modulation transfer function (MTF)
showed no change with post processing. Results of NPS
and MTF suggest that spatial resolution of structured
objects was retained and noise reduction was achieved
successfully in the non-structured regions of the ima-
ges. Another group of investigators investigated QDS
for enhancement of non-contrast head CT images for
ischemic stroke. They evaluated both low contrast
phantom and clinical images of 10 patients with chronic
ischemic stroke for contrast to noise ratio. QDS
improved CNR by up to 24% and similar enhancement
of signal to noise ratio of head CT images.

Further clinical investigations are needed in
head CT for effect of filters on detection of tiny low
contrast lesions, such as subtle cortical infarcts.
Although noise reduction filters lower noise, they also
cause smoothening of images, which may interfere
with detection of lacunar infarcts or small subarach-
noid hemorrhages or petechiae.

23 Chest CT
Chest CT images are viewed at wider window width
and length due to high inherent background contrast
due to inflated lungs. Diagnostic interpretation due to
image noise is less affected in the lungs as compared
to abdominal and head CT. However, other soft tis-
sues in the chest such as small mediastinal structures
like lymph nodes or small vessels may be adversely
affected by higher image noise in very low radiation
dose images.

Kalra et al. (2003b) acquired two sets of additional
four images in the equilibrium phase at 140 kVp and
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mA of 220, 240, 240, 280 (estimated CTDIvol = 9.5,
10.3 and 12.1 respectively) followed by low dose
images of 110, 120, 120, 140 mA (estimated CTDI-
vol = 4.7, 5.2 and 6.0 respectively). They processed
low dose images (110-140 mA) with 2D noise
reduction filters at six different settings. Authors
reported lower image noise at the expense of signifi-
cant loss of sharpness of small vasculature in the
peripheral lungs, especially with the filter settings that
resulted in highest reduction in image noise.

Martinsen et al. (2010) compared effect of 2D
nonlinear adaptive filters (2D-NLAF, ContextVison,
Inc. CT) on low dose (30 mAs, CTDIvol = 1.8 mGy)
chest CT images compared to higher dose images
(200 mAs, CTDIvol = 8 mGy) in 8 patients with
known or suspected thoracic malignancies. Post pro-
cessed CT images were given higher image quality
scores as compared with unprocessed low dose ima-
ges without loss of structural details reported on some
of the prior studies.

Emphysema presents as low attenuation air pockets
on chest CT. Depending on the size and distribution of
these air pockets, visual grading is possible (at threshold
of less than —960 to —910 HU). With these threshold
HU values, emphysema is quantified as percent of lung
volumes below the threshold, also called as the pixel
index (PI). However very low radiation dose images in
the lung windows can have artifactual tiny low attenu-
ation holes and confound assessment of very low dose
chest CT images. Schilham et al. (2006) applied Noise
Variance filter NOVA) on 15 mAs images of 25 patients
who were also scanned at 150 mAs. Compared to
unprocessed 15 mAs images, the PI scores of processed
low dose images were significantly close to PI scores at
150 mAs images. No blurring of edges, especially for
long structures like vessels, and walls of small bronchi
was noted following application of NOVA filters.

Kubo et al. (2006) have evaluated multidimen-
sional adaptive filters for both streak artifact reduction
and visibility of peripheral blood vessels. Authors
acquired low dose chest CT images at 25 mAs in 12
patients and increased tube current to 50 mAs in 2
patients with suspected parenchymal disease. The low
dose images following application of multidimen-
sional filters had significantly lower streak artifacts in
upper and lower thoracic regions without any deteri-
oration in visibility of peripheral blood vessels.

Kubo et al. (2008) have also applied another 3D
adaptive raw data filter (Boost 3D, Toshiba) on

low dose chest CT raw data (50 mAs, CTDI-
vol = 8.2 mGy) of 58 patients who were also scan-
ned at 150 mAs (CTDIvol = 24.5 mGy). Authors
also reported lower image quality for lingula and left
lower lobe as compared to right middle and lower
lobes, attributing to motion artifacts by cardiovascular
pulsation. Paul et al. (2010) have evaluated applica-
tion of QDS and BOOST 3D (Toshiba) to chest CT
images in the regions of thoracic inlet and mediastinal
structures. Chest CT images were acquired at
120 kVp and 100-200 mA as standard dose
(CTDIvol = 4.2-8.5 mGy) and low dose at 50 mA
(CTDIvol = 2 mGy) and ultra low dose at 20 mA
(0.82 mGy). They reported 5% dose reduction with
BOOST 3D, 30% dose reduction for QDS and up to
35% dose reduction when QDS and BOOST 3D were
combined for image processing.

24  Cardiac CT

Adequate contrast to noise ratio (CNR) is required to
detect tiny low contrast details, such as non-calcified
atherosclerotic plaques in the coronary arteries. Previous
studies have also application of noise reduction filters for
noise and radiation dose reduction in cardiac and vas-
cular CT protocols (Khullar et al. 2005; Szucs-Farkas
et al. 2011; Seifarth et al. 2005; De Geer et al. 2011).

In cardiac CT angiography, coronary stents leads to
blooming artifacts which leads to limited evaluation of
in-stent stenosis or luminal patency. Seifarth et al.
(2005) evaluated the ability to visualize the stent lumen
patency with use of appropriate convolution kernel and
role of 3D ORA plus filters (Siemens Healthcare). CT
images were acquired at effective 550 mAs, 120 kVp,
pitch 0.28 (estimated CTDIvol = 44.7 mGy) and
reconstructed with medium smooth body kernel (B30f)
and edge enhancing kernel (B46f).

Although, B46f reduced the blooming artifacts
around structures with high attenuation values, for
example, stents or calcified plaques, there was a sig-
nificant increase in image noise. Application of 3D
ORA plus filter to B46 images reduced image noise
and improved the visibility of stent lumen and any
low contrast structures within the stent lumen.

De Geer et al. (2011) evaluated 2D nonlinear
adaptive filters to improve image quality of cardiac
CT angiography. They acquired two radiation dose
levels in dual source scanner with maximum dose
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Fig. 5 With use of ECG modulated tube current, coronary CT
angiography was performed with lowered radiation dose at 85%
R-R interval with scan parameters of 120 kV and 164 mAs as
compared to 120 kV and 279 mAs at 65% R-R interval. These

during diastole and 80% reduced dose during systole.
Lower dose images were post processed with 2D
NLAF and assessed using visual grading of image
quality, as well as objective noise and HU measure-
ments in ascending and descending aorta. Compared
to the baseline unprocessed images, low dose post
processed or filtered images had better image quality
with lower image noise (Fig. 5).

25 Obesity and CT Image Quality

Abdominal CT examinations of obese patients pose
various clinical challenges due to increased image
noise and artifacts. Schindera et al. (2011) evaluated
CT images of intermediate (30 cm) and large (40 cm)

low dose images when post processed with 2D nonlinear
adaptive filters resulted in lowered image noise without any
significant change in the image contrast

liver phantom to assess the effect of large patient size
on detection of hypovascular liver lesions. Phantom
was customized to imitate liver during portal venous
phase and comprised of lesions of various sizes (5, 10,
15 mm). Authors reported 42% noise reduction and
47-69% improvement in CNR with application of 3D
ORA filters. The 5 mm lesions were missed in unfil-
tered low dose images of the large phantom. Although
post processing with 3D ORA improved detection of
5 mm lesions, however this improvement did not
reach statistical significance (p = 0.054).

For thoracic inlet imaging with CT in very large
patients, Baum et al. (2004) have suggested role of
higher filter settings of multidimensional adaptive
filters by up to 20% modification fraction to lower
image noise.
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Fig. 6 Chest CT examination was performed at 100 kVp
and 300 mAs and additional images were acquired at low dose
(100 kVp and 150 mAs) with limited scan length. Post
processing of low dose images with image filters incorporated

2.6 Pediatric CT

Nishimaru et al. (2010) assessed the 3D post pro-
cessing algorithm, using specific combination of 1D
median filters for simulated low dose pediatric CT
examination. They reconstructed same raw data with
different display field of views (DFOV) and compared
NLK (neighborhood linking) (Keselbrener et al.
1992) and QDS. They found that NLK and QDS do
not lower image noise for small diameter DFOV less
than 15 cm, and hence will be ineffective for small
premature babies or infants.

Ledenius et al. (2010) evaluated pediatric head CT
images after adding artificial noise to simulate low
dose images and stratifying brain in two levels (upper
representing lateral ventricles and and basal ganglia;
lower level for posterior fossa and fourth ventricle).
Simulated low dose images (CTDIvol = 23 mGy in
upper level and 28 mGy in lower level) were pro-
cessed with 2D-NLAF separately. Authors reported
that 2D-NLAF can allow 13-15% dose reduction for
head CT imaging when compared to standard dose
head CT (CTDIvol = 27 mGy in upper level and
32 mGy in lower part) (Fig. 6).

in a PACS at three different settings (low, medium and high)
resulted in lowered image noise, with least amount of noise in
high filter setting

3 Workflow
Most CT vendors have some noise reduction filters
available during image reconstruction or for image post
processing on the CT console. Convolution/recon-
struction kernel available on the scanner console could
be used to optimize image quality as per the selected
protocol. Smoother kernels (for example, “B10” or
“B20” from Siemens or “Soft” from GE) can be used
to lower image noise in abdominal CT examination,
whereas sharper kernels can be implemented for
greater sharpness in lungs or bones. Some vendors
combine their reconstruction kernels with noise
reduction post processing filters to reduce noise in
images. Filters may also be offered as image post pro-
cessing features (noise reduction filters (GE Health-
care), advanced smoothening algorithms (Siemens)).
These filters can be applied for different strengths of
noise reduction (such as low, medium and high).
Some image or PACS workstations are also armed
with noise reduction or edge enhancement filters
which only work on DICOM image domain and not
on projection space or raw data domain (Fig. 7).
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120 kV 42 mAs

Fig. 7 6-year-old boy with known history of partial small
bowel obstruction underwent follow up abdominal CT at lower
tube current of 21 mAs, as compared to prior 42 mAs. These
low dose images when post processed with 2D NLAF resulted
in lower image noise and acceptable diagnostic image quality

Finally some “3rd party” vendors provide there
own algorithms which are generally scanner and

vendor independent and “sit” between the CT

console and the PACS. They process DICOM images
during their transit from CT console to the PACS.
This workflow setting does involve at least some
processing time but can be automated according to the
scanning protocols based on preference of the inter-
preting radiologists.

4 Limitations

Although image noise reduction filters have shown
effective noise reduction, many prior studies suggest
that there is a delicate balance between strength of
noise reduction and smoothening or blurring of edges.
In addition, some strong filter settings can give an
entirely different look or appearance to the images,
which may not be something that radiologists are
comfortable to interpret with confidence (Kalra et al.
2003a).

While most image space noise reduction filters
function in real time, some raw data based filters may
add to the processing time for images. For example,
application of 3D algorithm proposed by Nishimaru
et al. can take 150 s to process 200 images with slice
thickness of 1.25 mm and DFOV of 10 cm on 2.4 GHz
Intel Core Duo processor (Schindera et al. 2011 Jun).
Adaptive NRF evaluated by Funama is image domain
filter, but specific for parameters for the Hitachi scan-
ners with estimated processing time of 0.2 s for each
image with pixel size of 512 x 512 on Pentium III
processor: 1,100 MHz (Funama et al. 2008).

Another limitation of these filters is that only while
few image enhancement algorithms are available with
the scanners or PACS, other elective filters on the
scanner or the third party algorithms come with
licensure and maintenance costs. Some of these third
party filters do require additional time from the
radiologists to select optimal settings of the algo-
rithms, as well as from the hospital or departmental IT
team to set up and maintain running DICOM entity in
between PACS and CT scanner.

Finally with recent availability of partial and fully
iterative reconstruction techniques may have changed
the dynamics for application of noise reduction filters.
While in the older serving CT scanners without iter-
ative capabilities, noise reduction filters may retain
their position, newer scanners with iterative recon-
struction techniques will likely limit application of at
least some of the noise reduction filters or processing.
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At the time of writing of this manuscript, we are
aware of any direct comparison between the two
techniques of image quality improvement for low
radiation dose CT.

5 Conclusion

In conclusion, use of noise reduction filters
has been well documented for reducing radiation
dose associated with CT scanning. When used
correctly, noise reduction filters can help in sub-
stantial dose reduction with noise suppression
without inadvertent loss of anatomical details or
lesion conspicuity.
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Abstract

The evolution of CT has created systems that scan
faster, use thinner sections, and cover more patient
anatomy in a single rotation. These developments
have not only opened the spectrum of CT appli-
cations but have also driven the need for new
methods of radiation dose reduction. By analyzing
the imaging chain from X-ray tubes and collima-
tors to detectors and data acquisition systems, we
examine the various hardware-based dose reduc-
tion strategies in the modern CT system. As part of
a concerted effort between clinicians, physicists,
and manufacturers, hardware innovation and
system design play a significant role in optimizing
the radiation dose in CT.

1 Introduction

As the use of X-rays is central to the design of a CT
scanner, there will necessarily be some degree of
radiation exposure to the patient. The magnitude of
that exposure is dependent on factors that are inherent
to the scanner design, the operator’s choice of
protocol parameters, as well as on factors that are
independent of the scanner itself. Some of the scan-
ner-independent factors include: patient size and
density, the presence of exogenous contrast material,
and, most importantly, the nature and requirements of
the clinical task. The necessary image quality depends
heavily on the diagnostic question being asked, and
the magnitude of the radiation dose is directly
proportional to the required level of image quality.
While low noise and good low-contrast resolution are

D. Tack et al. (eds.), Radiation Dose from Multidetector CT, Medical Radiology. Diagnostic Imaging, 175
DOI: 10.1007/174_2011_477, © Springer-Verlag Berlin Heidelberg 2012



176

R. Mather

important when assessing pancreatitis or imaging
non-calcified plaque in the coronary arteries, signifi-
cantly more noise can be tolerated for a virtual
colonoscopy exam or for kidney stone detection.
Once the required image quality of an examination is
determined, it is critical to minimize the dose neces-
sary to achieve the necessary image quality and
accomplish the diagnostic task. A significant amount
of attention has been paid recently to the topic of dose
reduction in CT imaging. However, a better focus is
on the optimization of the use of radiation in CT.
Many of the advances in CT scanner hardware have
been developed for precisely this purpose: minimize
the radiation risk to the patient by optimizing the use
of X-rays in CT.

2 CT Evolution

CT imaging has been constantly evolving since its
inception. The technology has moved from single-
detector-row imaging to multi-detector-row and from
relatively slow rotation speeds to fast rotation speeds.
The rise of multi-detector-row scanners allowed for
significantly thinner slice sensitivity profiles and
opened up the door to volumetric imaging with CT,
enabling anatomy to be imaged as three-dimensional
volumes rather than just two-dimensional cross sec-
tions. While a single-row helical system with a 5 mm
slice thickness and a one second rotation time can
only cover approximately 150 mm in a 30 s acquisi-
tion, a four-row helical system with a 0.5 s rotation
time can cover more than a meter with a 3 mm
slice thickness. This was a significant advance in
CT imaging and enabled new volumetric clinical
applications that were previously impossible or
impractical. However, with 4-row CT the operator was
forced to tradeoff between the amount of volumetric
coverage and the slice thickness that was achievable.
Furthermore, 4-row CT scanning using the thinnest
slices had a dose penalty (Bushberg et al. 2002).
In order to ensure a uniform flux of X-rays across each
of the detector rows, the width of the X-ray beam had
to be larger than width of the detectors. The part of
the beam that does not fall on the active portion of
the detectors is called the penumbra. Typically, the
penumbra depends on the acquired slice thickness,
with more penumbra necessary for thin slices, and
not on the total collimation. Since the penumbra is

relatively fixed, it comprises a much larger percentage
of the total collimation with thin slices compared to
thick ones.

With the introduction of the 16-detector-row
scanners, some of these limitations were greatly
mitigated. For example, the thin slice dose penalty
was minimized, allowing for most scans to be
acquired using 1 mm slices or less. Also, with the
increased coverage per rotation, the entire body was
able to be imaged in 30 s or less with those same thin
slices. The introduction of CT angiography was one
of the major benefits of thin slice imaging as near-
isotropic spatial resolution (Mahesh 2002) and
reduced partial volume artifacts allowed the visuali-
zation of small vessels, even in the presence of metal
prostheses (Fig. 1). Finally, with faster rotation times,
the potential to image the coronary arteries using a
third-generation CT scanner was clinically possible
(Achenbach et al. 2003). Overall, the 16-detector-row
systems were more dose-efficient and versatile CT
scanners compared to their 4-row predecessors.

CT technology has continued to evolve rapidly
over the last five years. All vendors continued past
16-detector rows to wider coverage in the z-direction
with thin image sections between 0.5 and 0.625 mm.
All of these >16 row systems are capable of fast
rotation times from 0.33 to 0.4 s which allows routine
cardiac imaging on most clinical patients. This breed
of scanner is typically referred to as a “64”, reflecting
either the number of detector rows or the number of
“slices” produced with flying focal spot technology.

3 Vendor State-of-the-Art

While the primary technology for the 64-row systems
is fairly similar for all vendors, technology beyond 64
rows marked an exploration of different technological
direction from the manufacturers. The state-of-the-art
scanners from each company have unique properties
that reflect the different directions of the current
expansion of CT innovation.

General Electric (GE) introduced a new detector
technology called Gemstone on their Discovery
HD750. This detector technology allowed increased
sampling rates over earlier detectors. This enabled dual
energy scanning with fast (approximately 0.5 ms) kV
switching (Lin et al. 2011). “The Discovery HD750, a
64 detector row system, was the first modern CT
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Fig. 1 16-row angiography with metal prosthesis. (Images
courtesy of Toshiba America Medical Systems)

scanner to introduce iterative reconstruction technol-
ogy to the market. Their latest Food and Drug
Administration cleared version is called Veo or MBIR
(model based iterative reconstruction)”.

Philips’ current top-of-the-line system 1is the
Brilliance iCT. This scanner has 128 detector rows
covering 8 cm of anatomy in the z-direction at iso-
center. It uses flying focal spot technology to acquire
256 slices of data and has a rotation time of 0.27 s
(Bardo et al. 2009) which is the fastest in the industry.
Philips’ iterative reconstruction, called iDose4, is
available on the iCT.

Siemens’ flagship system is called the Definition
Flash. The Flash is a dual source scanner with two
X-ray tubes and 2 detector arrays offset by 90°.
By using both sources, this system is able to improve
its temporal resolution to 75 ms (Flohr et al. 2009),
the lowest in the industry, without using multisegment
reconstruction. Each detector array has 64 rows
which can read out 128 slices using flying focal spot
technology. Furthermore, the system is capable of
scanning with high helical pitch up to 3.4 for fast
anatomic coverage. Siemens’ iterative reconstruction
algorithm, IRIS (iterative reconstruction in image
space) is available on the Definition Flash.

Toshiba’s premium system is the Aquilion ONE.
The Aquilion ONE has 320 detector rows covering
16 cm of anatomy in the z-direction at isocenter
(Rybicki et al. 2008), the widest coverage in the
industry, in one rotation of the gantry. This system
can image entire organs, such as the head or the heart,
with no table motion. Furthermore, real-time dynamic
volumetric imaging is available through multiple
acquisitions taken in one 16 cm stationary location.
Toshiba’s iterative reconstruction algorithm, AIDR
(Adaptive Iterative Dose Reduction), is available on
the Aquilion ONE.

4 Hardware Dose Reduction

Every step forward in the evolution of computed
tomography technology, from the first commercial
single-detector-row machine to today’s sophisticated,
state-of-the-art scanners, has brought with it changes
in hardware design that have altered the definition of
what is considered the optimal radiation dose. Many
technological improvements, such as mA modulation
(Mastora et al. 2001), have made CT technology
fundamentally more dose-efficient. On the other
hand, some advanced clinical applications and levels
of image quality made possible by advancing CT
technology have brought forth new tradeoffs and
challenges in radiation dose management. In order to
maintain image quality and minimize radiation dose
with these thinner and faster CTs, new hardware
solutions also had to be developed. These hardware
innovations and their effect on dose optimization in
CT are best explained in the context of where each
innovation affects the imaging chain. The imaging
chain begins with the generation of photons in the
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X-ray tube, then proceeds through the filtration and
collimation of the X-ray beam, and concludes with
the absorption of X-rays by the detector and sub-
sequent generation of a corresponding electronic
signal that is passed along by data acquisition system
(DAS).

At the beginning of the imaging chain, the X-ray
tube generates the photons that are the basis of
the projectional imaging techniques employed by
computed tomography. As in all electronics, a CT
X-ray tube contains both a negatively charged side,
the cathode, and a positively charged anode side,
typically made of Tungsten. In a conventional X-ray
tube the X-ray generation process begins when a high
current, on the order of 50-600 milli-amperes (mA),
is put through the cathode filament. The electric
current results in high temperatures that free electrons
from the cathode. The electrons are then accelerated
by a high voltage field toward the anode. The strength
of the electric potential across the tube is typically
120 kilo-volts (kV) but can range from 70 to 140 kVp.
When these accelerated electrons strike the tungsten
anode they are forced to suddenly slow down, creat-
ing X-rays through a process called bremsstrahlung
(“breaking radiation”). The choice of mA and kVp
has a large impact on photon flux at the detector as
well as patient dose, as will be discussed later.
However, let us start our discussion of X-ray tube
hardware by examining the impact of the anode itself
on dose optimization.

As discussed earlier, a modern CT scanner is
capable of rotating at speeds >3 revolutions per
second. In order to dissipate heat and extend the time
period in which X-rays can be generated before the
tube needs to cool, the anode itself also rotates. These
forces can result in vibrations of the anode which in
turn leads to instabilities and variations in the position
of the anode and the photons coming off it. In order to
get a stable, uniform photon flux at each of the
detector elements, the presence of anode vibration
leads to the need for a wider collimation and
increased penumbra. Penumbra is the portion of
the X-ray beam that exceeds the dimension of the
detector but which is necessary to accommodate the
inherent divergence of the X-ray beam and any
other sources of non-uniform photon flux, such
as anode vibration. Penumbra, sometimes called
“overbeaming” contributes to patient dose but,
because penumbra exceeds the dimensions of the

B Cathode
M Aperture
¥ Anode

Fig. 2 X-ray tube design showing anode, cathode, and double-
support bearings. Recoil electrons are captured by a positively
charged aperture or grid to prevent them from striking the
anode away from the focal spot, increasing patient dose and
X-ray tube heating. (Images courtesy of Toshiba America
Medical Systems)

detector, it does not directly contribute to image for-
mation (Seeram 2001). In order to minimize penum-
bra and reduce patient dose while maintaining image
quality, an early advancement in X-ray tube tech-
nology was the addition of bearing supports on both
ends of the anode axis. These bearings supports
ensure uniform photon flux, thus minimizing extra
patient dose from unnecessary penumbra.

Another source of extraneous patient dose and
impaired image quality that can occur in the X-ray
tube is the presence of off-focal electrons. Off-focal
electrons are electrons that have been knocked into
trajectories that produce X-rays outside of the anode
focal spot. These wayward electrons produces X-rays
that result in blurring, artifact, and unnecessary
patient dose. Therefore, another advance in X-ray
tube technology comprised the introduction of a
positively charged grid that captures off-focal elec-
trons (Fig. 2). By fitting this positively charged grid
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Fig. 3 Typical bremsstrahlung spectrum with and without
filtration. The initial spectrum (orange), in a vacuum, steadily
decreases up to the kV setting in air, the lowest energy X-rays
are filtered out, but a large number of low energy X-rays remain
(blue). Many of the lowest energy X-rays will not penetrate a
patient and only contribute to dose. All CT scanners employ a
certain amount of additional filtration to “harden” the beam
and remove the low energy X-rays (green)

near the electrically grounded anode, any secondary,
off-focal electrons are captured and removed from the
system, thus reducing radiation dose and improving
image quality (Seeram 2001).

The introduction of anode support bearings and
positively charged grid represent two technological
advances that improved dose optimization by both
reducing radiation dose and improving image quality.
The relationship between the mA and kVp in the
X-ray tube and dose optimization is more complex.
Let us start by examining kVp. It is important to note
the X-rays generated by the bremsstrahlung process
are not of a single energy. Instead, a spectrum of
photon energies are produced based on the particular
interactions of the electrons with the exact anode
material used in the tube. Therefore, the X-rays that
leave the anode have a spectrum (Fig. 3) of energies
that range from near zero up to a maximum energy
equal to the kV (the “p” in kVp stands for “peak”, a
reference to the peak energy outputted). In general,
very low energy X-ray photons do not penetrate
through the body often and contribute almost exclu-
sively to patient dose. On the other hand, the highest
energy photons in some cases can pass too readily
through the patient and fail to generate signal con-
trast. Image formation relies upon photons that fall
into a “medium” energy range where they can
potentially be absorbed by patient or by the detector
depending on the material in the beam, resulting in
contrast between the tissues and organs being imaged.

Because this ideal “medium” energy range will
depend on the imaging task and the age and size of
the patient, an essential component to CT hardware is
the availability of a variety of X-ray tube kilovol-
tages. Currently, kVp settings ranging from 70 to
140k Vp are available. To prevent useless low energy
X-rays from contributing to patient dose without
contributing to image quality, all CT scanners also
add a certain filtration technology outside the X-ray
tube to block the low energy X-rays from leaving the
X-ray tube (Szulc and Judy 1979). There is, however,
a tradeoff involved applying filtration: in the process
of removing low energy X-rays, some desirable,
medium and high energy X-rays will be removed as
well, decreasing the overall output of the tube in the
desired energy range. This means that higher mA
values are needed to realize a given flux at the
detector. Furthermore, the higher overall beam energy
may compromise the system’s ability to generate
contrast differentiation. While all manufacturers
employ some amount of fixed filtration to harden their
beam to the desired amount, at least one company has
implemented selectable filtration technology that
can further increase the hardness of the beam
when clinically appropriate, such as when scan-
ning an obese patient. By carefully targeting the
X-ray energy range to the task at hand, via kVp
selection and/or filtration, dose optimization can be
improved.

Modern CT technology also improves dose effi-
ciency by accommodating the shape of the patient.
The best image quality is achieved when the photon
flux at the detector is uniform (non-uniformities can
lead to shading and other artifacts that can hinder
clinical diagnosis). Because most clinical subjects
scanned are roughly round or ovoid in shape, the path
that the X-rays take through the edges of the subject
will be significantly shorter than the path taken by the
X-rays through the center. Therefore, in order to
achieve uniform X-ray flux at the detector, the beam
must be shaped to reduce the number of photons
leaving the edges the X-ray tube assembly relative to
the number of photons at center (Fig. 4). This beam
shaping is accomplished by shaping the physical filter
in the X-ray tube such that the filter is thicker at
the edges than in the center; a so-called bowtie filter.
A properly shaped bowtie filter improves dose opti-
mization by improving image and reducing unneces-
sary radiation dose at the peripheries. As patients and
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Fig. 4 Bowtie filter. Matching the bowtie to the object that is
being scanned (middle) creates a uniform dose distribution. If
the bowtie is too small (left), the images will have increased
noise toward the periphery. If the bowtie is too large (right),

body regions come in a variety of sizes, all scanners
allow a selection of bowtie filter hardware so that the
bowtie can be matched to the patient.

After the X-ray beam is shaped in the X-Y
direction by the bowtie filter, it is appropriately sized
in the z-direction by the collimators. The collimators
are designed to allow the width of the X-ray beam to
be no greater than the size of the detection and any
necessary penumbra. In the past, the collimators were
fixed and stationary. The advent of helical CT pre-
sented a new challenge to collimation technology.
Helical CT relies upon interpolated data from adja-
cent z-axis locations to generate an image at a par-
ticular z position: therefore, extra rotations are needed
at each end of the desired scan range to obtain enough
data. These extra rotations are called “over-ranging”
or helical overscan (Tzedakis et al. 2005). While
over-ranging is necessary, only about half of the
projection data gathered during the extra rotations are
needed to complete the reconstruction of the image at
each end of the scan range. Therefore, a significant
portion of the extra rotations contribute unnecessary
patient dose. The relative contribution of the overscan
region to the total patient radiation dose is a function
of the length of the acquired volume, the helical pitch,

it is dose inefficient as the periphery is exposed to extra
radiation that does not improve image quality. (Graphic
courtesy of Philips Healthcare)

and the detector configuration (van der Molen and
Geleijns 2007). The percentage of dose that is con-
tributed by the overscan region increases with shorter
volumes. For narrow X-ray beams, the increase in
radiation dose from over-ranging was accepted, given
the improvements in image quality and increased
amount of diagnostic information made possible by
helical CT. But as CT technology has evolved from
narrow beam to wide beam helical scanning this
tradeoff in radiation dose became larger and less
acceptable, creating an opportunity for collimator
technology to advance in order to better optimize the
use of radiation dose. In order to ameliorate the effect
of over-ranging on radiation dose, all manufacturers
have developed active collimation. Active collimators
are not fixed with respect to the X-ray tube assembly,
but rather move to block the unnecessary portion of
the beam during over-ranging by opening or closing
independently of each other. Since only the projec-
tions that contribute to image formation at the edge of
the helical volume are necessary, the collimation can
block off the X-rays in the regions outside the helical
volume. As the table moves the helical volume into
the complete Z-direction view of the tube and
detectors, the collimators open to their full size
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consistent with the current detector configuration.
Finally, as the table moves the helical volume out of
the Z-direction view of the tube and detectors, the
collimators begin to close again, cutting off much of
the over-ranging at the end of the scan. These
dynamic collimators minimize the dose contributed
by over-ranging (Deak et al. 2009), however high
helical pitch and fast rotation times can limit the
overall effectiveness.

As the X-rays pass through the subject, one of
three things can happen. They are either completely
absorbed by the subject, be transmitted through the
subject with no interaction, or be scattered and change
direction. The completely absorbed and completely
transmitted X-rays are the responsible for the contrast
and signal in the CT image. Since scattered photons
change direction on their way through the subject,
they appear to have come from a different direction
and only contribute to noise and shading within the
image. In order to minimize the effects of scatter, all
MDCT systems place thin septa between their
detector channels (Bushberg et al. 2002). The X-ray
tube and detector rotate together around the subject.
Consequently, each detector’s view of the focal spot
is limited to a narrow angle and it can be expected
that any primary, non-scattered photon will arrive at
that detector from that narrow angle. The septa act
like blinders for the detector channel to prevent
scattered photon from reaching the detector. Most CT
systems place these septa only in the X-Y direction.
However, one wide detector system employs a two-
dimensional anti-scatter grid to minimize the effects
of scatter in the Z-direction. The tradeoff with all
septa and grids is that while they reduce the overall
scatter in the system, they also create “dead spots” in
the detector leading to a reduced geometric efficiency.

No single hardware aspect of a scanner has more
influence on dose than the efficiency of the detection
system. The detector’s ability to catch the X-ray,
convert it to light, transmit that light, and convert it to
an electrical signal with minimal loss defines the
overall detection efficiency of the detector. Detectors
that can efficiently capture and convert the X-ray
signal help to lower patient dose for a given level of
image quality. While many CT scanners used Xenon
filled detectors in the past, all modern scanners use
some form of solid scintillator. Most MDCT scanners
use a form of Gadolinium Oxysulfide (GOS) ceramic
(Fig. 5). The base form of GOS has relatively low

Fig. 5 Multi-detector CT detector modules. Each module
consists of rows of detector elements of various sizes. Each
module covers 24 channels in the X-Y direction as well as a
number of rows in the Z-direction. By combining multiple
modules in the X-Y direction, the entire detector array can be
constructed

light output. However, by “doping”, or adding to,
the ceramic with some rare-earth elements such as
Praesodynium and/or Cerenium, the light output can
be increased. Each manufacturer uses a proprietary
formula and sintering process to create their ceramic
(Okumura et al. 2002). One manufacturer uses a
garnet crystal as their scintillator allowing the detec-
tor to be read with a high frequency for fast kV
switching dual energy imaging. The detector material,
whether ceramic or crystal, is one of the most pro-
prietary hardware components in a CT scanner and
significantly contributes to the dose efficiency to the
system as a whole.

Once the X-rays are captured and turned into light
by the detectors that signal must be digitized, col-
lated, and passed to the reconstruction system. This
process is governed by the data acquisition system
(DAS) which has to be capable of reading the detector
signals rapidly, typically between 1000 and 4000
times per second. In the digitization and transfer of
the X-ray signal, electronic noise can be introduced
to the measured data. Through the use of high-end
digital electronic pioneered by the audio industry, the
amount of corruption of the signal with electronic
noise can be minimized.

At this point in the imaging chain, the influences of
scanner hardware are complete and the reconstruction
process takes over. Innovations such as adaptive fil-
tering in the raw-data and image domain as well as
iterative reconstruction algorithms further optimize
image quality by minimizing image noise. Ultimately
dose reduction is a combination between optimization
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in the scanner hardware and in the scanner and
reconstruction software.

5 Conclusion

While there are many important scanner innovations
that help to optimize image quality and minimize
patient dose, it is important to note that dose reduction
is a process that extends beyond the CT scanner itself.
There are multiple stakeholders in this process, and
each contributes to the task of minimizing dose. The
radiologist, technologist, and medical physicist at
the clinical site must optimize the scanner protocols
for the local patient population and clinical practice.
The manufacturer’s applications specialists and
development engineers collaborate to develop best
practices for their systems and continuously innovate
to optimize image quality and dose. Finally, the
academic and industry researchers collaborate to
develop new technologies and clinical approaches to
dose optimization. All of these stakeholders has a role
to play in ensuring that an appropriate examination is
conducted on an appropriate patient with an appro-
priate radiation dose. By combining scanner hardware
and software with expert users and optimized clinical
practices, CT dose will continue to be optimized.
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Abstract

In-plane shields have been shown to reduce CT
radiation dose to some of the most radiosensitive
organs. However, potential for artifacts and changes
in attenuation numbers make their universal use
controversial for radiation protection purposes.
In this chapter, we discuss advantages and disad-
vantages of use of in-plane shielding for reducing
radiation dose associated with CT scanning.

Introduction of CT scanning in the early 1970s marked
a revolution in non-invasive imaging of the human
body. Since then, CT has been applied extensively in
urgent and life threatening situations, routine rule out
indications as well as for guiding diagnostic and
therapeutic procedures. There is little doubt that CT
provides important information for detection, diag-
nosis and staging of several clinical maladies. As a
result, there has been a phenomenal increase in use of
CT scanning with over 62 million CT examinations
performed in the United States alone each year
(Brenner and Hall 2007). On one hand this number
documents widespread availability of a useful tech-
nology for medical benefits, on the other hand these
numbers also magnify the associated radiation doses
with CT scanning especially when the scanned subject
is young or a child or when the expected benefits do
not sufficiently outweigh potential long-term risks of
associated radiation dose (Mukundan et al. 2007).
Appropriateness or justification of clinical indica-
tions for CT scanning should therefore be the primary
strategy for CT radiation dose reduction. Thereafter
special care should be taken when imaging children or
young adults with CT in order to maintain a radiation

183

DOI: 10.1007/174_2011_450, © Springer-Verlag Berlin Heidelberg 2012



184

S. Aran et al.

Fig. 1 Direct and scattered
(internal and external) sources
of radiation exposure to the
organs

M Direct exposure

dose that is just sufficient to obtain required diag-
nostic information. Tailoring of radiation dose indi-
vidual examination or protocol type should always
retain at least the basic required diagnostic informa-
tion from the CT procedure.

Several adjustments to scanning procedures and
parameters have been shown to reduce radiation dose
associated with CT scanning while retaining the
diagnostic information but none precedes use of barrier
or shields in radiation-based medical imaging. In con-
ventional radiography, lead shields have been in use for
several years to protect both patients and radiographers
from scattered radiation dose. Tight X-ray beam
collimation in CT scanning is also associated with some
scattered radiation exposure, which may originate from
interaction of the X-ray photons with air or body
surface (external scattered radiation) or from deflection
of X-ray photon when it is traversing within the body
(internal scattered radiation) (Fig. 1). In this chapter,
we discuss the application of radioprotective shields for
protecting patients undergoing CT scanning.

1 Radiation Sensitivity

As stated above, infants and young children are at
several fold higher risk of radiation-induced carci-
nogenesis as compared to adults (Fricke et al. 2003).

[ External scatter Internal scatter

Within the human body, certain organs or tissues are
more radio-sensitive as compared to the others. The
most radiosensitive organs such as the eye, lung,
breast, thyroid gland and testes have highest cell
multiplication or metabolic rate, or represent undif-
ferentiated or well-nourished cell types (Rubin 1968).
These tissues are more sensitive to radiation exposure
with significantly smaller threshold values compared
to other organs. The risk is greater in children and
young adults compared to older individuals.

For example, the pediatric thyroid gland is one of
the most radiosensitive organs with an excess relative
risk per Gray (Gy) of 7.7 and an excess absolute risk
of 4.4 per 10,000 person-years per Gy when radiation
exposure occurs before age of 15 years (Schonfeld
et al. 2011). The adult exposure is associated with a
small increased risk of thyroid cancer. Prior studies
have correlated increase of breast cancer to radiation
doses of less than 0.1 Gy (Yi et al. 2010). Paradoxi-
cally, lungs are the most radiosensitive organs in the
thorax with a greater weighting factor (than breasts)
in the most recent recommendations from the Inter-
national Commission on Radiological Protection
(ICRP 2007; Dauer et al. 2007). For eye lens, the
threshold for cataract induction in adults is 0.5-2 Gy
(Mukundan et al. 2007). Children are more suscepti-
ble to cataract induction at less than half of this dose
of radiation. While these radiation dose levels far
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Fig. 2 In-plane (a) and
conventional out-of-plane

(b) shields: For chest CT,

a breast shield will serve as
in-plane shield, where as a
lead shield over the abdomen
will protect from external
scattered radiation

Chest CT - In-plane shield

exceed radiation dose associated with most CT pro-
cedures, it is important to remember that increased
risk of cancer with radiation is a stochastic risk and
that radiation from multiple CT exams can accumu-
late to reach or exceed some of these “threshold”
levels. Application of a shielding device for reducing
radiation exposure to some of the radiosensitive
organs is feasible and convenient due to their super-
ficial anatomic location (thyroid, breasts and testes).

The developing fetus is very sensitive to radiation
due to the proliferating nature of the cells and the
process of differentiation. The risk of different radi-
ation side effects vary with gestational age. Generally,
CT radiation doses would not meet the thresholds
required to induce congenital defects or mental
retardation. Thus, the most significant effect of ante-
natal radiation exposure is increased risk of childhood
cancer, especially leukemia (Chatterson 2011).
Compared to other fetal effects of radiation, the risk
for carcinogenesis does not appear to change with
the gestational age (ICRP 2003; National Radio-
logical Protection Board RCoR 1998). Protection of
the fetus with appropriate scanning practices is thus
important.

2 Classification of the Shields

Traditionally, shields have been used in conventional
radiography and CT scanning for protection from
external scattered radiation. These shields may be
classified as the in-plane and the conventional shields.
The purpose of the in-plane shielding is to reduce the
radiation exposure to the underlying tissue within the

Chest CT - Out-of-plane shield

scan field by partially blocking the X-ray beam, while
allowing enough beam to generate a diagnostic CT
image. With conventional or out-of-plane shielding,
particular areas outside the scan field are completely
protected from external scattered radiation (Fig. 2).

The conventional shields may be external (generally
made of lead such as lead apron) or internal (barium
sulfate) shields. The conventional or out-of-plane
shielding is mostly performed for the thyroid
(Beaconsfield et al. 1998) and breast (Beaconsfield
et al. 1998; Brnic et al. 2003) during head CT scanning
and for the testes (Romanowski et al. 1994; Price 1999;
Hohl et al. 2005) for abdominal CT and fetus
(Chatterson et al. 2011; Iball et al. 2008; Kennedy et al.
2007) for chest CT examinations, where a relevant dose
reduction to the organ can be achieved (Fricke et al.
2003; Hohl et al. 2006).

Due to tight collimation of X-ray beams in modern
CT scanners, most scattered radiation dose with CT is
from internal scattering of X-rays when they are tra-
versing through the body. While keeping surface
covering lead shields may protect against minor
external scattered radiation dose to fetus from chest
CT of the pregnant mother, external shielding will do
little to protect against internal scattering. Thus, some
investigators have cleverly employed oral barium
sulfate as an internal shield to protect the fetus
(Yousefzadeh et al. 2006) from internal scattered
radiation from a chest CT examination of the pregnant
mother. By using this technique, scattered radiation
dose was decreased by 13 and 21% with 2% barium
sulfate and 87 and 96% with 40% barium sulfate, as
calculated in the near (representing the uterine dome
at near term) and far (representing the uterine position
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Table 1 Tabulated summary of major studies on radiation protection with use of shields during CT scanning

Author (year)
Chatterson

et al. (2011)

Lee et al.
(2011)

Chang
et al.(2010)

Raissaki et al.
(2010)

Catuzzo et al.
(2010)

Lee et al.
(2010)

Kalra et al.
(2009)

Takada et al.
(2009)

Leswick et al.
(2008)

Coursey et al.
(2008)

Ngaile et al.
(2008)

Organs
assessed

Fetus (1st—
3rd trimester
uterus)

Thyroid

Eye lens,
thyroid,
breasts

Eye lens and
thyroid

Thyroid, eye
lens and
breasts

Thyroid, eye
lens and
breasts

Breasts

Breasts

Thyroid and
breasts

Breasts

Eye lens and
thyroid

Patient/
phantom

Phantom

Adult
phantom

Phantom

Patient
and
phantom

Patient
and
phantom

Adult
phantom

Phantom

Phantom

Pediatric
phantom

Patient
and
Phantom

Shield
material

Lead and
bismuth-
antimony

Bismuth

Bismuth

Bismuth

Bismuth

Bismuth

Bismuth

Bismuth, zinc,
copper, iron

Bismuth

Bismuth

Lead

Organ dose reduction

53-73% (Lead)

45-72% (Bismuth)

3-27%

1-55%

29-32%

30-60%

20% (eyes) and 12%
(thyroid) and 22%
(breast)

37-41%

6% bismuth
12-13% for Cu, Fe
13% zinc

42% (shield)

83-85%
(Shield + ATCM)

26% (Shield), 52%
(shield + ATCM)

44% eye
51% thyroid

Conclusion

Reducing voltage and limiting z-
axis is more effective than shields

No significant difference between
lead and bismuth-antimony

Thyroid shield significantly reduced
superficial radiation dose to the neck

No remarkablenoise increase with
increase in CT attenuation

No significant difference between
bismuth and lead

No influence on image quality if
distance between shield and
organ >1 cm

Shield artifacts are superficial and
diagnostically insignificant in Head
CT

Shields should be placed 1 cm
above the eyes

Shield wrinkling should be avoided

Effectively reduces dose to pediatric
patients

No significant influence on image
quality

Combined use of ATCM and
in-plane shielding reduced the CT
dose more than the use of one
technique

Shields reduce radiation dose
regardless of off-centering

ATCM did not increase radiation
dose when using a shield

Other materials are more effective
than bismuth in dose reduction

Z-axis ATCM is more effective than
shields at reducing thyroid radiation
ATCM and shield combination
slightly further reduces the dose

Bismuth breast shield 4+ z-axis
ATCM further reduces radiation
dose Greatest reduction when shield
is placed after the localizer
radiograph

Not significantly compromising
image quality

(continued)



Application of Shielding in CT

187

Table 1 (continued)

Author (year)

Iball et al.
(2008)

Doshi et al.
(2008)

Keil et al.
(2008)

Parker et al.
(2008)

Vollmar and
Kalender
(2008)

Mukundan
et al. (2007)

Kennedy
et al. (2007)

Dauer et al.
(2007)

Yilmaz et al.
(2007a, b)

Yilmaz et al.
(2007a, b)

Geleijns et al.
(2006)

Heaney and
Norvill
(2006)

Organs
assessed

Fetus

Fetus
(1st-3rd
trimester
uterus)

Eye lens

Breasts

Breasts

Eye lens

Fetus

Testes

Breasts

Breasts

Eye lens,
brain,
thyroid,
breasts, and
lungs

Thyroid, eye
lens and
breast

Patient/
phantom

Phantom

Phantom

Phantom

Adult
phantom

Phantom

Pediatric
phantom

Phantom

Adult
phantom

Adult
patient and
phantom

Patient

Phantom

Phantom

Shield
material

Lead

Lead

Bismuth
versus Bi, Sb,
Gd, W alloy

Tungsten

Bismuth

Bismuth

Lead

Lead (1 mm
wrap-around)

Bismuth

Bismuth
coated latex

Bismuth

Bismuth

Organ dose reduction

Reduced radiation,
decreases to 1/4 by
0.35 mm lead

35%

38% Bismuth
48% new alloy

56-61%

50%

42%

55%

58% (scatter
exposure) and 97%
(direct exposure)

40% (patient) and
17% (phantom)

37%

27% lens, 1% brain,
26% thyroid, 30%
breast, 15% lungs

48% eye, 47-55%
thyroid, 23% breast

Conclusion

Specifically designed lead shield
could reduce fetal dose more
efficiently, while reducing patient
discomfort as well

Substantial dose reduction with use
of lead shield

Important to restrict scan volume

Localizer radiograph should be
stopped before direct irradiation of
fetus

The new protector material shows a
significantly higher dose reduction
in contrast to bismuth shield

An externally applied shield can
reduce exposure

Image quality not evaluated

Bismuth shield significantly reduced
radiation exposure

Artifacts from shield occur outside
diagnostic area of interest

Artifacts not evaluated for shield

Reducing the kVp or mAs with
shields increases the noise

Lead shields are not recommended
for in-plane shielding due to severe
artifacts and the difficulties in
positioning the shields

No qualitative changes in image
quality

Routine use of breast shields in
female patients undergoing calcium
scoring with MDCT is
recommended

The application of in-plane selective
shielding is discouraged.

More effective dose reduction with
mA reduction

Angling the gantry to avoid orbits is
more effective in reducing dose to
eyes

Thyroid shields for all neck CT
work

Breast shields for all pediatric
patients and all females are
recommended

(continued)
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Table 1 (continued)

Author (year)

Yousefzadeh
et al. (2006)

Neeman et al.
(2006)

Parker et al.
(2006)

Hohl et al.
(2006)
Perisinakis
et al. (2005)

Hohl et al.
(2005)

Colombo
et al. (2004)

Fujibuchi
et al. (2004)

McLaughlin
and Moorey
(2004)

Fricke et al.
(2003)

Brnic et al.
(2003)

Hein et al.
(2002)

Hopper
(2002)

Organs
assessed

Fetus

Thyroid, eye
lens, breasts,
ovaries, and
testes

Breasts

Thyroid and
breasts

Orbits

Testes

Breasts and
eye lens

Head and
chest (to
skin surface
and uterus)

Eye and
thyroid

Breasts

Breasts

Eye lens

Thyroid, eye
lens and
breast

Patient/
phantom

Adult
phantom

Adult and
pediatric
phantoms

Adult
phantom

Phantom

Pediatric
patient and
phantom

Patient

Patient
and
phantom

Phantom

Patient

Pediatric
patient and
neonatal
phantom

Patients

Patient
and
phantom

Patient
and
phantom

Shield
material

Barium
sulfate
internal

shield £+ Lead

Tungsten-
antimony
(light weight
polymer
sheet)

Bismuth and
tungsten-
antimony

Bismuth

Bismuth

Lead

Bismuth

Protective
seat

Bismuth

Bismuth

0.35 mm lead
apron

Bismuth
1T, 2T, 3T

Bismuth
coated latex

Organ dose reduction

13-21 (2% barium
sulfate) and 87-96%
(40% barium sulfate)
and 99% (Lead)
87-92% (to patient)
and 85-93% (to
operator)

37-56% (bismuth)
and 43-73%
(tungsten-antimony)

47% thyroid and 32%
breast

38% orbits, 33%
whole head, 34%
entire eye, 20% partial
eye

87% scatter exposure

34% (breast) and 50%
(eye lens)

50% to chest, uterus
(small difference)

18% eye, 57% thyroid

29%

57% (6-82%)
scattered radiation

40%

48.5-65.4% (orbit)
and 67.3-74.2%
(thyroid) and 52.4%
(breast)

Conclusion

30-40% barium sulfate shield
attenuates scattered photons as
effectively as a 1-mm lead shield

The use of double-layer lead-free
gloves resulted in a maximum
radiation dose reduction of 97%

Shield significantly reduces the
exposure

Image quality not evaluated

No qualitative changes in image
quality

Shield significantly reduces dose
when there is direct exposure to
eyes

Despite low mA, shields had no
effects on diagnostic confidence

Not significantly compromising
image quality

Does not excessively affect image
quality

Effective radiation differs between
institutions.

Institutions should determine best
protocol optimization for each
individual

Thyroid shield is recommended

Eye shields do not produce as
marked a reduction in radiation dose

No qualitative or quantitative
changes in image quality

The higher the patient BMI, the
higher the percentage of internal
scatter in total breast dose

No significant artifacts

No significant artifacts

(continued)
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Table 1 (continued)

Author (year)  Organs Patient/ Shield
assessed phantom material
Hopper et al.  Eyes Patient 1T, 2T, 3T
(2001) and Bismuth
phantom coated latex
Price et al. Testes Phantom Lead (1 mm
(1999) rubber wrap-
around)
Beaconsfield Thyroid and  Patient Lead
et al. (1998)  breasts
Hopper et al.  Thyroid, eye  Patient Bismuth
(1997) lens, breasts  and
and testis phantom
Hidajat et al. Uterus, Phantom Lead
(1996) ovaries,
testes and
thyroid
Romanowski Testes Phantom Lead

et al. (1994)

during early gestation) fields. Authors reported that a
30—40% barium sulfate in the stomach attenuates
scattered photons as effectively as a 1-mm lead shield.
Thus, administering a small amount of oral 30-40%
barium sulfate to a pregnant woman prior to chest CT
can substantially reduce radiation dose to the con-
ceptus regardless of the gestational age. The range of
dose reduction using conventional shielding is vari-
able according to the previous studies, ranging from 6
to 99% for lead shields (Brnic et al. 2003; Hohl et al.
2005; Kennedy et al. 2007; Yousefzadeh et al. 2006;
Doshi et al. 2008).

The in-plane shields are mostly made of bismuth,
tungsten-antimony or lead. The bismuth and lead
shields have shown similar performance as shielding
materials (Chang et al. 2010). Other metallic shields
with lower atomic numbers such as zinc, copper and
iron have been also assessed for dose reduction.
Common examples of in-plane shields include eye
shield for head CT to protect the eye lenses (Hopper
et al. 1997, 2001; Hein et al. 2002; Hopper 2002;
McLaughlin and Mooney 2004; Perisinakis et al.
2005), breast shield for chest CT (Fricke et al. 2003;
Hopper et al. 1997; Hopper 2002), thyroid shield for
neck, cervical spine (Hopper et al. 1997) and chest CT

Organ dose reduction  Conclusion

48.5-65.4% (1T-3T
shields) 40% patient,
49% phantom

77-93% (scattered
radiation) and

93% (direct radiation)
45% (thyroid) and
76% (breast)

57% breast, 60%
thyroid, 40% eye,
51% testes

Testes (95%) thyroid
(23%)

No significant artifacts

Considerable image degradation
from streak artifact from in-plane
lead shield

Image quality not evaluated

No significant artifact

For abdominal CT, testis capsule
reduces testes dose

Lead apron does not reduce
exposure to uterus and ovaries

For head CT, thyroid collar reduces
the scattered exposure to the thyroid

85.70% (testes) Shield significantly reduces the

scattered exposure

(Hopper 2002; McLaughlin and Mooney 2004) and
testes shield for abdominopelvic CT (Dauer et al. 2007;
Price et al. 1999; Kalra et al. 2009). The amount of dose
reduction with use of in-plane shields depends on
several factors such as scanning parameters and tech-
niques, as well as the material used for shielding. Dose
reduction ranges with in-plane shields have been
reported to be 1-74.2% for bismuth, 43-92.3% for
tungsten-antimony, 44-97% for lead and 12—-13.3% for
other shielding materials (Table 1).

3 Shield Thickness and Layers

Hopper et al. have evaluated shields with different ply
thickness of bismuth (1-, 2-, 3- and 4-ply in thickness;
1 ply thickness of bismuth is equivalent to 0.85 g of
bismuth per square centimeter) (Hopper et al. 1997).
In general, greater the ply thickness, greater is the
dose reduction with up to 56% dose reduction with
4-ply bismuth shield. However, greater ply thickness
will also have greater beam attenuation and effect on
image quality although further studies did not report
any significant artifacts associated with eye shields
regardless of ply thickness (Hopper et al. 2001).
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Table 2 Tabulated summary of studies documenting adverse effect of in-plane bismuth shields on CT image quality

Author (year) Shielded organs Phantoms
assessed
Chatterson Fetus (1st-3rd Female phantom
et al. (2011) trimester uterus)
Lee et al. Eyes, thyroid and Adult male and
(2010) breasts female
phantoms
Kalra et al. Breast Chest phantom
(2009)
Leswick et al. Thyroid and breasts Phantom
(2008)
Coursey et al. Breasts Pediatric
(2008) phantom
(“5 year old”)
Vollmar and Breasts Phantom
Kalender
(2008)
Geleijns et al. Eye lens, brain, Phantom
(2006) thyroid, breasts, and
lungs
Heaney and Eye lens, thyroid and  Phantom

Norvill (2006)  breasts

Greater ply thickness can be useful for patients
undergoing multiple CT examinations and children
(Hopper 2002).

Fricke et al. have reported use of a 2-ply bismuth
shield in order to maintain the image quality (Fricke
et al. 2003). They achieved 29% radiation dose
reduction with their 2-ply (1.7 g of bismuth per
square centimeter) shield which was in line with the
28% reduction seen with 2-ply shields used by
Hopper et al. To avoid image artifacts, Fricke et al.
recommended the use of the 2-ply rather than the
4-ply bismuth shields (Fricke et al. 2003).

As stated above, out-of-plane lead shields are often
used to protect conceptus from external scattered
radiation dose when pregnant mother is undergoing a
non-abdominal CT examination (such as chest, head
or neck CT). Although greater ply thickness of lead
shields will decrease the external scattered radiation
dose, amounts greater than 0.7 mm thickness is not
recommended due to concerns over increased patient
discomfort with little benefits in terms of significantly
higher dose reduction. Unlike conventional radio-
graphs, for CT, the lead shields must be positioned
around the patients and should cover up to the caudal
edge of the scan volume (Kennedy et al. 2007).

Image quality

Substantial artifacts in images below the diaphragm

Degraded image quality when shield is in contact with the
phantom. Increased image noise and CT numbers at the phantom
surface

Increased image noise, attenuation values and streak artifacts

Increased image noise when shields combined with longitudinal
automatic exposure control

Increased image noise
40% increase in image noise
Artifacts impaired image quality

Dominant increase in noise with breast and thyroid shield

Local artifact with eye shield

4 Effect of Shields on CT

Image Quality

Several studies have reported effect of in-plane
shields on image quality with CT. There is little doubt
that in-plane shielding reduces radiation doses to
some radiosensitive organs but they also alter CT
numbers (HU values), compromise the image quality
as well as result in streak and beam hardening arti-
facts (Mukundan et al. 2007; Dauer et al. 2007,
Chatterson et al. 2011; Price et al. 1999; Kalra et al.
2009; Lee et al. 2010; Geleijns et al. 2010; Leswick
et al. 2008; Coursey et al. 2008; Vollmar and
Kalender 2008; Geleijns et al. 2006; Heaney and
Norvill 2006) (Table 2). Unfortunately, many prior
investigations of these shields have not evaluated
image quality effects but merely restricted themselves
to documentation of dose reduction potential
(Beaconsfield et al. 1998; Brnic et al. 2003; Roma-
nowski et al. 1994; Iball et al. 2008; Yousefzadeh
et al. 2006; Doshi et al. 2008; McLaughlin and
Mooney 2004; Kojima et al. 2011; Takada et al. 2009;
Keil et al. 2008; Parker et al. 2008; Yilmaz et al.
2007a; Parker et al. 2006; Neeman et al. 2006; Hidajat
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Fig. 3 Decision tree that

role of in-plane shielding
based on region of interest
and radiologists’ comfort and

may be used for determining u

Use of shields

acceptability of effects of in- .

plane shielding to reduce
radiation dose

1) Surface lesion

2) Need for reliable HU

(calcium scoring , PET CT) [

(eye, thyroid, breasts)

No superficial or surface lesions
No need for reliable HU

A

[

Do not shield

(Use other dose reduction

techniques)

et al. 1996). On the other end of the spectrum which
claims no deterioration in the image quality with use
of in-plane shielding (Fricke et al. 2003; Hopper et al.
1997, 2001; Hohl et al. 2005, 2006; Kennedy et al.
2007; Chang et al. 2010; Hein et al. 2002; Hopper
2002; Perisinakis et al. 2005; Dobbs et al. 2011; Lee
et al. 2011; Raissaki et al. 2010; Catuzzo et al. 2010;
Kim et al. 2010; Ngaile et al. 2008; Yilmaz et al.
2007b; Colombo et al. 2004; Fujibuchi et al. 2004). It
is generally stated that the in-plane shields should not
be placed on the body surface to avoid inadvertent
increase in CT numbers at the surface and streak
artifacts from the shields. At least 1 cm gap between
the shield and the body surface should be maintained
to avoid negative effect on image quality (Chang et al.
2010; Raissaki et al. 2010).

5 Distance Between the Shield
and Skin

The increase in image noise and streak artifacts with
use of in-plane shields can be limited by applying a
spacer or gap between the shield and patient surface
or skin. Direct contact should be avoided in all
situations because the maximum increase in CT
number and image noise is noted when there is
direct contact between shield and patient surface.

Reduce dose with other
dose reduction methods

[

Shields maybe used
based on radiologists

Use shields only if further
preference

dose reduction is needed
(Bony structures, Pediatric = ©
CT, Follow-upCT)

This also implies that in-plane shields should not be
used when CT is being performed for evaluation of
the areas in the vicinity of the surface over which
the shields are to be placed. Such conditions may
include abnormalities of breast, subcutaneous tissues,
thyroid gland and testes. In such cases, other meth-
ods of radiation dose reduction should be employed
or the distance between the shield and the surface
must be increased (Hohl et al. 2006; Chang et al.
2010; Kalra et al. 2009).

6 Cost-Benefit Analysis for Shields

The cost of the shields is another factor that can truly
impact the feasibility of using this radioprotective
device. Bismuth shields are costly especially, the eye,
breast and thyroid shields that are labeled as single-
use by the manufacturer in order to reduce the rate of
infection. According to one website, costs for one
adult bismuth breast, thyroid and eye shield in United
States dollars are $100, $12.50 and $6.25, respectively
(http://www barrieronline.com/radiation/ct-shields.

php). This cost makes it prohibitive to most healthcare
practices to use these shields as disposable items
(Heaney and Norvill 2006; Dobbs et al. 2011). In fact,
most users, we have spoken with, employ these
shields as reusable items on multiple patients. They
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take precautions to avoid contact of the shield with
patient surface with use of a spacer.

Some patients find use of eye shield uncomfortable
or unacceptable, which may increase the possibility of
patient movement during the CT scanning. In its
extreme scale, the discomfort and anxiety with the
eye shields, especially in pediatric patients, may
necessitate need for general anesthesia.

7 Alternative Methods to the Use
of Shields

Several scanner techniques can help reduce radiation
dose associated with CT scanning. For example,
automatic tube current modulation (ATCM) or auto-
matic exposure control (AEC) (Kalra et al. 2009,
2004; Lee et al. 2010; Leswick et al. 2008; Coursey
et al. 2008), organ-sensitive dose protection
(X-CARE) (Vollmar and Kalender 2008), adaptive
dose shields and reduction of tube current time
product (mAs) and peak-voltage (kVp) (Kennedy
et al. 2007) as well as changing the gantry angle
(Heaney and Norvill 2006; Keil et al. 2008).

The ATCM has been increasingly applied as a tool
to decrease radiation dose and is considered by some
investigators to be superior to in-plane shielding in
adults (Geleijns et al. 2010). However, the achieved
dose reduction by this technique may be lower in
children and neonates (Coursey et al. 2008). This
technique has been shown to reduce radiation dose to
breast by approximately 50% without any significant
effect on image quality or altering the accuracy of CT
numbers (Geleijns et al. 2010).

Combined use of ATCM and shielding device can
result in additional radiation dose reduction. When
using in-plane shields with ATCM, it is important to
place the shield after acquisition of the planning or
localizer radiographs which will maximize dose
benefits from both shielding and automatic exposure
control technique. However, use of in-plane shield
with ATCM can also result in additional increase in
image noise in comparison to use of constant tube
current (Leswick et al. 2008; Coursey et al. 2008).
Thus, simultaneous use of shield with ATCM may be
limited to clinical situations where a low CT dose is
unlikely to compromise desired diagnostic informa-
tion. Additionally, the in-plane shield should be
placed at least 1 cm apart from the patient when

applying AEC technique (Kalra et al. 2009; Lee et al.
2010).

The organ-sensitive dose protection or X-CARE
(Siemens Healthcare) is a partial angle scan tech-
nology which selectively reduces the radiation
exposure of the radiosensitive organs. In this tech-
nique the tube current is reduced or switched off
during the rotation phase in which the anatomical
region of interest is most directly exposed to radia-
tion. In this way, it is possible to reduce the radia-
tion exposure of individual anatomical regions by up
to 40% while maintaining image quality and
homogeneous distribution of noise (Vollmar and
Kalender 2008; Kim et al. 2010). Unfortunately use
of this technique for reducing breast dose with chest
CT results in slight increase in lung dose, which is
also a radiosensitive organ. However, this technique
can still be safely used for CT imaging of other
organs such as thyroid. In this case, there will be
slight increase in radiation to the spinal cord and
neural branches; however, the nervous system is
considered the least radiosensitive tissue (Rubin
1968).

To decrease radiation dose from scan over-ranging
which results from X-ray beam falling beyond the
detector rows at the start and end of the scanning
location, some vendors have introduced adaptive dose
shields. These adaptive shields block the X-rays that
fall either beyond the start location or after the end
location of the prescribed scan range (Kojima et al.
2011). The dose reduction with the use of these
shielding mechanisms depends on gantry rotation
speed, scan length and pitch factor with higher dose
reduction at slower gantry rotation and smaller pitch
factor. This technique results in greater dose saving
for short scan ranges (such as coronary CT angiog-
raphy) as compared to long scan ranges (such as CT
angiography of the entire chest).

8 Conclusion

In conclusion, in-plane shields can reduce CT radia-
tion dose to some of the most radiosensitive organs of
the body. However, artifacts and increase in image
noise can be concerning to some radiologists, who can
also achieve similar dose reduction with other meth-
ods that have less impact on the image quality. In our
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practice, we do not use the in-plane shields during CT
scanning. In order to assess the feasibility of shielding
in radiation protection, both beneficial and harmful
effects of shielding as well as availability of other
dose reduction methods should be assessed to deter-
mine if shields should be used for additional radiation
dose reduction (Fig. 3).
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Abstract

As the utilization of computed tomography has
grown in the past decade, so has the interest in
being able to monitor doses of ionizing radiation
received by patients. Until recently, the biggest
obstacle to dose monitoring was the image-based
dose sheet on which dose-related parameters are
stored. While development of a new radiation dose
structured report will promote dose monitoring and
reporting in the future, a vast repository of legacy
data with image-based dose sheets still exists
worldwide. In this chapter, we discuss the chal-
lenges faced in CT dose monitoring as well as
some solutions that have been developed to
overcome the limitations of the image-based dose
sheet. We also address the steps involved in
designing and implementing an institutional dose
monitoring program, and participation in regional
and national dose registries. Finally, we discuss the
recent advances in organ dose estimation using
Monte Carlo simulations.

1 Introduction

Computed tomography (CT) utilization has increased
dramatically in the last 10-15 years (Maitino
et al. 2003; Levin et al. 2008). The proportion of
background radiation in the United States attributed
to medical imaging has increased from approximately
15% in 1987 to nearly 50% in 2009 (Sinclair et al.
1987; Kase et al. 2009). Furthermore, exposure to
radiation as a result of medical imaging has occupied
the spotlight in recent years, receiving attention from
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professional organizations such as the American
College of Radiology (ACR) and the American
Association of Physicists in Medicine (AAPM), and
more notably, from the US House of Representatives
Subcommittee on Health (Congressional Subcom-
mittee on Health 1910), as well as the lay press
(Bogdanich 2010; Landro and Wall Street Journal
2010). Beginning in July 2012, radiologists in
California will be required by statewide legislation to
include CT dose parameters in their study interpre-
tations (SB 1237).

A number of scientific articles have debated the
potential for deleterious effects as a result of this
increased utilization of imaging with ionizing radia-
tion (Brenner and Hall 2007; Brody et al. 2007; Goske
et al. 2008; Martin and Semelka 2006). However, the
answers to these questions are not easily obtained.
What is clear, though, is that increasing awareness of
health care professionals—radiologists and non-radi-
ologists alike—regarding imaging-related radiation
dose is integral to improving patient care. The ACR’s
white paper on radiation dose states that “... there
should be special attention paid to...education for all
stakeholders in the principles of radiation safety, the
appropriate utilization of imaging... the standardiza-
tion of radiation dose data to be archived during
imaging for its ultimate use in benchmarking, good
practice, and finally, the identification and perhaps
alternative imaging of patients who may have already
reached threshold levels of estimated exposure....”
(Amis et al. 2007). Studies have demonstrated that
there is wide variability in estimated effective radia-
tion dose among CT scans, even when performed at
the same institution using the same protocols
(de Gonzalez et al. 2009; Smith-Bindman et al. 2009).
These observations only serve to further emphasize
the need for reliable, accurate CT dose monitoring
and reporting.

Multiple initiatives are underway to standardize
the documentation and reporting of radiation dose
information. The Digital Imaging and Communica-
tions in Medicine Structured Reporting (DICOM SR)
standard contains dose objects dedicated to storing
CT radiation dose information (DICOM 2007,
DICOM Standards Committee 2008). Using these
DICOM SR objects, the Integrating of the Healthcare
Enterprise (IHE) initiative has developed a Radiation
Exposure Monitoring (REM) profile to assist vendors
in the implementation of standardized dose reporting

by scanner software (Accessed March 15 2010). The
ACR Dose Index Registry (DIR), part of the National
Radiology Data Registry (NRDR), is actively col-
lecting dose data from facilities across the nation, in
an effort to standardize dose reporting and establish
dose reference levels for all CT examinations (Amis
et al. 2007; National Radiology Data Registry 2011).
The initiative to reduce unnecessary radiation expo-
sure from medical imaging was recently launched by
the US Food and Drug Administration (FDA). A
specific goal of the FDA’s initiative is to “[e]stablish
requirements for manufacturers of CT and fluoro-
scopic devices to record radiation dose information
for use in patient’s medical records or a radiation dose
registry” (White Paper 1999). The NIH is also mak-
ing efforts to track and report radiation dose for all
patients imaged at the Institutes (Neumann and
Bluemke 2010). As discussed later in the chapter on
International Atomic Energy Agency perspectives
and initiatives on CT radiation dose, the IAEA has
initiated the Smart Card or Smart Rad Track project
to track and monitor cumulative radiation doses.

However, these endeavors do not address the
challenge posed by vast repositories of retrospective
CT data that store dose parameters as an image-based
dose sheet instead of structured data within the
DICOM header. Furthermore, CT scanners currently
in use may not have firmware amenable to incorpo-
rating radiation dose into image headers. To that end,
a number of open-source and commercial software
solutions for dose monitoring have been developed in
the past 2 years. Many of these solutions also facili-
tate communication of data to registries such as the
one sponsored by the ACR.

In this chapter, we discuss some of the relevant
CT dose parameters, historic obstacles to effective CT
dose monitoring, and some of the new solutions that
have been implemented both for facility-based dose
monitoring and reporting as well as for large-scale
dose registries. We also discuss the future of dose
monitoring with respect to organ dose estimation.

2 CT Dose Parameters and Their
Effect on Patient Dose

An institutional review board (IRB)-approved survey
revealed that 76% of radiologists and radiology
trainees reviewed the image-based dose information
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sheet or page less than 10% of the time they per-
formed or interpreted a CT examination. Despite
these statistics, radiologists receive more physics
training than their non-radiologist physician counter-
parts, and are best equipped to analyze and interpret
the parameters that are typically reported. While there
is considerable variation across CT scanner vendors
with respect to the format of the dose sheet, there is a
common subset of relevant parameters that is always
reported. In this section, we briefly review these
parameters and their impact on patient dose.

2.1 kVp: Tube Voltage

The kVp—or kilovolt peak—represents the maximum
voltage potential across the X-ray tube. Dose varies as
the square of the kVp, which means that small
changes in kVp can have a significant effect on dose.
The kVp represents the energy of the photons in the
X-ray beam; higher energy photons will penetrate the
patient and reach the detector array, while lower
energy photons will get absorbed within the patient.
However, the use of a lower kVp is advantageous for
iodine-enhanced imaging, because the average energy
of the X-ray spectrum comes closer to the k-edge of
iodine (approximately 33 kiloelectron-volts) and
results in increased attenuation. This has been dem-
onstrated to be effective in body CT angiography
procedures including coronary CTA (Luaces et al.
2009; Hausleiter et al. 2009) and CT perfusion stud-
ies. In larger patients, it is not practical to use a lower
kVp because more of the lower energy photons will
be absorbed by the tissues. However, in thinner
patients and children, lower kVp imaging is more
feasible and will result in substantial dose savings.
Most vendors report the kVp on the image-based dose
sheet.

2.2 mAs: Tube Current-Time Product

The mAs, or tube current (mA)-time (s) product, is a
representation of the total number of photons used over
the course of a CT examination. A higher total study
mAs indicates that more photons were used to produce
the image. Dose varies linearly with the mA, so using a
higher mA will lead to a higher patient dose.

Conversely, using a lower mA will result in increased
image noise, because fewer photons were used to
penetrate the patient and create the image. Some
limitations can be placed on the mA by using tube
current modulation, which chooses the tube current
dynamically based on a reference prescribed before
the scan begins. Very few dose sheets actually pro-
vide any information pertaining to the parameters
used for different tube current modulation techniques.
Details of automatic tube current modulation tech-
niques are discussed in a separate chapter in this
textbook.

2.3 CTDI,¢;: Volumetric CT Dose Index
Multiple CT dose indices exist, however, the volu-
metric CT dose index is often the one reported on a
CT dose sheet. The first relevant CT dose index is the
CTDI, (9, which is measured using a 100 mm pencil
chamber placed at the center of a cylindrical acrylic
phantom. When the 100 mm pencil chamber is used
to make measurements both in the center and at the
periphery of the phantom, a weighted CTDI or CTDI,,
is obtained. Dividing the weighted CTDI,, by the
pitch results in the CTDI,,. It is important to
remember that the CTDI,,; and other CT dose indices
are not measures of patient dose, but rather represent
the energy output by the scanner measured in different
ways. In fact, the CTDI,,; is measured in milligray
(mGy); 1 Gray is equal to 1 Joule/kilogram.

24 DLP: Dose-Length Product

The dose-length product (DLP) can be used to derive
an estimate of the whole-body effective dose received
by a patient during a CT scan. It is calculated by
multiplying the CTDI,,,; by the scan length in centi-
meters, resulting in units of mGy-cm. The estimated
whole-body effective dose, reported in millisieverts
(mSv), can be calculated by multiplying the DLP by
an anatomy-specific conversion factor, also known as
a k factor. The k factors are derived from tissue
weighting factors maintained by the International
Commission on Radiological Protection (ICRP); the
latter were most recently updated in 2007 (ICRP
2007).
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25 Other Factors

Patient age, gender and size can also affect dose
(Huda and Vance 2007; Kalra 2004). Younger
patients are at higher risk of experiencing the adverse
effects of radiation exposure because of more rapid
turnover of cellular DNA and the higher potential for
radiation-induced mutations. Breast tissue in women
is similarly more susceptible. While larger patients
may appear to receive a higher dose on the basis of
DLP alone, for a given CT protocol, a thinner patient
will receive a higher organ dose than a larger patient
because of a smaller amount of attenuating subcuta-
neous tissue. CT examination protocols should not
only be customized to answer the clinical question,
but also adjusted for patient size, in order to optimize
both diagnostic image quality and dose savings, and
maximize the benefit-risk ratio of exposing patients to
ionizing radiation.

3 Dose Reporting: Past and Present

3.1 Image-Based Dose Sheet

Historically, CT dose parameters have been recorded
as pixels on an image-based dose sheet associated
with each CT examination. The format and location
of these dose sheets vary with CT scanner vendors,
but at minimum a dose sheet typically reports the
CTDI,,; and DLP for each cross-sectional series
within a CT examination. More detailed dose sheets
may report the series name, kVp, total mAs, indi-
vidual series mA settings and even the type of
phantom used (e.g., 16-cm head phantom or 32-cm
body phantom).

The image-based dose sheet has posed the greatest
challenge to dose monitoring efforts thus far, as it
mandates that the process begins with extraction of
the values from the dose sheet. Successful automation
of this process using optical character recognition has
spurred the development of a number of open-source
and commercial dose monitoring tools, some of
which will be discussed here. Figure 1 shows a
sample dose sheet for a pulmonary embolism chest
CT examination from the Siemens Definition Flash
scanner.

18-Sep-2011 15:23

Ward: ER
Physician: CHEST
Operator: JD
Total mAs 2545  Total DLP 340 mGycm
Scan KV  mAs [ ref CTDlvol* DLP TI cSL
mGy mGycm s mm
Patient Position F-SP
Topogram 1 120 34mA 0.14L 6 44 06
PreMonitoring 2 120 40 240L 2 05 100
Contrast
Monitoring 3 120 40 7.21L 7 05 100
PE 6 100 193 7150 798L 325 05 06
Medium  Type lodine Conc. Volume Flow CM Ratio
mgiml mi mifs
Contrast 0 0 0.0 100%
Saline 0 0.0

*L=32cm,S=16cm

Fig. 1 Sample image-based dose sheet from a pulmonary
embolism chest CT examination performed on the Siemens
definition flash scanner. Note the dose parameters reported:
total mAs, total DLP, series kV, series mA and reference mA
(for tube current modulation), series CTDIvol and series DLP,
among others. The phantom type is also indicated

3.2 Radiation Dose Structured Report
Recent work by the DICOM Standards Committee
produced the DICOM Dose SR, or radiation dose
structured report (RDSR), as it has come to be known
(DICOM 2007, 2008). This structured report is an
effort to standardize the reporting of dose parameters
across vendors and also to facilitate large-scale
dose monitoring by incorporating the report into the
DICOM header. All four major CT vendors now
support the RDSR in their newest scanners. While
firmware updates for RDSR backwards-compatibility
are now available for a number of recent older scan-
ners, not all older models will be updated.

The RDSR includes data from the DICOM study
header as well as accumulated dose data and data
about individual irradiation events. The data elements
from the DICOM header include the following:
accession number, study date and time, institution
name and address, station name (i.e., unique CT
scanner identifier at a facility), scanner manufacturer
and model, study and series description and patient
demographics (gender, age, weight, etc.). The values
for these data elements always exist within the
DICOM header for a given study, regardless of
whether or not the RDSR is generated. Accumulated
dose data included within the RDSR represents a
summary of a particular CT examination. These data
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include the total study DLP, total effective dose and
phantom type.

An individual irradiation event within the RDSR
is defined as a single series of a CT scan, regardless
of whether that series represents a scout image or
acquisition of cross-sectional data. Some of the data
elements associated with an irradiation event include
those CT acquisition parameters that are typically
found on the image-based dose sheet: scan length,
kVp, mA, CTDI,,; and DLP. However, additional
parameters are also reported, including pitch,
CTDI,,, collimation width, number of X-ray sources,
rotation time, X-ray modulation type and effective
dose. In total, the RDSR provides a wealth of
information beyond the image-based dose sheet, and
has the added advantage of standardization across
vendors.

4 Facility-Level CT Dose Monitoring

Faced with the challenge of a vast repository of
image-based dose sheets worldwide and the immedi-
ate need for CT dose monitoring, the radiology
community has responded by developing a number of
open-source and commercial dose monitoring tools.
Among these is RADIANCE-Radiation Dose Intel-
ligent Analytics for CT Examinations (Cook et al.
2010). Introduced in 2010, RADIANCE is a freely
available, open-source software package (http://www.
radiancedose.com) designed to extract dose-related
parameters from image-based dose sheets as well as
import them from the RDSR. The software is intended
to be used by individual imaging facilities or a con-
glomerate health system with multiple hospitals or
imaging centers for internal dose monitoring. Data
collected at a facility is not transmitted to a central
RADIANCE dose repository, but rather retained
within the facility.

4.1 RADIANCE: Features

RADIANCE is configured as a processing pipeline
which runs without requiring external user input. The
pipeline is shown in Fig. 2. The input to the pipeline
is usually the image-based dose sheet. The dose sheet
often comprises one of the series of a CT examina-
tion, which simplifies retrieval from the picture

{Real-Time CT Dose Sheet Processing

[Parsing of Dose Parameters

o |

[Data Validation and Database Update

=

{ReaI-Time Dose Data to Radiologists

Data Analysis and Reporting

Fig. 2 The RADIANCE processing pipeline. No manual user
input is required, although the pipeline can also be triggered
manually if desired

archiving and communications system (PACS). It is
typically a single page, although for some studies
and with some manufacturers, it can extend to mul-
tiple pages. Some CT scanner manufacturers use a
unique combination of series number and series
description to identify the dose sheet, while others
provide only a unique series description and vary the
series number.

Pipeline operations begin with optical character
recognition (OCR) of the dose sheet. This converts
the pixel-based information into ASCII text (GOCR
2010), which is subsequently parsed to extract the
relevant CT dose parameters. Additional informa-
tion about the type of examination performed, the
imaging facility, the scanner equipment and the
patient is extracted from the DICOM  study
header. These data, together with the CT dose
parameters, are stored in a searchable relational
database.

Because each vendor’s image-based dose sheet is
unique, the source vendor for each dose sheet is
identified before further processing occurs, in order to
correctly parse the expected dose parameters. Once
the parameters from a dose sheet are parsed, validated
and stored in the RADIANCE database, the estimated
whole-body effective dose is calculated by multiply-
ing the total study DLP by the appropriate anatomy-
specific k factor. At present, RADIANCE uses the
k factors derived from International Commission on
Radiologic Protection (ICRP) Publication 60 (ICRP
1990).
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Fig. 3 A real-time dose
profile available to
radiologists at the workstation
during study interpretation.
All CT examinations
undergone by this patient
within our health system are
included, with estimated
doses sourced either from
image-based dose sheets,
when available, or from
published dose estimates for
older examinations or those
without available dose sheets.
All displayed names have
been anonymized

Showing |10 6 of 6 entrien

In addition to archival within the database, the
information extracted from an image-based dose sheet
can also be used to construct the RDSR representation of
a CT examination. This is achieved using the PixelMed
Java DICOM Toolkit (Clunie 2010). RADIANCE
populates the structured report template with the data
from its database, and generates an RDSR that can be
automatically transmitted to the ACR’s Dose Index
Registry. This enables imaging facilities to automate
transfer of their dose data to the Registry, obviating
the need for manual data entry or manual transmission
of dose reports. In addition to exporting RDSRs,
RADIANCE can also import scanner-generated RDSRs
into the database, to enable facilities to centralize their
dose monitoring even if some of their scanners do
produce the newer radiation dose structured reports.

In its current implementation at our institution,
RADIANCE runs in real-time, searching for newly
completed CT examinations that have not been
included in the database. Once the image-based dose
sheet for a study has been sent to the PACS, RADI-
ANCE retrieves and processes the dose sheet via
direct query of the PACS. Departmental radiologists
can access a patient’s estimated dose profile (Fig. 3)
while interpreting a recent examination or determin-
ing a protocol for a subsequent examination (Cook
et al. 2011).

RADIANCE Dose Analysis for Patient Fuller, Bob (MRN: 33333333)

ek ind dvag In the plot wred 10 Teom in

ot b Dem

Civitind o Drmo

RADIANCE has been shown to be compliant with
the IHE REM Profile. This is discussed further in
Sect. 5.1.

4.2 RADIANCE: Dashboard Analytics
To facilitate review of an imaging facility’s dose data,
we have designed a customizable dashboard built on
the RADIANCE database schema and included in the
open-source release. The dashboard provides a set of
standard overview screens that summarize dose esti-
mates by departmental section, scanner, personnel,
patient and exam type. In addition, it allows users to
identify those exams that exceed a prescribed
threshold for estimated whole-body dose (in milli-
sieverts). In addition to the predefined overview
screens, the dashboard is customizable and enables
users to add additional screens that organize the data
differently for their individual facilities’ requirements.
The patient dashboard indicates the dose estimates
for each individual CT examination at a particular
facility, as well as a cumulative lifetime dose estimate
for that patient at that facility. This is the same patient
dose profile that radiologists can view at the work-
station during image interpretation or study protoc-
oling (Fig. 3). Acknowledging the limitations of
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Fig. 4 The personnel
dashboard enables analysis of
average dose estimates by
provider—referring physician,
performing technologist,
reporting radiologist and
consulting radiology trainee.
All displayed names have
been anonymized

Avg Dose Per Antending

From 2080-01-81 10 20L0-09-81

summing individual dose estimates for CT scans of
different body parts, this representation gives both the
radiologist and the referring physician a sense of not
only how many exams this patient has undergone, but
also what types of studies were performed and by
whom they were ordered.

A screenshot from the personnel overview is
shown in Fig. 4. The personnel overview allows users
to examine dose estimates by referring provider,
performing technologist and reporting radiologist, to
look for trends in ordering and reporting as well
as compliance with protocol implementations. A
screenshot from the scanner overview is shown in
Fig. 5. This view is useful for identifying potential
protocol differences between scanners for the same
study type, or possibly a lack of adherence to pre-
scribed protocols for a particular study.

4.3 RADIANCE: Monthly Scorecards

Scorecards—monthly dose summary reports—are
generated for every radiologist, technologist, section
chief and radiology administrator within the depart-
ment. Each report is customized to the role of the
individual to whom it is sent. For example, individual
radiologist and technologist scorecards summarize
average dose estimates for all interpreted or per-
formed study types for the month, compared to that
individual’s doses for the previous month and the
department’s doses for the current month. The top 10

Awvg Dose Per Requesting Physician
-1

Frem 2010-01-91 %

Personnel Overview

Avg Dose Per Technologist

Freem 2010-01-01 18 2010-0%-01

Avg Dose Per Trainee
#rom 2010-01-01 o 2030-05-81

highest dose estimates overall as well as for patients
under 50 are listed. The final interpretation and ima-
ges for each of these studies are linked. Free-text
comments can be added to explain the higher doses
for these studies.

Individual radiologists and technologists are only
shown dose estimates for exams with which they are
involved, i.e., have personally interpreted or performed
(Fig. 6). Section chiefs receive an overview to that
described in the previous paragraph for all exams per-
formed and interpreted within their section, as well as
access to the data for all of their section radiologists and
technologists. Finally, departmental administrators can
access all these screens as well as individual dose
estimates by study type. They receive a one-year
review of the average and maximum dose estimates for
a study type of their choice (Fig. 7). They can also
review average doses by the radiologist and technolo-
gist in the department for a particular study type.

4.4 Other Open-Source Dose

Monitoring Tools

In addition to RADIANCE, other open-source dose
monitoring tools also exist. Each software package
achieves the same goal—extraction of dose parame-
ters from the image-based dose sheet, RDSR, or
both—with unique and complementary features.
DoseUtility is an interactive, Java-based program
that can interface directly with a PACS to retrieve and



202

T. S. Cook et al.

Analysis by Scanner

Estimated Dose Scatter Plot
-0

Freem 2010 8-

Fig. 5 The scanner dashboard enables comparison of dose
estimates for a particular type of CT examination when
obtained on different scanner models. Such an analysis is

interpret either image-based dose sheets or RDSRs
(Clunie, accessed September 15, 2011). While
DoseUtility does not archive the extracted dose
parameters in a database, it is another useful tool for
transferring data to the ACR’s Dose Index Registry,
particularly for facilities with scanners that still gen-
erate image-based dose sheets.

DoseRetriever is another interactive system,
which can be run without any sophisticated hard-
ware or software from a USB flash drive (Cheng
2011). It can also retrieve dose sheets directly from
PACS and process the data before archival in a
database. One unique feature of this software is the
font library it uses to perform the OCR analysis of
image-based dose sheets. This approach greatly
minimizes the errors in the OCR extraction process
and thus also decreases the amount of post-pro-
cessing and validation necessary to ensure that the
data are accurate.

Built on the PixelMed library, GROK-Generalized
Radiation Observation Toolkit—is another Java-
based dose monitoring package which attempts to
solve the problem of how CT exams from different
body parts are combined into a single dose sheet
(Warden 2011). In addition, GROK includes early
adjustment of dose estimates for patient body habitus.

Together, these open-source tools have facilitated
dose monitoring and reporting for radiologists
worldwide, and enabled participation in dose regis-
tries even for facilities without the newest CT scanner
hardware or firmware.

Average & Maximum Estimated Doses
From T010-01-01 1o 2010-0%-30

useful for identifying protocol differences that may lead to
higher doses on different scanners and can be optimized for
dose savings across the board

4.5 Commercial Dose Monitoring

Applications

In addition to open-source tools, there are an
increasing number of commercial dose monitoring
software applications. Many are similar to RADI-
ANCE, in that they use some form of OCR extraction
to remove the dose parameters from the image-based
dose sheets, but also support RDSR parsing. Others
only import the RDSR and provide reporting tools
based on the imported data. More sophisticated
applications include the organ dose estimation for
comparison with the conventional DLP-based meth-
ods of dose monitoring.

A number of DLP-based products are currently
available. Among them is Valkyrie, developed at
Columbia University, which is a web-based application
that uses OCR extraction and generates dose estimates
adjusted according to patient weight (Barnes 2011).
PEMNET, which stands for Patient Exposure Man-
agement NETwork and is produced by Clinical
Microsystems, Inc. (http://www.pemnet.info), per-
forms multi-modality radiation dose monitoring, and
can track doses for radiography, CT and even fluoros-
copy. DoseMonitor, a product produced by PACS-
Health (http://www.dosemonitor.com), has built-in
alerting features that monitor a patient’s cumulative
estimated effective dose and trigger alerts when spec-
ified thresholds are exceeded by subsequent studies.
DoseMetrix, a product of Primordial, Inc. (http://www.
primordialdesign.com/home.html), is a customized
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Fig. 6 Monthly radiologist scorecard. The report summarizes that same radiologist during the preceding month, as well as by
dose estimates for studies interpreted during the recently peer radiologists during the current month. For HIPAA
completed month, and compares them to studies interpreted by  compliance, some information has been blurred
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Fig. 7 Monthly radiology
administrator scorecard.

One unique feature of the
administrator-level scorecard
is the 12-month retrospective
review of average and
maximum dose estimates for a
particular study type. For
HIPAA compliance, some
information has been blurred
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solution for dose monitoring. Imalogix (http:/www.
imalogix.com/) is a commercial solution which
collects dose data at an off-site location and generates a
variety of reports with respect to dose monitoring,
scanner utilization and protocol compliance. Its latter

Highest 100 Estimated Dose Studies

two features are applicable to modalities in addition
to CT.

An application called eXposure, developed by
Radimetrics, Inc. (http://www.radimetrics.com), uses
Monte Carlo simulations to reproduce the CT
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scan using the exposure parameters recorded in the
DICOM study headers. eXposure calculates organ
dose estimates using hermaphrodite mathematical
phantoms (Cristy 1980), and also provides a number
of convenient tools for protocol management as well
as outlier detection and investigation.

5 Large-Scale CT Dose Monitoring
Efforts
5.1 The IHE REM Profile

The IHE REM Profile is an implementation guide for
both vendors and consumers that provides a set of
standards for radiation dose monitoring. RADIANCE
is compliant with the IHE REM Profile as both a dose
information consumer and a dose reporter. As a dose
information consumer, RADIANCE can be config-
ured to query the PACS for CT dose sheets using
standard DICOM query/retrieve operations. It is also
able to read RDSRs produced by newer scanner
models and import those data into the database. Since
the database contains protected health information, it
is password-protected and intended to reside behind
an imaging center’s firewall, rather than on a public
network.

As a dose information reporter, the analytics
dashboard built on the database schema allows users
to scrutinize their dose data more carefully, and
analyze dose estimates by departmental section,
individual scanner, involved personnel or individual
patient. Outlier identification is also possible, i.e.,
detecting studies whose dose estimates exceed a
prescribed threshold. With the exception of the
patient dashboard, which requires input of the
patient’s medical record number, all data presented by
the dashboard are completely de-identified in keeping
with the REM Profile. One of the actions of a dose
information reporter in the REM Profile is to transmit
dose information to a registry. Hence, RADIANCE is
able to generate de-identified RDSR representations
of legacy CT dose sheets, to enable users to partici-
pate in dose registries. Using secure FTP, RDSR
representations of legacy CT dose sheets can be
transmitted to the ACR’s Dose Index Registry to
demonstrate communication between a dose infor-
mation reporter and a dose registry. Alternatively,
they can be routed through the ACR’s TRIAD

(Transfer of Images and Data) Server, installed
locally at each facility, and sent to NRDR-DIR.

5.2 Multi-Center Dose Registries

One of the ultimate goals of dose monitoring is to
determine the appropriate range of dose estimates for
a particular CT examination. Both the American
College of Radiology (ACR) and the Society of
Pediatric Radiology (SPR) are working towards this
goal. The ImageWisely™ and ImageGently™ cam-
paigns, respectively, are actively increasing aware-
ness of the issues surrounding CT-related radiation
among radiologists, referring physicians and patients
and their families (Brink and Amis 2010; Goske et al.
2008). Furthermore, both groups are spearheading
large-scale dose registries in order to collect dose
estimates from a variety of patient populations for
different CT examinations.

The ACR’s Dose Index Registry (2011), was
formally launched in May 2011 and is already
receiving dose data from over 200 facilities nation-
wide. Biannual reports are generated for all partici-
pating facilities, summarizing the average DLP for
individual study types as compared to other similar
facilities (i.e., one teaching hospital to another or
one outpatient community practice to another). The
registry is able to accept data directly from scanners
that produce RDSRs, or via intermediate software
packages such as RADIANCE or DoseUtility that
can generate RDSR representations of image-based
dose sheets.

In conjunction with the ACR, the SPR is launching
QuiRCC (Quality Improvement Registry for CT
Scans in Children 2011), a registry specifically
designed to collect data for CT in pediatric patients.
Children are significantly more susceptible to adverse
outcomes from excessive exposure to ionizing radia-
tion than adults. Just as adult protocols are inappro-
priate for pediatric patients, so too are appropriate
dose levels determined by studying CT dose estimates
in adult patients. QuiRCC is carefully following not
only dose estimates, but also CT acquisition param-
eters and patient size parameters at six pediatric
hospitals in the United States.

Together, the efforts of the ACR and the SPR will
go a long way towards defining reference dose levels
for both adult and pediatric CT examinations.
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6 Organ Dose Estimation: What
the Future Holds

It is clear that educating both radiologist and
non-radiologist physicians on this issue is paramount,
as is the need for more accurate, reliable and routine
tracking and monitoring of CT-related radiation dose.
As discussed previously, the simplest method for dose
estimation is to multiply the DLP by the appropriate
anatomy-specific k factor. However, these k factors
were derived using Monte Carlo simulations with a
mathematical hermaphrodite phantom (Cristy 1980),
specific scanner geometry conditions and the
assumption that the patient was only imaged once
(i.e., a single-phase examination). However, despite
these constraints, k factors are universally used for CT
dose estimation as they provide a real-time effective
dose estimate and do not necessitate high-perfor-
mance computing hardware.

While deriving effective dose from DLP provides a
straightforward, practical estimate of patients’ radia-
tion exposure, it does not reflect patient size
(McCollough et al. 2011). Menke demonstrated that a
water-equivalent diameter, derived from a CT scout
image by modeling the patient as a cylinder with the
density of water, could be used to normalize dose
estimates (Menke 2006). Using Monte Carlo simula-
tions of CT scans and subsequent calculation of organ
doses, researchers have demonstrated that DLP can
underestimate dose for smaller patients, including
children, and overestimate dose for larger adults
(Brenner et al. 2006; Hurwitz et al. 2007).

It is critical to understand that CTDI and the
associated dose indices do not represent actual patient
dose (McCollough et al. 2011). This motivated the
AAPM to develop correction factors for CTDI,
based on effective patient diameter (Size-Specific
Dose Estimates 2011). Additional work has been done
to normalize for inherent differences in scanner
geometries and enable comparisons of dose estimates
between scanners, however, these corrections still do
not account for patient factors—size, gender, body
habitus (Turner et al. 2010; Huda and Mettler 2011).
Recent work using Monte Carlo simulations to cal-
culate organ doses from anthropomorphic phantoms
of different sizes has more clearly illustrated how
much DLP can vary with patient size (Li et al. 2008,
2011). Research has shown that patient position, and

in particular, arm position with respect to the torso,
can affect dose estimation (Brink et al. 2008; Tack
and Gevenois 2008).

However, computational needs render it impracti-
cal to model every patient individually. Depending on
the type of phantom used, a single Monte Carlo
simulation can take a few hours. This limitation
motivates the need for standardized phantoms which
can be used to quickly compute organ dose estimates.
Alternatively, if these phantoms could be customized
in some way to reflect a patient’s body habitus, this
would conceivably increase the accuracy of organ
dose estimation. Ongoing work is centering on large-
scale segmentation efforts in order to establish
libraries of organ segmentations which can be used to
build more realistic phantoms.

7 Conclusion

The exponential rise in CT utilization in recent years,
coupled with notable instances of patients’ over-
exposure to CT-related radiation, have spawned
numerous parallel efforts to improve CT dose moni-
toring and reporting. The convenience of DLP-based
dose estimation and the need for dose monitoring
tools have led to the development of a number of
freeware and commercial solutions for dose moni-
toring. In addition, large-scale as well as regional
dose registries have been established in order to
develop dose reference levels for different CT
examinations. Ultimately, these efforts improve the
care of our radiology patients and promote more
responsible imaging. Until we fully understand the
risks associated with repeated exposure to ionizing
radiation, we must continue to maximize the benefit-
to-risk ratio of imaging-related radiation exposure and
strive to answer the clinical question with the most
appropriate imaging modality.
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Abstract

Large-scale surveys were used to establish
reference dose levels (RDL) for typical CT
examinations. The different findings in different
countries will be compared and discussed with
respect to the statistical values used. While the third
quartile values of surveys are well-established to
define dose levels that 75% of the users can easily
maintain, it has been suggested by several authors to
use the first quartile value for optimization pro-
cesses defining those dose levels which can be
achieved using modern technique, appropriate set-
tings for the scan parameters and good practice.
Interpretation of collected data and comparison of
results of several surveys will be done with a special
focus on pediatric issues. While RDLs for adult
have been published frequently and have also been
already updated using new data from either more
recent surveys or by interpreting data from smaller
samples it appears that RDL for CT examination of
children have been rarely addressed in the past.
Only more recent publications in 2008-2010 have
recognized this issue and RDL for pediatric CT
exams have now been published for a larger number
of countries. For a quick estimate of patient dose
and risk conversion factors from dose length
product (DLP) to effective dose (f in mSv/
(mGy*cm)) can be used. The various published
values for children of different ages will be com-
pared with respect to limitations and in correlation
with the findings for adult patients. The effective-
ness of surveys regarding dose reduction and
optimization has been reviewed. The main conclu-
sion is that although RDLs for conventional X-ray
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examinations have been remarkably decreased (in
mean between 30 and 35%) the RDLs for CT exams
have remained nearly constant in several countries
or even slightly increased. Some new approaches
for automatic extraction of dose values from
DICOM metadata show great potential for contin-
uous monitoring and optimization processes once
all technical restrictions are solved or simplified.

1 Introduction

In the past years a lot of surveys have been carried out
trying to estimate not only the collective dose of CT
examinations but also the effective dose for specific
scan regions. Only few surveys were carried out with
a large sample size [UK 1999, 2001 and 2003
(National Radiological Protection Board 1999; Hart
and Wall 2001; Shrimpton et al. 2005), Germany
1992-1995, 1999, 2002 (Bernhardt et al. 1995; Gal-
anski et al. 2001; Brix et al. 2003), Switzerland 1998
(Aroua et al. 2000, 2004) and (Treier et al. 2010)
Austria 2000 (Nowotny et al. 2005) while a larger
number of surveys with smaller sample sizes can be
found in the literature. The later ones were often
focussed either on a limited number of scanners or on
small number of scanner sites. (e.g. Greece, Italy,
Wales, USA). These small surveys will always con-
tain a bias in the data because they are not repre-
sentative for all scanners and sites (Hiles et al. 2001;
Shrimpton et al. 1998; Goddard and Al-Farsi 1999;
Papadimitriou et al. 2003; Tsapaki et al. 2001; Scheck
et al. 1998; Olerud 1997, 2001, 2003; Friberg 2003;
Einarsson and Magnusson 2001; van Unnik 1997;
Hatziioannou et al. 2003; Tsapaki et al. 2001; Origgi
et al. 2006; Szendro et al. 1995; Tung et al. 2011;
Livingstone and Dinakaran 2009; Kharita and Khaz-
zam 2010; Muhogora et al. 2010). A comprehensive
review of adult patient radiation doses from CT
examinations published in the literature can be found
in Pantos et al. (2011) together with a comparison
with reference dose levels.

Large-scale surveys are necessary to take into
account the considerable variations in patient size and
differences in scan parameters and settings even
within the various sites.

The NEXT (nationwide evaluation of X-ray
trends) surveys in the US (see for example Conway
et al. 1992 ) are carried out nearly every year and are

mostly focussed on a defined body region. Although
this seems to be a very promising approach for
obtaining reliable data the spectrum of typical
examinations is very limited; a broad overview will
be available only after several years when the first
surveys are already out of date.

Surveys with small sample size showing only a
snapshot of the current situation using scanners of
only one or two vendors can be found more frequently
in the literature of medical journals, the larger surveys
are all carried out on behalf of national authorities
such as NRPB (National Radiological Protection
Board) in UK, BfS (Bundesamt fiir Strahlenschutz) in
Germany or BMSG (Bundesministerium fiir soziale
Sicherheit und Gesundheit) in Austria with a typical
time frame of 5-15 years between updates.

The aim of this chapter will be to compare the
results of the different surveys to stress on local or
national specialities. It should be a critical review on
current trends and help to read and interpret the
results of those surveys more carefully.

The focus will be on European surveys and show a
comparison of methods, results, outcomes and con-
clusions. Whenever possible also a comparison of
different national surveys will be made. Publications
from the US and Australia will be included as
examples and do not necessarily meet the require-
ments of completeness. Also the mentioned small-
sized surveys may not show up as a complete list.

The large-sized surveys always were used as base
material to establish guidelines for scan techniques
and parameter settings. But what is more important
for future work is to introduce guidelines for opti-
mization. The German survey form 1999 for example
was used not only to produce reliable data on patient
dose from CT examinations to set up national refer-
ence dose levels for CT. It also showed the direction
and hints on how to optimize scan protocols that will
be discussed later on.

Another main aim for future tasks should be to
define acceptable image quality in relation to patient
dose. The manufacturers have already shown that
there is a possibility for an automatic exposure control
(AEC) in CT. But the procedures to achieve this aim
are rather different. The definition of an acceptable
image quality should be more uniform and applicable
to all different scanner models. This is especially
important because the relation of kV,,, image quality
and dose is a very complex task. Defining image
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Table 1 Number of CT examination per year and 1,000 peo-
ple (values from UNSCEAR (2000) report if not mentioned
otherwise)

UNSCEAR health Level 1 57
UNSCEAR health Level 2 1.5
Germany 64
Germany (1990-92) 55
Germany (1999) 90
UK 21
USA 91
Sweden 39
Sweden (1991) 24
Australia (1994) 60
Austria (2000) 76
Switzerland (1998) 46

quality only in terms of image noise (standard devi-
ation of HU values) does not meet all requirements. A
more sophisticated approach in terms of contrast-
noise-ratios (CNR) defined for the various body
regions is needed, in particular for low contrast
examinations such as liver and abdomen.

2 Reference Dose Levels (RDL)

Looking at the frequencies of CT-examinations and
their contribution to the annual collective dose
(Tables 1, 2, 3 and Fig. 1) it is necessary to intro-
duce so-called reference dose levels to clearly define
thresholds that can be exceeded in individual cases
but should not be exceeded in general.

A lot of surveys have been carried out in the past
either to establish national reference dose levels
according the EU quality criteria for CT [EUR16262
(European Commission 1999)] or to check if CT pro-
cedures in the different Member States comply with the
EU RDL. RDLs can and should be included in guide-
lines for scanning techniques. While using projection
radiography the consistency between the actual dose
values and the RDLs can only be checked after the
examination computed tomography offers solely the
possibility to check compliance prior to starting the
examination. Although RDLs do not represent indi-
vidual exposure to the patient they represent an esti-
mate of the mean collective dose to the patient for the
corresponding body regions (Fig. 2).

Three major dose quantities can be used to serve as
RDLs: first we have the two local dose values such
asweighted CTDI (CTDI,,) and volume CTDI
(CTDI,)). The later one can be regarded as a measure
for the mean dose within an examination region and is
dependent on mAs product, kV settings, distance
focus-to-axis-of-rotation. The dose length product
(DLP) as the third quantity is an integral dose value
and depends on the correct choice of scan length. A
comparison of the estimated RDLs of different several
surveys can be found in Tables 4 and 5.

3 Statistical Values and Their
Meanings

The surveys provide a lot of data on examination or
scan parameters. CTDI,,, CTDI,, and DLP can be
interpreted and compared in different ways. Mean
values of common or often used procedures may
serve for a ranking of each scanner site in comparison
with the results of the survey. Median values can be
used to evaluate the distribution (for example the
skewness or asymmetry) of the data. The results of the
German 1999 (Galanski 2001) survey showed that
there is no big difference between mean and median
values. Of common interest are especially the 3rd
quartile values that can serve as a threshold that
should not be exceeded in general. These values also
provide a well-established base for defining RDLs.
3rd quartile values mean that 75% of the participating
institutes and scanner sites redeem these values while
only 25% have to change their protocols or
procedures.

Some examples of mean dose values for the dif-
ferent surveys as well as 3rd quartile values are pre-
sented in Tables 6 and 7.

Interpreting the data from the German 1999 survey
in more detail we have found that the Ist quartile
values are a good measure for an optimization process
especially for new scanners. This has often been
neglected in the past. Surveys should not only delin-
eate the present state but also show possible
improvements and ameliorations.

Boxplots are an expressive and convincing repre-
sentation of data from surveys. Within only one figure
they show not only the sometimes large variation
between minimum and maximum values but also the
important statistical parameters such as mean and
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Table 2 Frequencies of different CT procedures in percent (%), total number of exams per year and scanner and number of

installed CT bases (see also Fig. 1)

Germany UK (1997/ Austria Italy (2006) Switzerland  Netherlands Sweden Australia
(1999) 98) (Nowotny  (Hatziioannou  (1998) (1998) (1991) (1994)
(Galanski  (Radiological et al. 2003) (Aroua (Meeuwsen  (Szendro  (Thomson
et al. Protection 2005) et al. et al. 2003) et al. and
2001) Board 2000) 1995) Tingey
National 1997)
1999)
Brain 37 44.5 349 39 24 39 53 304
Chest 15 13.8 15.3 17 14.6 19 - 8.1
Abdomen 25 214 26.1 20 20.4 28 25% 14.6
Lumbar - 4.5 - 10 11.5 10 9.6 12.4
spine
Pelvis - 10 - 10 - 3 - 5.9
No.of 3,600 - 4,560 - - - - =
exams per
scanner
and year
Installed 2,000 - 227 1,328 - - 90 -
bases

# Sweden examination of the trunk

median values and the two quartile values (see
Fig. 3). The large variation between minimum and
maximum values (sometimes the outlier in both
direction is separated by a factor of up to 30 as can be
seen in Table 8 showing the range and ratios of dose
values found in different surveys) should not frighten
because the majority of data are distributed within a
factor of 2 or 3 of the mean value (an example can be
seen in Fig. 4 which shows an histogram plot of the
effective dose deduced for the examination of the
abdomen/pelvis examination in the German 1999
survey).

4 Interpretation of Data and Pitfalls

Most surveys are only local studies and not spread
nationwide. Sometimes they are restricted to only a
few radiological centers. Therefore the collected data
may include an unbalanced bias, which can lead to
misinterpretation. For example using only data from
selected institutes with good radiological practice will
not represent the mean of all institutes. Including only
few scanners will cause a bias based on the specialties
of those scanners i.e. focus-axis-distance, filtration
and limited pitch values. Other scanners that do not

meet those technical parameters will show up as
“dose slingshots”. Looking at the values of the nor-
malized CTDI,, (,CTDIy) of the example in Table 9,
scanner A seems to deliver a sixfold higher dose to
the patient than scanner B. After estimating the cor-
responding effective dose we can conclude that they
are nearly the same which can be explained taking
into account the mAs settings for both scanners:
scanner A needs only 1/6 of the mAs settings com-
pared with scanner B. This is also a convincing
example for “mAs is not dose”.

The survey in 1999 was the first study in Germany
where data for all scanners from all manufacturers
was collected. The quota for returned questionnaires
was more than 50% so that a reasonable analysis
concerning the age of the scanners, the distribution
among university hospitals and private practice was
possible as well as taking into account the features of
the rather new scanners.

The German survey of MDCT scanners in 2002
(Brix 2003) resulted in a snapshot of the present sit-
vation. It showed that the change from SDCT to
MDCT was not smooth but resulted in an increase in
dose. The main reason was an inadequate use of the
new technique and a lack of intensive training of the
users. For the future an additional survey has to be
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Table 3 Comparison of percentage of total collective dose delivered by CT examination (see also Fig.1)

Iceland
(1998)

Ireland
(2009)
(Health

Netherlands

(1998)

Switzerland
(1998)

UNSCEAR

UNSCEAR

Austria
(2000)

UK

Germany
(1999)

Germany

(2000) HL2

(2000) HL1

(1997/98)
(National

(1990-92)
(Bernhardt

(Einarsson

and

(Meeuwsen

(Aroua et al.
2000)

(Bundesamt

fiir

(Bundesamt

fiir

(Nowotny
et al.
2005)

(Galanski
2001)

Service

et al. 2002)

Radiological
Protection

et al. 1995)

Magnusson
2001)
54

Executive
2011)
67

Strahlenschutz

2003)

Strahlenschutz
2003)
41

Board 1999)

39.7

42

27.8

40.4

40

35

Collective
dose (%)

No.of

13.6

5.8

34

4.2

33

exams (%)

No.of

25,762

494,000 211,728

328,000

620,000

1.39 * 10°

7.2 * 10°

exams/
year

carried out on a broader base and include those
scanners with more than eight detector rows (N >8).

Reference dose levels are indicated in terms of
weighted CTDI (CTDI,,), which is a local dose value
(dose per slice) and in terms of the dose length product
(DLP), which is an integral dose value (dose to the
patient). The 2003 UK survey (Shrimpton et al. 2005)
and the EU 2004 survey on MDCT (Shrimpton 2002)
and CT Quality Criteria (2004) suggested specifying
RDLs in terms of volume CTDI (CTDI, ;) in order to
take into account new scanner technologies and the
introduction and use of so-called “effective mAs”
settings. The main aim of this concept introduced by the
vendors in the early stages of MDCT starting with the
four-slice scanners is to keep image quality constant
and independent from the chosen pitch or table feed.

This has caused some irritation among the users
because they were accustomed to notice a dose
reduction when using pitch values >1. This was a
common well-known rule when dealing with SDCT
scanner but does not apply anymore for most of the
MDCT scanners. Thus the introduction of a direct
dose indicator was almost mandatory to solve this
problem. More recent scanner models display the
CTDI,,, directly at the operator window according the
IEC Standard 60601-2-44 (International Electrotech-
nical Commission (IEC) 2001). This would allow a
direct comparison to RDLs prior to starting the
examination if the RDLs were defined in terms of
CTDI,,,;. Unfortunately RDLs are defined in terms of
CTDI,,, which means that the user has to multiply the
displayed value with the corresponding pitch. This
simple task will become complicated if this pitch
value is not displayed in figures but as in descriptive
terms such as “high quality” or “high speed”. This
behavior has been abandoned by the vendors as well
as calling the displayed CTDI,,, weighted CTDI. But
those scanners are still in operation and the user must
know about these possible pitfalls.

A revision of the EU RDLs seems to be necessary
because they were established before the introduction
of MDCT. The update should include the new dose
value CTDI,,, so that a direct comparison with the
displayed value at the operator console is possible.
First values for RDLs in terms of CTDI, reported in
the EU 2004 survey can be found in Tables 10 and 11.

A result of the survey in Switzerland (1998)
(Aroua et al. 2000) was the suggestion of an update
every 5 years in a so-called “mini survey” covering
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Fig. 1 Contribution to total number of radiographic proce-
dures and contribution to collective effective dose as a function
of the total number of CT examination per year. Independent of
total number of CT examinations the relative contribution to
total number of radiographic procedures is about 6% while the
relative contribution to collective effective dose is about 40%
(see Table 2 for detail)

only about 10% of the volume of a complete survey.
This should be sufficient for reliable data on exami-
nation frequencies and trends in dosimetric values.
When looking at the rapid evolution of scanner
technique this seems to be mandatory but on the other
hand one has to bear in mind that a mini survey may
produce only a snapshot of a rapid changing tech-
nique and usage that cannot be applied in general. The
Swiss survey proposed a complete re-evaluation with
the same sample size every 20 years, which is a rather
long time period. But if the mini surveys produce
reliable data and are focused on rapid evolving
techniques it can be possible.

With regard to CT examinations, the characteristic
features of the CT scanners and the optimization of
examination protocols are important (number of pas-
sages, scanned volume, thickness and spacing of slices,
etc.). They enable a significant reduction of the doses
given (see the proposals of the recent German study).

5 Comparison of Different Surveys

The annual frequency of examinations, the contribu-
tion to collective dose as well as the corresponding
relative numbers of examinations are presented in

45 _ O Brain
& Chest

40 = —@

35 T

% no. of exams

Fig. 2 Relative distribution of the CT procedures brain, chest
and abdomen in different countries

Tables 1, 2 and 3 and compared with the findings of
the UNSCEAR report (2000). The different surveys
carried out in past are listed in the Tables 4, 5 and 7
which compare the findings concerning RDLs in
terms of CTDI,, and DLP (Table 4 and 5). In Table 6
the mean of the different dose values including
effective dose is compared while Table 7 shows the
3rd quartile that is commonly used as reference level.

The EUR16262 document introduced normalized
dose values with respect to dose length product
(conversion factor f = mSv/(mGy*cm)) to enable a
quick and robust estimate of effective dose values. As
can be seen from the figures in Table 12 these con-
version factors only differ by about 10-20% among
the different surveys. Different scan lengths for the
listed procedures may cause these differences. As can
be seen looking for example at the data from
Shrimpton (whole trunk 0,015; chest 0,014; abdomen
and pelvis 0,015) normalized values can be used for
three anatomical regions head, neck and body, The
conversion factors should be based on the phantom
values of DLP and not on DLP free in air. With DLP
displaying at the operator console of this value can be
used for a quick evaluation of the effective dose and
hence radiation exposure of the patient. Although the
listed values suggest that these conversion factors
may serve as a robust estimate one has always to bear
in mind that those conversation factor were deduced
from mean values. This means that they were aver-
aged for all scanners and all different scan parameter
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Table 4 Comparison of reference dose levels (RDL) in terms of CTDI,, (mGy) in different European countries compared with the

EU directive EUR16262

Germany Germany (2010)b UK (2003) UK (2003) Austria® Syria EUR
(1999)* (German National SSCT MSCT (2000) (2009) 16262
(Galanski Radiation Protection (Shrimpton (Shrimpton (Nowotny (Kharita (European
2001) Board 2010) et al. 2005) et al. 2005) et al. and Commission
2005) Khazzam 1999)
2010)
Routine 45 65 70 110 68, 9 60.7 60
head
(brain)
Face and 25 20 - - - - 35
sinuses
Routine 13 12 13 18 18.9 22 30
chest
Chest - - 22 50 28 30.5 35
HR
Routine 15 20 20 20 19.8 24.1 35
abdomen
Liver 15 20 - - 20.6 24.1 35
and
spleen
Lumbar 30 42 - - 40.7 - -
spine
Routine 18 20 17 20 23.5 27.5 35
pelvis

st quartile of the 1999 survey for comparison
® CTDL,y, only as orientation not as RDL
¢ 3rd quartile of the 2000 survey

Table 5 Comparison of reference dose levels (RDL) in terms of DLP (mGy * cm) in different European countries compared with

the EU directive EUR16262

Germany (1999)* Germany
(2010)°

Routine head (brain) 520 950
Face and sinuses 190 250
Routine chest 250 400
Chest HR - -

Routine abdomen 490 900
Liver and spleen 210 450
Lumbar spine 170 250
Routine pelvis 300 450

st quartile of the 1999 survey for comparison
® DLP per series
¢ 3rd quartile of the 2000 survey

settings (such as kV,, mAs, scan length, slice and
section thickness, pitch). So these values should and
can be used whenever a quick estimate of effective
dose is necessary. But one has to keep in mind that

UK (2003) UK (2003)  Austria®  Syria EUR
SSCT MSCT (2000) (2009) 16262
760 930 1275 793 1050
430 580 484 520 650
80 170 76 133 280
510 560 1109 721 780
460 470 763 - 900

- - 495 - 800

- - 589 542 570

this is only a rough estimate and does not take into
account gonads. For the neck region two values have
to be considered, depending on whether body or head
mode is used during the scan. And they should never
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Table 6 (continued)

Sweden(1991)
(Szendro

Norway(1993)

Nordic Pilot survey(2001) (Olerud et al. 2001)

(Olerud  1997)

et al. 1995)

9.8

Pelvis
Chest

11.5

4.6
49

7.1

420
420

10.8
40

7.9

Lumb.spine

90

25

Sample size (sites)

100

50

% of inst.bases

Comparison of different surveys (CTDI,, (mGy), dose length product DLP (mGy * cm) and effective dose E (mSv) for whole examination; DLP and E are mean values for male

and female)

= 6 cm scan length)

4 Only one segment (
° Multiple segments

¢ Mean scan length 8.6 cm

4 Sweden examination of the trunk

be used to compare different scanners because even if
scan parameters are nearly identical other dose-
influencing factors may differ. This includes focus-to-
axis distance, beam filtration and beam shaper.

The main limitation of surveys is the quality of the
reported data. It is necessary to check the returned
questionnaires whether the scan parameters seem to
be reasonable or not. In case of any doubts a validity
check has to be made for the reported values of the
scan parameters. The survey in Germany showed that
the more complex the task of the survey is the more
difficulties arise with the data quality. While the 1999
survey on single slice scanners was rather easy to set
up and carry out the MSCT survey in 2002 was much
more complex. Therefore it was necessary to dis-
tribute a manual on how to collect the necessary data.
The survey on pediatric examinations started in 2006
was once again more complex for the user and also
for the conductors of the survey. A lot of queries were
necessary to improve the reported data. In the future
these tasks will become more and more complex
because scanning techniques and scanner techniques
are rapidly changing and the differences in the user
interfaces of different scanners are getting wider and
wider. This means that for large-scale surveys one has
to supply “translation tables” for each scanner family
in order to help the user to spot the relevant and
necessary data.

Some limitations and main findings of the different
surveys are summarized in the following short
quotations.

The survey in Iceland (IRPI) (Einarsson and
Magnusson 2001) listed only of five CT bases and
found an increase in number of CT exams from 1993
to 1998 by about 93%. The main conclusion was that
“...efforts to reduce dose should include optimization
of both how CT examinations are performed and the
criteria for requesting them”. This statement
although deduced from a very small survey holds for
every survey and will be discussed in a special section
at the end of this chapter.

The Nordic survey (presented at the [AEA meeting
in Malaga, Spain) (Olerud et al. 2001) included only
five sites from each of the five countries (Denmark,
Finland, Iceland, Norway and Sweden) and found that
“This Nordic pilot project shows that the EC quality
criteria can be used as a collaborative inspection
tool. However, the radiologists work within their own
reference frames. That introduces a bias, and the
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"o~ survey design is not suitable for ranking”. These
B o — | ® v o findings show that small surveys are often not suitable
© to represent the mean values for a whole country.
2 g I SRS % The main difficulty when comparing different
— 00 I < - < . .
S E surveys is that the setup of the surveys is often rather
= 5 = different. In some countries examination of the
% % =2 S22 e I abdomen means whole abdomen in other it just means
SR N AR R e = upper abdomen. Additionally also the definition of
= pPp y
B e o P 8 series is often quite different. In Germany for example
A8 | F& 3 examinations of the abdomen are mostly carried out
(o)
= = . . . .
S § g as biphasic examinations while for the NRPB surveys
£ A e = - - § only one series was taken into account.
E oo = : :
a0 83 1 & A & = E Another difficulty is that dose values are calculated
N s on base of axial examinations while other surveys use
5 = ?3 Er §5 | § | o already spiral examinations. In the German 1999
o s survey (National Radiological Protection Board 1999
Y N y g
S E\B A we tried to compare our data with data from 1999
% 58 g 9 L m é q g NRPB survey (Galanski 2001). The differences found
5 could be explained with different use of scan ranges
e n SN g and spiral technique.
0 o | o — © %5
(5]
=9 =]
i o - O~ > = .
e SEIEINE E 6 Surveys Comparing MDCT
—
2 £ and SDCT
[ m
—
2 2NN 2 & 2 ) ) )
E0EG 2923 F 9 3 When the first four slice scanners were established in
E the beginning of 2000 the reported dose values
P ® a3 § increased by a factor of 4 compared with those of
« —~ © = . . . . .
S - single slice scanners. This behavior and the dramatic
5 a9 Q o S E increase in dose to the patient were mainly a result of
— hal v . . .
E ﬁ = | = @RS E an inadequate experience of the users with these new
= E technical possibilities. New concepts introduced by
g 53 E the vendors such as effective mAs and its influence on
on . .
8356ge g8 ac=¢g = dose values were not sufficiently communicated to the
= users. In combination with the possibility of acquiring
3] . . .
|2 v 2 = ° > more and thinner slices this lead to the reported
[Q\l — = 0 o 2 Q . . .
3 E increase in dose. Now the users are more experienced
§ & e I Py P [-% ES 3 and know how to deal with thin slices, the post-pro-
0 T @ S - =Y =) . . . . .
AR I 3% ® - =F- : cessing technique of image processing has improved
. (Sl .
g8 , - B and hence modern MSCT scanners should deliver a
= - . .
s E @ g2 2 dose to the patient that is comparable to modern
8 B + o s B w ZE 7 . .
2 O U 8 | & Q& < o0 <« 3 S g single slice scanners.
=} - =1 . .
o SR One main reason presented at the 2003 symposium
=) 2 Ee- .2 - . .
= = 2 S EE3 on Radiation Protection of the North West RP Soci-
s ] B> ) .. « .
2. = |2 3 g % 5E 5 eties in Utrecht was: “It has to be emphasized that the
=) Q .
2 E S 2 8 8 g2%¢ comparison of the dose data collected from the three
§5 533 fzsd me peri - -
~ o g Z o £ 5°%5%g time periods, reflecting the different CT scanner
o .ngbogg—gawgbgg . . W osi " dical indicati
= w5 &2 =28 E E B g E23 generations, is rough since the medical indications
P AP <al ae R gl were not identical. The huge variation in doses for the
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Table 8 Range and ratios of dose values found in serveral surveys.which indicates that there are possibilities of remarquable dose

reductions
Germany (1999) (Galanski et al. UK?® (1998) EU 2004 Q¢ Norway Australia (1994)
2001) (National (CT Quality (1993) (Thomson and
Radiological Criteria 2004)  (Olerud Tingey 1997)
Protection Board 1997)
1999)
CTDI, DLP E E° CTDI, DLP DLP E® E° E°
(mGy)  (mGy*cm) (mSv) (mGy)  (mGy  (mGy
min min (max) min Min * cm) * cm)
(max) (max) (Max) min
(max)
Head 14 173 0.4 36 21 231 204 11.7 8 29
(199) (2384) (14.5) (130) (2.087) (2.805)
Chest 5.5(66) 100 1.35 21 4464) 72 61 144 195 64
(1766) (26.4) (1.304) (1.322)
Abdomen 7.4 (66) 105 2 26 6.8 115 140 106 133 25
and pelvis (2767) (51.1) (46.4) (1.874)  (1.475)
Pelvis 6.9 90 (1349) 1.6 14 68 68 - - 17.2 18
(56.2) (23) (55.2) (1324)
Lumb.Spine 9.4 29 (821) 0.35 30 - - - - - -
%94.1) (10.4)

* Values were used for the European EU16262EN quality criteria

® Min/max ratio

¢ Head/cranium: acute stroke, chest: pulmonary embolism, abdomen/pelvis: rule out abscess [32]

Table 9 Comparison of normalized CTDI,, resulting effective dose and corresponding mAs settings for a male patient under-

going a CT examination of the abdomen

Scanner «CTDI,, (mGy/mAs)
A 0.25
B 0.043

same medical indications indicates a potential for
optimization of CT protocols in Norwegian hospitals.
The best parameters to report for dose comparison
would be CTDI,,; and the total DLP (Olerud)”. This
statement shows one of the main difficulties when
comparing dose values from SDCT and MDCT. With
the introduction of MDCT the indications for exam-
ination change and sometimes the adaptation of scan
protocols does not change accordingly. If indications
change with new scanner technology then exposure of
the patient is really hard to compare. For example if
combined protocols are possible with MDCT-like
chest and abdomen or abdomen and pelvis or even
chest and abdomen and pelvis it is hard to compare
with SDCT examinations of only one of the men-
tioned regions. What is possible is to check whether

E (mSv) mAs
7.3 74
7.9 267

the local dose values in the specified regions are
nearly the same. Therefore the introduction of the
CTDI,, as an average dose within a CT slice was
important. This dose value reflects to some extent the
scanner technology (detector efficiency) and the
selected scan parameters (kV,,, mAs, pitch, etc.). The
total dose for an examination as represented by the
DLP reflects the scan length and number of series
taken. Thus only examinations for nearly the same
combination of scan regions can be compared. Nev-
ertheless DLP is good and quick estimate of dose to
the patient.

Also the German 2002 survey on MDCT (Brix
et al. 2003) showed that the introduction of new
scanner technologies first led to an increase in patient
dose. After users had realized the pitfalls of the new
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Table 10 Median results of the 2004 survey on MSCT (CT Quality Criteria 2004) compared with the initial EUR16262 values

(European Commission 1999)

CTDI,, DLP

[mGy] [mGy * cm]
Cranium® 53 746
Chest, HR 3 117
Chest, pulm. embol. 11 302
Abdomen, rule out abscess 11 551
Abdomen, liver metastases 13 643

? Cranium: acute stroke

technique the potential of the new technique dose
values could be reduced to the same level as esti-
mated in the 1999 survey of SDCT. This was mainly
caused by new displaying modalities. Trading off the
potential of MDCT means using thin slices whenever
possible and/or rapid scanning of the selected region.
Unfortunately thin slices always cause an increased
noise in the resulting images because less photons
reach the detectors and hence signal-to-noise ratios
decrease. With the introduction of MDCT this lead to
a pronounced increase in patient dose (factor of 2—4
compared with reported dose values for SDCT).
Contemporary with the MDCT technique also the
viewing technique or post processing of the image
data improved rapidly. This allowed new so-called
display modalities for diagnosis. The availability of
thin slab technique allows the combination of several
adjacent slices either by simply averaging or by a
more sophisticated processing such as MIP (maxi-
mum intensity projection). This processing reduces
image noise while keeping spatial resolution nearly
constant. This was the main improvement for over-
coming the dose trap of thin slices. Thus both scan-
ning technique and review technique have changed
and are used and trained to acquire thin slices with a
dose to patient that is nearly identical. The ideal
procedure is to scan the anatomical region with thin
slices and to look at the resulting thin slice data set as
a so-called secondary raw data set, which will be used
for display.

Within the framework of the EU 2004 survey on
MDCT(Shrimpton 2002) and (CT Quality Criteria
2004) only 53 questionnaires were evaluated. For
examinations of the cranium the reported CTDI values
and the 3rd quartile of the evaluated DLP were of the
same order of magnitude compared with the RDL from

E QC Criterion EUR16262 EUR16262
[mSv] CTDl, CTDI, DLP

1.7 60 60 1050

25 10 15 280

5.9 10 30 650

9.3 15 35 780

9.5 25 35 900

EUR16242 (CTDI,, = 60 mGy, DLP = 1050 mGy *
cm, see Tables 10 and 11).

For chest HR examinations the findings showed
that “the observed ratio of 5, 6 for 75-percentile and
the 25-percentile of the effective dose indicates sub-
stantial interdepartmental variations in technique and
suggests the potential for optimization (Shrimpton
2002)”.

As a conclusion the survey suggested that an evi-
dence for an optimization could be deduced if “a high
ratio (> 3) between 75-percentile and 25-percentile
indicates substantial variations in scan parameters
and technique among the departments and suggests the
need for protocol optimization (Shrimpton 2002)”.

In the German 2002 MDCT survey the reported
increase in the local dose value CTDI, was 17-60%
compared with the single- and dual-slice systems.

The scan length increased with regard to examin-
ations of the spine system up to 160% mainly caused
by scanning the whole lumbar or cervical spine region
instead of only a few segments. “In general, however,
the danger of an uncontrolled increase of patient
exposure due to CT procedures has to be limited by a
clear medical justification in each individual case,
independent of whether a standard examination is
carried out or a new MDCT application such as
coronary angiography, coronary calcium scoring or
virtual colonoscopy (Brix et al. 2003)”.

7 Pediatric Issues

Only few efforts have been made to estimate dose
values to pediatric patients and to establish separate
RDLs. This is a very important task because dose
when using the same settings as for adults in children
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Fig. 3 Boxplot of estimated dose values for examination
“abdomen and pelvis”. Reported values show a range of 30.
Figure taken from the results of the German 1999 survey
(Galanski et al. 2001)

it results in a twofold to fourfold higher dose and
hence a higher risk for radiation-induced cancer
(Brenner et al. 2001). The diameters of small patients
especially children are much smaller than those of
standard sized adults. Also the dose-related risk is 2—
3 times higher than that of an adult. A promising task
would be to reduce dose (mAs settings of a specific
scanner) by a factor corresponding to either size
dependent or weight dependent. Some examples are
given in Chapple et al. (2002), Vock (2005),
Khurrsheed et al. (2002), Cody et al. (2004) , Pages
et al. (2003), Boone et al. (2003), Paterson et al.
(2001), Linton and Mettle(2003), Sandstede 2003;
Verdun et al. (2004), Hollingsworth et al. (2003),
Shrimpton and Wall (2000), Brenner et al. (2001),
Donnelly et al. (2001), Suess and Chen (2002), Huda
(2002).

While a lot of surveys have been carried out to
establish reference dose values for adult only little
effort has been made on searching for RDLs for
children. The first survey covering especially values
for children was the UK 2003 review published as
NRPB-W67 (Shrimpton et al. 2005) (results for RDL
values are presented in Table 15) and a national
conference on dose reduction CT with emphasis on
pediatric patients (Linton and Mettler 2003).

The assessment of effective dose for pediatric CT
is particularly complicated. The EU 2004 survey
introduced the concept of geometric scaling factors,
conversions factors and pediatric enhancement factors
to calculate effective dose from DLP values. The 3rd
quartile values for the estimated CTDI,,, DLP and

abdemen+pelvis (mean value per series: 9,0 mSv (m.) and 12,4 mSv (f))

250 +
W male
o female
200 '
5 150
a
E
3
£
s
S 100 =
50
0 - —Jl——»—n—4

< 115 152 23 34 46 B8 811 11416 1623 2332 3245 45B4 B4
effective Dosis (mSv)

Fig. 4 Distribution of effective dose for examination “abdo-
men and pelvis”. Mean values were 9,0 mSv for male and
12,4 mSv for female. Figure taken from the results of the
German 1999 survey (Galanski et al. 2001)

effective dose in head and chest examinations can be
found in Table 13 together with the corresponding
values for adults. “Effective doses are of the same
order of magnitude when compared to values for the
adult CT head acquisition (acute stroke). It seems
feasible to restrict effective dose to about 1 mSv.
Chest: The observed variations in CTDI and effective
dose are substantial and they suggest a realistic
potential for dose reduction (Shrimpton 2002; CT
Quality Criteria 2004)”.

The survey also showed that there is a good
agreement between effective dose and dose length
product “The linear relationship is expressed as
conversion coefficients for the calculation of effective
dose from dose length product (Shrimpton 2002; CT
Quality Criteria 2004)”.

In Table 13 those normalized dose values are
presented and compared with the values for adult (see
also Table 12). To apply those values for dose esti-
mation is rather simple and robust but does not
include variations depending on scanner characteris-
tics. The error when estimating dose values can be
very large when the scanners have for example a
different focus-axis-distance or different filtration.
Thus calculated values should serve only as a rough
estimate.

The values of Shrimpton (Shrimpton and Wall
2000) and Quality Criteria (2004) seem to be higher
than estimated by Chapple et al. (2002) [with the
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Table 11 2004 Quality Criteria MSCT versus SSCT (www.msct.info) (CT Quality Criteria 2004)

SSCT/CTDI,, (mGy)

Cranium (acute stroke) 60
Chest HR 35
Chest (pulm. embol. and pulm. metastases) 30
Abdomen/pelvis (rule out abscess) 35
-(liver metastases) 35
-(urolithiasis) 35

MSCT/CTDI,; (mGy) Remarks
60
10
10
15
25

10

Pitch 1 or contigous scan

Pitch >1

Table 12 Normalized values of effective dose per dose length product (f = E/DLP in mSv/mGy * cm) for various body regions

Shrimpton (2004)  Italy (2006) EUR16262
(Shrimpton et al. ~ (Origgi et al.  (European
2005) 2006) Commission
1999)
Head and 0.0031 - -
neck
Head 0.0021 0.0024 0.0023
Neck 0.0059 0.0052 0.0054
Chest 0.014 0.0163 0.017
Abdomen  0.015 0.0149 0.015
and pelvis
Lumb. - 0.0166 -
Spine
Pelvis - 0.0175 0.019
Trunk 0.015 - -

Germany (1999) Germany EU 2004 (CT
(Galanski et al. (2002) (rix Quality Criteria
2001) et al. B2003) 2004)

0.0039 0.0038 -

0.0028 0.0028 0.0023

0.0098 0.0061 -

0.0154 0.0016 0.019

0.0174 0.0186 0,017

0.0125 0.0185 -

0.0171 0.0185 0.017

- 0.0177 -

Values from both German surveys based on mean values for E and DLP
# Cranium: acute stroke, chest: pulmonary embolism, abdomen/pelvis: rule out abscess

Table 13 75-percentiles of dose values for children and adult (from 2004 Quality criteria www.msct.info) (CT Quality Criteria

2004)

Children CTDI,; (mGy) DLP (mGy*cm) E (mSv) Remarks
Head 1-12 month 31 333 2.6

Head 4-6 years 47 374 1.8

Chest 1-12 month 5.8 78 59

Chest 4-6 years 6.2 76 34

Adult

Head 72 945 2.1 Acute stroke
Chest 14 549 8.4 Pulm. embol.

exception of values for the head for neonates]. Thus
values of Shrimpton can be regarded as conservative
values to estimate radiation dose using conversion
factors. Values of Chapple were derived from mea-
surements using pediatric anthropomorphic phantoms
(thermo-luminescent dosimeters TLDs loaded inside

and on the surface of the five phantoms). There may
be a large uncertainty related with the fact that there
are only two scanners included in this estimation.
A graphical representation of those normalized
effective dose values (conversion factors E/DLP in
mSv/(mGy * cm) can be found in Fig. 5 (Fig. Sa


http://www.msct.info
http://www.msct.info

Collective Radiation Dose from MDCT 223

= shows the values for head examination, Fig. 5b for
2 E2 888 3% SE examination of the abdomen) together with the values
tT82 22328 ¢e for adult according the EUR16262 document and the
n results from the German 1999 survey.
2w § = g § SRECRES In Germany the national authorities (BfS) initi-
2 = EREERE A= ated a survey at the end of 2005 to get reliable data
< . . .
3 e on scan protocols for children helping to establish
4 :; g8823 2 RDLs for children. This work started with a survey
B« <SS S S s S 1S on age distribution and frequencies of pediatric CT
g S (R < examinations. After identifying those institutes with
"é o =l ]|ElE]E ] § at least 100 pediatric CT examinations per year these
=l S I P - 2 institutes were included in a second survey to gather
- g 8 3 3 s £ the data for the scan protocols of five most carried
S o IS 3 33 13U ..
= 2 out type of examinations. The first results show that
i 9 ==& § the distribution of pediatric CT examinations is by
B o NIRRT © about 1-2% of all CT examinations. This may be
- =
2 B A 3 true only for Germany so each country has to check
g 28822 = £ the annual rate of pediatric CT examinations. It also
g < S 3335 1 S £ turned out that the main indications for pediatric CT
= oo le = — (;), are examinations of the head/brain, chest, abdomen,
§ . | § g § § | § § NHH and spine. These findings compare with a
* .
& 8’ recent study in Japan (Ono et al. 2011) where also
E § %r g g < head scans were identified as the most frequent CT
f{;) © IS 1S S S 1z examination. In contrast to the German findings,
= ~ 2 however, the frequency of CT-scanned body regions
A~ § § = 2 § % '5 was highest for children in the age between 0 and
a = w (S |S|S8|S8|e|l S P 4 years
I ® N ® = = & A Nordic pediatric CT Survey was on going from
o’ SHISHISHES =8 . .
Z o 1 3333 13 3 2005 to 2006; the survey focused on the scan regions
2 2 such as brain, chest, abdomen and whole body which
g § § g § = should be the main examinations carried out in
g ° el ilele =] B ediatric CT as was already shown in the preliminar
) = p y p y
8 zlE e le - ) results of the German pediatric survey.
2 S 83 g 8 = ‘8’ Those surveys are absolutely necessary because we
o — . .
5 ® SR o have only few reliable data on dose of the patient for
; 358 g = pediatric CT examinations. There are a lot of sug-
S o 1 1S (8|8 |81 |8 g gestions on minimizing radiation dose to children but
2 - O v those papers are not suitable to establish RDLs for
2 g g8 2 8 S children. Some strategies should be mentioned as
o © [ I o o O | g 5 f 11 .
« = a8 ollows:
4 DSE RS I 22& Donnelly et al. 2001 suggested an adaptation of the
g < =|2 2|22 |22 g @E tube current for pediatric patients according to the

= = .
] 2N f';, weight. Other authors (Boone et al. 2003; Verdun
4 5] . .
% = é K § et al. 2004) recommended a matching according to
% % oy ;‘ =2 patient circumference or diameter. Hollingsworth
%) = —= .

Z g E § 20 < et al. (2003) focus on the kV,, settings that should and
3 Z‘ &l E » g g g can be lowered to 100 kV,, or even 80 kV,, for small
5 2 283 8 ¥ % E S8 children, “Kilo-voltage of 120 may not be the optimal
- <EEZU<aF 8848 level for examining infants” .
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Table 15 pediatric reference dose levels from UK 2003 (Shrimpton) and Germany 2005/2006 (Galanski et al. 2006) survey

Year CTDI,, (mGy) CTDI,, (mGy) DLP (mGy*cm) E (mSv) *
UK Germany” UK Germany®

Head 0-1 35 35 27-33 270 300 2.5
Head 5 50 50 40 470 500 1.5
Head 10 65 65 50 620 650 1.6
Chest 0-1 23 12 34 200 60 6.3
Chest 5 20 13 7 230 130 3.6
Chest 10 26 20 10 370 230 39
Abdomen 0-1 5-7 170

Abdomen 5 12 330

Abdomen 10 16 500

4 Mean values
® Published 2010 (German National Radiation Protection Board)

Suess and Chen (2002) suggest an adaptation of dose
by changing the mAs-settings in relation to settings for
adult. For examinations of the head they propose a
variation with age (<6 month = 25%, >6 years =
100%), while for body protocols the variation should be
done according to patient weight (<15 kg = 15%,
>54 kg = 100%). Also defining a patient equivalent
diameter can be used to set dose reduction factors
(relative mAs-settings) with respect to a 28 cm patient
diameter. According to Boone et al. (2003) this dose
reduction factor may vary from 0.05 = 5% for a
diameter of 12 cm (circumference = 38 cm) to
3.5 = 350% for a diameter of 35 cm.

The 16 cm CTDI phantom is not suitable to esti-
mate/measure CTDI for new borns and children. As
the displayed CTDI,, and DLP values at the operator
console are based on phantom values for a 16 cm, a
32 cm phantom will be too high and cannot serve as a
dose constraint with regard to RDLs.

When looking at survey data from UK 2003
(Shrimpton et al. 2005) and the MDCT quality criteria
2004 (Shrimpton; CT Quality Criteria 2004) there
seems to at least a factor of 2 between the reference
dose levels for adult and children. Thus more
sophisticated surveys are necessary to define those
RDLs and the corresponding image quality. Should
the noise level for adults and children be the same
when defining RDLs or do we have to deal with a lot
of examinations where the detection of low contrast
lesions is not of primary interest and importance?

The estimated values from the German 2005/2006
pediatric survey have been published as RDLs in 2010
and are listed for comparison in Table 15. A recent
publication (Muhogora 2010) reported dose values for
pediatric CT exams in 19 developing countries. The
presented values for chest (CTDI,, = 8.7-10.4 mGy,
DLP = 153-194 mGy *cm) and abdomen
(CTDI,, = 8.5-13.8 mGy, DLP = 180-413 mGy
*cm) are in good agreement with the dose values for 5
and 10 years old children in Table 15.

8 Optimization Processes

The main question remaining is how to change
scanning protocols to meet the requirements of
RDLs? As a result of the German 1999 survey the
steps for an optimization process have been defined
and reported (Nagel 2010).

This more practical guideline can serve as a first
step to adjust scan parameters.

CT is a radiological procedure that has enough
possibility for dose reduction although some efforts
have already been made. The 3rd quartile values
deduced from the different surveys can only serve as a
first attempt of dose optimization. Users of older
single slice scanners should redeem these values
while users of modern single slice and multi slice
scanners should follow the 1st quartile values for an
optimization process. This approach has also been
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Fig. 5 Normalized effective dose as a function of patient age
for head (a) and abdomen/pelvis (b) region according to
Table 14 with curve (A) representing data from UK 2003
(Shrimpton 2002), Shrimpton 2004 (Shrimpton et al. 2005) and

mentioned in a recent survey and audit process in
Switzerland (Treier et al. 2010) which shows that
further reduction of patient doses is possible and is
not bound to the 3rd quartile values.

The so-called achievable doses’ mentioned in the
1999 NRBP vol. 10 document (National Radiological
Protection Board 1999) are typically a factor of 2 or 3
lower than the RDLs. Dose optimization with respect
to CTDI,, will be mainly based on a reduction of the
mAs settings. With respect to dose length product
DLP the optimization has to be made on pitch factor
and scan length or even on number of series. These
scan parameters and their modifications are well
known to radiologist and radiographers. Hence
restricting scan length to the region of interest is the
easiest way to avoid unnecessary radiation exposure
of the patients.

Starting point for additional dose optimization
should be the examination of the abdomen and pelvis.
The first reason is that this examination is related with
a high integral exposition, on the other hand there are
high requirements for the image quality especially
low contrast resolution.

Examinations with almost the same requirements
for image quality and/or absorption should be done
with the same values for CTDI,,/CTDI,,,;. This holds
for example for liver and kidney or for the abdominal
aorta or head and neck.

EU MDCT Quality Criteria (2004), (B) data from Chapple
et al.(2002) and (C) data from Alesso and Phillips (2010). Also
included for reference are the values from the EUR16262
document and the German 1999 survey

The lower absorption in the chest region allows an
obvious dose reduction compared to the values for the
abdomen especially when using a wide window for
image display (“lung/chest window”). To assure an
adequate representation of the medastinum and tips of
the lung, the adaptation should not be lower than half
of the values for the abdomen. This also holds for the
examinations of the thoracic aorta and the pulmonary
vessels. For distinct high contrast examinations of the
chest a reduction to 1/10 of the CTDI,, value for the
abdomen is possible. But this should be created as a
special scanning protocol. Examinations of the pelvis
are also related to a higher inherent contrast and allow
a dose reduction to 2/3 of the CTDI,, value of the
abdomen. This also holds for an examination of the
whole trunk.

9 Effectiveness of Surveys Regarding

Dose Reduction and Optimization

Comparing the updates of national RDLs in Germany
(Bundesamt fiir Strahlenschutz 2003; German
National Radiation Protection Board 2010) and Swit-
zerland (Aroua 2004; Treier 2010) it is interesting to
note that there seems to be no great changes and dose
reductions concerning CT examinations. While the
RDL values for conventional X-ray examinations have
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been lowered by in mean 30-35%, the corresponding
values for CT are more or less the same or have even
increased (e.g. in Germany the DLP for abdomen with
two series was 1,500 mGy*cm in 2003 and is
1,800 mGy*cm in 2010). Potential effects of surveys
and RDLs can only be achieved if either optimization
processes become mandatory, e.g. defining the 1st
quartile as “good practice” and leaving the RDL (3rd
quartile) as limit for “malpractice” or by coupling the
participation in surveys or audit processes to reim-
bursements of health insurances.

The complexity of dose CT data collection for large
patient samples has been addressed in a recent paper by
Jahnen et al. (2011). A more or less automatized data
collection is necessary and has been already proofed
for smaller sample sizes. In Germany a similar dis-
cussion has been started by the control boards (so
called “Arztliche Stellen”) for checking image quality,
compliance with national RDLs and justification of X-
ray examinations including CT. The check is up to now
done manually on a regular time scale for every
2 years. If RDLs are exceeded frequently by the users
and cannot be explained for example with an abnormal
distribution of patient constitution the control board
will not only remind the user of his malpractice and
monitor whether the proposed improvements have
been established but is also obliged to inform legal
authorities. To simplify this time consuming process a
project for automatic data extraction from the DICOM
header metadata of the corresponding images has been
started. Once finished this project will help to estimate
and monitor dose levels continuously. It may also serve
as an optimization tool if the online extraction can
display the extracted and calculated dose values for a
defined examination with respect to mean or quartile
values from all collected data of the same type of
examination.

But we have to have in mind that we are dealing
with a rapidly evolving technique. Some examina-
tions are now possible that we were not even thinking
of some years ago. Thus optimization and adjustment
of RDL will always be a task that will be in delay to
current developments.

The swizz survey suggested three major steps for
making RDLs a powerful tool for dose reduction and
optimization:

“These include (1) periodical on-site re-audits, (2)
the establishment of a consulting service free of
charge that provides expert advice to radiologists on

CT protocol optimization and (3) the introduction of
clinical audits to identify and eliminate unjustified CT
examinations” (Treier 2010).

10 Conclusion

Surveys are necessary to define RDLs. They should
be carried out on a large-scale base because small-
scale surveys just result in a snapshot of the current
situation in the participating institutes. Also a bias
related with the limited number of scanners and
manufactures included in a small-scale survey can
adulterate the findings. A comparison of different
surveys should be made very carefully taking into
account different scanning techniques (number of
series, slice thickness, pitch) as well as different
definitions of the region to be examined (upper and
lower limit of scan region, different protocols for
example in the head region axial vs. helical).

An update of important surveys to define RDLs in
terms of new dose quantities such as CTDI, seems
to be necessary and has been reported in several
surveys carried out in the last few years and more
recently in some short notes (Early results from new
dose survey unveiled at UKRC meeting 2011) and
presentations (Meeson et al. 2011). Own experiences
suggest that the setup the conduction and the evalu-
ation of large-scale surveys will become more diffi-
cult in future because gathering all relevant scan
parameters will become a more and more complex
and time consuming task. This holds in particular for
those scanners using AEC or any other option of
modulating the tube current. The technical develop-
ment is rapidly improving. This will unburden the
users from carefully choosing the scan parameters
adapted to each patient more or less individually but
we are being surrendered to the technical develop-
ments. Verification of the dose estimates either dis-
played at the operators console or calculated
retrospective will become more and more difficult.

Special surveys have to be carried out for defining
RDLs for children. This task is even more complex to
accomplish. Those surveys have to take into account
several age groups (at least four namely <1 year, <5
years <10 years and <15 years) which means that the
number of institutes executing a sufficient number of
annual examination will be rather small (for example
the in 2005/2006 finished survey in Germany (Galanski
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et al. 2006) listed only about 75 institutes carrying out
at least 100 procedures each year).

Carrying out large-scale surveys on a frequent rate
(e.g. once a year or even continuously) will lead to a
huge amount of collected data where consistency and
reliability has to be proved at least using adequate
control samples. Therefor it seems to be more rea-
sonable to check compliance with RDLs in other ways:
1. Using software tools to extract DICOM header

metadata and online check compliance with

reported mean and quartile values

2. Onsite audits to collect reliable data directly at the
installed bases. This will eliminate the collection
of wrong data and directly identify unjustified
examinations.

Justification of X-ray and especially CT exams has
to be addressed to education of radiologists and radi-
ographers as well as to referring physicians in order to
avoid unnecessary examinations and to improve efforts
for optimization and compliance with the RDLs.
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Abstract

Almost all MDCT scanners are installed with
default parameters providing a perfect image
quality called “standard”, and deliver the corre-
sponding “standard dose”. Optimization is a
process by which a substantial proportion of the
standard dose is eliminated without loss in diag-
nostic performance and/or confidence. The final
“optimized dose” reached by this process is not
clearly defined in the literature because it varies
among manufacturers, scanner generation, and CT
users. The ALARA principle implies setting the
optimized dose at the lowest reasonable level.
In this chapter, we describe possible methods for
optimization and propose achievable and reason-
able limits for CT scanning of the head, the chest,
the abdomen, and the spine.

1 Introduction

In Western countries, CT is the largest source of
medical radiation (Hricak et al. 2011) and may even
be the largest source of all radiations. Each CT
examination delivers 1-24 mSv, a dose that belongs
to the range of low-level radiations. Deterministic
effects (such as hair loss) can occur but only for very
specific examinations and conditions (Smith-Bindman
2010). The deleterious effect of diagnostic CT is the
risk of cancer. This carcinogenic effect of radiation
risk of low-level radiation as that delivered by CT is a
matter of debate and has been extensively described
in “Clincical Expansion of CT and Radiation Dose”
by Chadwick and Leernout. They advocate the use of
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the linear-no-threshold (LNT) model of carcinogen-
esis. On the other hand Cohen lists in “Risks from
Ionising Radiation” all the arguments against the
LNT model and in favor of a threshold or even of a
protective effect of low-level radiations that is named
hormesis. Based on the precautionary principle, the
LNT model is currently used for calculating the risks
of cancer induction by CT. Because of the high
number of CT examinations performed each year, the
cancer risk for the population is a matter of concern
(Brenner and Hall 2007). Thus, it is the responsibility
of each CT user to minimize the dose delivered by
each examination (Golding 2010). Reasons for excess
of radiation dose delivered by CT are numerous,
including inappropriate prescription—a problematic
discussed in “Guidelines for Appropriate Use of CT
Imaging” by Hinshaw—extended cephalo-caudal
coverage (z-coverage), high number of acquisitions,
and use of high default settings. Default settings as
installed and proposed by manufacturers provide per-
fect image quality but have not been validated in
patients. These settings result almost only from phan-
tom studies where the noise is as low as possible, and
the spatial reslution as high as possible. According to
the ALARA principle, optimized CT parameters repre-
sent a compromise between image quality, diagnostic
confidence, and radiation dose. As the dose should be as
low as possible, a CT image without any artifact or noise
cannot be considered as optimized. An optimization
process should not be considered as finalized as long as
image quality appears very good or perfect. As optimized
CT parameters depend on the scanner characteristics, the
body region scanned, and the clinical condition, absolute
values applicable to any scanner and CT technique do not
exist. In this chapter, we review and illustrate the meth-
ods, pitfalls, and tricks for optimization and provide up-
to-date examples of optimized parameters for the head,
sinus, cervical spine, chest, abdomen, and lumbar spine.

2 Definition of Terms for CT
Qualifying the Dose

Terms qualifying radiation dose are not strictly
defined. As an example, the dose of a so-called “low-
dose” protocol in one CT center or one scanner could
correspond to the one of a standard dose CT in
another center or scanner. In the chest, the term low-
dose is used for qualifying the dose delivered in the

NSLT research trial (National Lung Screening Trial
Research Team 2010) whereas this dose is higher than
that routinely delivered in other radiology depart-
ments. Another confusion of this order can be seen
with the introduction of iterative reconstructions, a
denoising image reconstruction method replacing the
filtered back projection kernels (FBP). The introduc-
tion of iterative reconstructions enables to reduce the
CT dose by 30-70% (Singh et al. 2010, 2011) and this
dose tends to be called “low”. However, the reduced
dose level achieved with iterative reconstructions in
some investigations has been achieved from quite
high standard dose settings that were not previously
optimized. As a general rule outlined by Leng and Mc
Cullough (Leng et al. 2010), iterative reconstruction
should be applied on optimized doses hereafter
defined as the lowest dose providing acceptable
image quality. Because a strict definition of these
terms does not yet exist, we introduce the following
propositions.

2.1 Standard Dose

The term “standard dose’” refers to the dose usually
recommended by CT manufacturers, very similar to
the reference diagnostic levels (RDLs) defined by
surveys (Stamm, “Collective Radiation Dose from
MDCT: Critical Review of Surveys Studies” in the
present edition) and often used in routine practice but
that could be substantially reduced—to an optimized
dose level—without deleterious effect on image
quality. Table 1 lists typical CTDIvol values and
RDLs for brain, chest, abdomen scanning.

2.2 Optimized Dose

The term “optimized dose” refers to a dose that
provides adequate but not perfect image quality but
not with excessive radiation, and is the practical
application of ALARA (As Low As Reasonably
Achievable) principle. At optimized dose, noise in
images is higher than at standard dose but does not
affect subjective evaluation of image quality. Table 2
lists achievable optimized dose settings for head,
sinus, chest, abdomen, and lumbar spine. Optimized
dose levels are often close to the 25th percentile
observed in surveys (P25). These values can thus
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Table 1 Reference diagnostic levels (RDLs) for head, chest, and abdominal MDCT, representing upper limits of acceptable

practice but not optimized or ALARA practice

Body region Year Origin
Head 1999 EUR 16262
2010 Germany
2010 Switzerland
2002 Sweden
Chest 1999 EUR 16262
2008 Switzerland
2010 France
2005 UK
Abdomen 1999 EUR 16262
2002 Germany
2003 UK
2008 France
2010 Belgium

CTDlIvol (mGy) DLP (mGy cm)

60 1,050
65 950
65 1,000
75 1,200
23 650
15 450
15 475
14 580
25.0 1,100
14.6 635
153 534
17.0 800
17.1 830

Note Data are taken from EMAN European Medical ALARA Network 2011 report
Values are given for an average adult patient weighting 70-75 kg

RDLs correspond to the 75th percentile of observed dose values in survey
CTDIvol in mGy, is the computed tomography dose index volume (CTDIw/pitch)

DLP in mGy.cm is the dose-length product

reflect the actual objectives (upper limit) for optimi-
zation. The optimized—ALARA—dose level in a
particular CT department and a specific CT scanner is
not a priori known, and has to be found out by the
user who is responsible for this process (Golding
2010).

23 Low Dose

The term “low dose” should be restricted to a dose
not higher than that delivered by a set of plain films
investigating the considered clinical condition. At low
dose, image quality is lower but diagnostic accuracy
is still preserved. At low dose, noise in images is
clearly visible but does not impair the recognition of
anatomy as well as positive and negative CT signs.
Low dose should be the preferred method for scan-
ning young patients and patients with potentially
recurring disease and or pain. It has been extensively
investigated in the sinonasal cavities (Mulkens et al.
“Dose Optimization and Reduction in CT of the
Head (Brain)” in the present edition), in the chest
(Gevenois and Tack, “Dose Reduction and Optimization
in Computed Tomography of the Chest” in the present
edition) and in the abdomen (Keyzer and Tack in

“Dose Optimization and Reduction in MDCT of
the Abdomen” of present edition). DLP delivered by
low-dose protocols for these examinations are listed in
Table 2.

3 Methods for Dose Optimization

Optimization of CT dose should consider all available
CT parameters that influence the dose including
automatic exposure control (AEC) system, the tube
current time product, reconstruction algorithm or
kernel, tube potential, collimation, reconstructed slice
thickness, pitch factor, and acquisition direction.

3.1 AEC System: Principles and Pitfalls

AEC systems aim to adapt the tube current to the
absorption measured from one or from two scout
views. The technical solution differs between manu-
facturers and should be understood by the users for
appropriate optimization. AEC systems are described
in “Automatic Exposure Control in Multidetector-
Row Computed Tomography” by Kalra et al., and
possible adverse effects of centering the patient in
conjunction with bow-tie filters and AEC are described
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Table 2 Optimized and low-dose MDCT dose descriptors for head, sinus, chest, and abdomen in an average-sized adult patient

scanned ALARA

Body region Year/quality® Origin/reference CTDlIvol (mGy) DLP (mGy.cm)
Head 2006/0D Tsapaki et al. (2006) 40 520
2011/0D Mulkens et al. “Image Noise Reduction Filters” 930 400
Sinus 2010/0D Switzerland P25 10 150
2010/0D Belgium P25 5 70
Chest 2010/0D Switzerland P25 5 250
2010/0D Belgium P25 5 240
2010/0D NLST 3-5 120-180
2011/0D Singh et al. 3,5 120
2007/LD Bankier et al. (2007) 2 70
2011/LD Fig. 15 0.5 20
2010/LD/Seq O’Connor et al. (2010) NA 8-12
Abdomen 2010/0D Switzerland P25 10 350
2010/0D Luxemburg P25 7.9 352
2010/0D Allen et al. (2010) 8,7 400
2010/0D Kambadakone et al. (2010) 5.9-8.9 250-400
2009/0D Seo H et al. 6.0 240
2004/LD Keyzer et al. (2004) 3.0 100-150
2009/LD Keyzer et al. (2009) 2.0-3.0 80-150
2009/LD Platon et al. 2.1 84 + 10
Lumbar Spine 2010/0D Luxemburg P25 20 400
2010/0D Switzerland P25 15 300
2010/0D Belgium P25 NA 475
2007/0D Bohy et al. (2007) 26 400

Note For body MDCT, dose descriptors are suited for an average-sized adult patient in helical mode
# Quality refers to optimized dose (OD) as the result of ALARA and low-dose (LD) representing degraded image quality but with

preserved diagnosis

P25 25th percentile of dose values as observed in nationwide surveys

NA non available
NLST national lung screening trial research team
Seq acquisition in sequential mode

CTDlvol are given in 16 cm phantom for Head and Sinus and in 32 cm phantom for body-MDCT

in “Patient Centering in MDCT: Dose Effects” by
Kalra et al. As a general rule, AEC systems are the
most appropriate to warrant constant image quality
throughout the acquisition. They are the only ones
able to adapt the dose in the three directions (X, Y,
and/or Z directions) and to adapt the tube current to
the measured patient’s absorption that is directly
linked to his habitus. Thus, AEC systems should
always be activated, whatever the scanner protocol
and the CT machine. Basically, two concepts of AEC
exist: those that warrant constant image noise (GE
and Toshiba scanners) and express the index of image

quality as a noise index (NI), and those that warrant a
constant image quality but not constant noise
and express the index of image quality in terms
of “quality reference effective mAs” (Philips and
Siemens). Differences in AEC concepts may have
important consequences on patient’s dose, in partic-
ular in obese patients as shown in Fig. 1. This figure
shows that for a constant noise index in all patients
and the same CTDIvol in a standard patient, the dose
delivered in obese patients may be higher with AEC
systems warranting a constant noise than with those
warranting a constant “quality”. The difference in
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Fig. 1 Chart representing the relationship of dose and obesity
depending on the automatic exposure control (AEC) system
used. The strongest increase in dose is seen with AEC
warranting a constant noise (GE and Toshiba scanners),
whereas the dose increase may be moderate or reduces in
AEC tolerating more noise in obese (Siemens and Philips

dose delivered as a function of body weight or body
mass index (BMI) has been investigated by Meason
et al. (2010). They showed that the relationship
between CTDIvol and the cross-sectional area is log-
arithmic rather than linear when using AEC warranting
a constant noise. It is to note that in obese patients with
abundant fat, higher noise fat can be tolerated without
giving the impression of impaired image quality as
compared to standard patients. In order to avoid an
excessively increased dose in obese patients when
scanning the trunk, specific protocols with higher noise
index should be used on GE and Toshiba scanners.
For lumbar and cervical spine scanning however,
the amount of fat in the region of interest of the spine
does not differ significantly between standard and

scanners). For chest and abdominal CT, specific protocols for
obese using higher noise index are recommended with AEC
warranting constant noise. On the other hand, for CT scanning
of the lumbar spine, specific protocols with higher image
quality (lower noise) in obese are recommended when using
Siemens AEC system (Care-Dose 4D)

obese patients. Only thin layers of fat tissue are
present in the spinal canal. Thus, AEC systems that do
not warrant constant noise (Siemens) but tolerate
higher noise in obese do not provide sufficient image
quality in the spine of obese patients when using the
same quality reference effective mAs setting. With
these scanners, obese-specific protocols should exist
for the lumbar spine and include higher quality ref-
erence effective mAs or a higher tube potential or a
combination of both. Figure 1 shows that Siemens
AEC system (Care dose 4D) can be set up with three
different curves of dose increase as a function of
absorption on the topogram. The one used in almost
all CT units and that gives satisfactory image quality
for scanning abdomen and chest is called “average”
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Fig. 2 Brain CT performed in two consecutive acquisitions
obtained at 120 kV (64 x 0.6 mm) in a 70-year-old man with
acute stroke. Arrows show a hypoattenuated area in the left
parieto-temporal region. a shows side-by-side comparison of
representative axial slices with 3 mm thickness. The left one is
acquired at CTDIvol of 42 mGy with tube current modulation
switched on. The reference image quality index is at 280 mAs.
The mean delivered effective tube current time product is at
198 mAs. The second acquisition displayed at the right side is
obtained without tube current modulation with an effective tube

(Fig. 1). At a constant tube potential of 120 kV, this
curve does not provide adequate image quality in
obese patients for spine examinations. Two or three
others exist, the smooth and the strong ones, almost
never used. From 2011, it is possible to choose one
specific curve for each body region to be scanned. We
have thus tested the strong curve for lumbar spine at
120 kV, in addition to the iterative reconstruction
technique. Examinations in obese performed earlier at
140 kV and with CTDIvol at 80 are now obtained at
120 kV and CTDIvol at approximately 50 mGY.

3.2 Practical Application of Optimization
Using AEC
3.2.1 Step by Step Reductions

The easiest way to optimize CT dose is to lower the
tube current time product step by step by modifying
the AEC index of image quality, i.e. by increasing the
noise index with GE and Toshiba scanners or by
decreasing the Quality Reference mAs with Siemens
and Philips scanners. This was recently achieved
in a university department for CT of the brain. The
initial settings were 120 kV, 400 mAs effective

CTDhvol

mAs [ ref.

current time product at 300 mA and the corresponding
CTDIvol value is at 63 mGy. a displays the corresponding
side-by-side comparison in coronal orientation at the level of
the hypoattenuated region. Dose report is displayed at the
bottom of the figure. Images obtained at 63 mGy (displayed on
the right are reconstructed with Kernel H30, whereas those
obtained at 42 mGy are reconstructed with a slightly smoother
algorithm H20. Note: Tube current modulation is only active in
the Z-axis for brain CT with Philips and Siemens scanners

(quality reference mAs), corresponding to a CTDIvol
of 63 mGy. The quality reference mAs were then
reduced stepwise by means of 10 mAs once a week.
Radiologists were asked to give their feedback on all
possible problems related to image quality. After
14 weeks, the quality index was at 260 mAs, corre-
sponding to a CTDIvol of 42 mGy, and image quality
was still considered as acceptable. The next week,
further 10 mAs reduction was no more accepted as
image quality deterioration began to stimulate the
debate on acceptable or unacceptable noise in images.
It is to note that during such a process, the recon-
struction algorithm (Kernel) should also be adapted
with preference to a smoother one—see hereafter.

3.2.2 Side-by-Side Comparisons of Standard
and Optimized Scans

Knowing the approximate dose level of an optimized

acquisition, a rapid and immediate way to optimize

standard CT is to compare the standard and the

optimized acquisitions for the same patient. Numer-

ous solutions exist for this process:

e Scanning the patient twice with identical
settings unless the CTDIvol, set at standard level
for one acquisition and at optimized level
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Fig. 3 Two consecutive brain CT examinations with 3
months’ interval (the first one is displayed on the right) in a
42-year-old man who had a motor vehicle accident. Acquisi-
tions were obtained at 120 kV and with a collimation of
16 x 0,6 mm. The right one was obtained with fixed tube
current at 450 effective mAs and resulted in a CTDIvol of
61 mGy. The left one (a control scan 3 months after the injury)
was obtained with tube current modulation, reference quality
image setting at 380 mAs, and mean effective tube current time

(typically standard minus 40%, range —30 to
—50%) for the other acquisition. An example for a
CT of the head is shown in Fig. 2.

e Using a scan from the archives as reference stan-
dard and scanning the patient once with optimized
parameters.—An example for a CT of the head is
shown in Fig. 3.

e If a multiphase examination of the liver is clinically
indicated, using standard parameters for portal
phase, and optimized ones for unenhanced and/or
arterial phase.

3.2.3 Tube Current-Time Product

The radiation dose is proportional to the tube current

time product. Thus, optimization by means of

reduction of mAs seems the easiest way to go.

However, as tube current time product is best adapted

to the patients’ absorption by enabling the AEC sys-

tem, direct modifications of the tube current time
product for dose optimization is not recommended for

CT dose optimization. This however needs two

comments for possible exceptions:

e With GE and Toshiba scanners, it is mandatory to
set appropriate upper and lower values of tube
current time products (mAs) as limits for the AEC
system. The lowest limit intends to warrant a

product of 312 mAs resulting in a CTDIvol reduced at
42 mGy. a, b show axial and coronal representative images.
An arachnoid cyst is seen in the left temporal region. Images
obtained at 61 mGy (displayed on the right are reconstructed
with Kernel H30, whereas those obtained at 42 mGy are
reconstructed with a slightly smoother algorithm H20. Note:
Tube current modulation is only active in the Z-axis for brain
CT with Philips and Siemens scanners

minimal image quality in very small patients. The
highest value intends to avoid radiation dose excess
in obese patients. The AEC system modulates the
tube current within these two limits. If the mAs gap
between these limits is too small, the tube current
will either be at the upper limit in large patients or
at the lower limit in small patients. In both situa-
tions, AEC is practically disabled and tube current
modulation in X-Y-Z axes will not occur even
with an AEC function switched “ON”. Before each
acquisition, the AEC system enables to check the
mAs table displaying the mAs per slice along the Z
axis. A table with constant mAs values indicates
inadequate mAs limits. In our experience of clinical
audit in CT dose optimization (Tack et al. 2011),
CT protocols as installed by the manufacturer often
suffer from a narrowed mAs window. If the mAs
table shows constant mAs values for a given mean
CTDIvol, the mA window should be widened, and
the NI adjusted to maintain the CTDIvol at a sim-
ilar value.

e With Siemens and Philips scanners, the image
quality index is expressed in “quality reference
effective mAs” or in effective mAs. This is a source
of huge confusion among users who are not aware
of the design of the AEC system.
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Fig. 4 Optimized Brain CT acquisition obtained with
40 x 0.6 collimation, 140 kV, activated tube current modula-
tion (in Z-axis), image quality reference mAs at 170. The

3.2.4 Reconstruction Algorithm or Kernel
The historical kernels provided by manufacturers are
based on filter back projection technique (FBP).
Recently, iterative reconstruction algorithms have
been introduced in CT (they were used since the
eighties for scintigram reconstructions. Iterative
reconstruction is now proposed by all manufacturers
as options for improving CT reconstructions. The
variety of FBP kernels available to CT users differs
between manufacturers and cannot be easily com-
pared. Typically, each manufacturer provides three or
more FBP algorithms called soft, standard, and high-
resolution (or bone). The noise represented by the
standard deviation of Hounsfield units (HU) within a
region of interest (ROI) and the spatial resolution
increase from soft to Hi-Res. Siemens scanners offer a
larger variety of algorithms, typically eight or nine,
numbered B10 to B90 for the body and H10 to H 90
for the head. As a general rule, the noise linked to
high-resolution algorithms is very similar to the noise
resulting from reductions in tube current time product.
Most importantly, default algorithms for soft tissues
are often the “standard” ones, generating more noise
than the soft algorithms but without significant
increase in spatial resolution for slices of 3 mm
thickness or less.

The optimization process must thus consider the
appropriate reconstruction algorithm. Typically, in an
average patient weighting 75 kg, a mediastinum
scanned at 9 mGy and reconstructed with standard
algorithm (Siemens B30 or B40) could be scanned at

resulting delivered tube current time product is at 114 effective
mAs and the CTDlIvol is at 30 mGy. a shows axial and coronal
slices with dose report and (b) shows a sagittal reformat

5 mGy and reconstructed with a soft algorithm
(Siemens B10 or B20) and produce very similar
images. A comparison between two acquisitions with
optimized dose and reconstruction algorithm is shown
in Figs. 2, 3 and 4 for the brain.

3.2.5 The Tube Potential

The influence of the tube potential on the radiation
dose is very important as the dose varies as a function
of the 2.5-2.8 power of the tube potential. Optimi-
zation through tube potential reductions may thus
provide substantial dose savings. However, as the
relationship between tube potential and image quality
is complex and not linear, and as the available tube
potential settings are restricted to few predefined
values (typically 80, 100, 120, and 140 kV), optimi-
zation rarely includes modifications in tube potential.
The only currently widely admitted recommendation
of tube potential reduction from 120 to 100 or 80 kV
is CT angiography (Sigal-Cinqualbre et al. 2004,
Schueller-Weidekamm et al. 2006, Szucs-Farkas et al.
2009a). Table 1 lists a series of CT protocols and
their corresponding tube potentials. Default tube
potential is often set at 120 kV. At lower tube
potentials of 100 or 80 kV, the absorption of iodine is
much higher than that obtained at 120 kV. A tube
potential at 100 kV can be used for CT angiography
in patients with body weight up to 100 kg (Schindera
et al. 2009, Szucs-Farkas et al. 2009b), and for routine
CT of the head in children up to 10 years of age, and
for routine enhanced abdominal CT in patients with
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abdominal diameter up to 35 cm and body weights
lower than 80 kg (Guimardes et al. 2010). A tube
potential as high as 140 kV has been routinely used
for scanning chest or abdomen in adults and in chil-
dren because image quality gave satisfaction and
“lower” tube currents could be used, with the direct
economical advantage of saving tube’s life (Tack and
Gevenois 2009, Jaffe 2009). If Tube potential as high
as 140 kV is preferred, the tube current should be
dramatically decreased as shown hereafter for chest
and abdomen MDCT. For iodine enhanced examina-
tions, 140 kV does not represent optimized or best
possible practice as lower tube potential takes the
advantage of high iodine absorption.

3.2.6 The Collimation and Reconstructed
Slice Thickness

The “scan thin—read thick” principle consists in using
thin collimations at acquisition, reconstruct thin CT
slices (ideally slightly thickened and use multiplanar
reformations in order to eliminate the noise on such
near-isotropic data sets (EMAN 2011). The principle
is that noise in thin section volumetric data sets can be
reduced or eliminated electronically by multiplanar
reformations (MPR), maximum intensity projection
(MIP), and volume rendering techniques (VRT). This
principle has widespread applications in CT protocols
since it retains spatial resolution within the imaging
plane while reducing noise by increasing the thick-
ness of the reconstructed image. The “scan thin—read
thick” principle avoids to increase the radiation dose
because of thin sections.

The thickness of the original thin sections has to be
adapted to the required spatial resolution in z-direc-
tion. In general, higher resolution (i.e. a minimum
section collimation) is used for skeletal structures or
the chest, while a slightly lower resolution (2x mini-
mum collimation) is acceptable for the abdomen. This
is important because dose efficiency of many scanners
(<64-slice) is higher for the slightly wider collimation
(EMAN 2011).

The thinnest possible collimation at acquisition
often preferred with MDCT scanners is 0.6 or
0.625 mm (0.5 mm with Toshiba scanners). This is
appropriate for most CT protocols and in particular
for those from which thin sections are needed as in
the chest for bone examinations. A valuable alter-
native for abdominal CT is to use a 1.20 (Siemens)
or 125 mm (GE) -collimation by electronical

sampling to pairs of adjacent detector rows. With
unchanged remaining parameters, the 1.2 and the
1.25 collimations save 12% of the CTDIvol as
compared respectively to the 0.6 and 0.625 mm
collimations.

Once the collimation is chosen, the slice thickness
of the first reconstructed series has a marginal influ-
ence on the dose-length product because of over-
ranging effect of helical scanning (less than 1%).

3.2.7 The Pitch Factor

A modification of the table feed by rotation and of the
pitch factor has no direct influence on the dose on
Siemens and Philips scanners because while the table
feed is doubled, the CT automatically doubles the
tube current and keeps the effective mAs and CTDI-
vol constant.

With GE and Toshiba scanners, a modification of
the table feed by rotation or of the pitch factor has a
direct and proportional effect on the dose. Doubling
the pitch factor reduces the dose (CTDIvol) values by
the same factor of 2. Increasing the table feed by
rotation is not the easiest way to optimize the dose. As
a general rule, the pitch factor should be appropriate
to the clinical conditions in order to avoid apnea of
more than 15-20s and to follow the iodine
enhancements along the investigated vessels (aorta,
carotid arteries, run off). The pitch factor proposed by
the vendor is usually set at an appropriate level with
64 or more detector-row scanners.

3.2.8 The Acquisition Direction

The acquisition direction has almost no effect on the
radiation dose. However, because of the design of
AEC systems with online tube current modulation
(Care-Dose 4D—Siemens) and of their 180° latency
for adapting the bub current to the measured absorp-
tion, scanning the cervical spine in cephalo-caudal
direction will result in a lower dose but higher arti-
facts as compared to the cuado-cranial direction that
should be preferred.

33 Recommendations in Optimization

Process

e Do not use the reference Diagnostic Levels (RDLs)
from surveys as reference for dose optimization.
These values listed in Table 1 are typically
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Table 3 CT parameters and dose descriptors in optimized and low-dose MDCT of the abdomen as a function of body weight

Optimized MDCT of the Abdomen in Adult Patients

Patient’s Weight (Kg) Tube potential (KV) Example CTDIvol (mGy) DLP (mGy.cm)
>120 140 Fig. 16 12.0-15.0 600-1000
100-120 120-140 NA 8.0-12.0 400-600
80-100 120-140 Figs. 17, 26 4.0-8.0 300400
60-80 100-120 Figs. 18, 28 3.0-4.0 200-300

Low-dose MDCT of the abdomen in adult patients

Patient’s weight (Kg) Tube potential (KV) Example CTDIvol (mGy) DLP (mGy.cm)
>120 140 Fig. 19 6.0-10.0 300-500
100-120 120-140 Fig. 20 3.5-6.0 120-300
80-100 120-140 Fig. 21 2.0-4.0 150-200
60-80 100-120 Fig. 22 1.5-3.0 100-150

Low-dose MDCT of the abdomen in small adults and in children

Patient’s weight (Kg) Tube potential (KV) Example CTDIvol (mGy) DLP (mGy.cm)
40-60 100 Figs. 23, 24 1.5- 3.0 50-100
<40 80 Fig. 25 1.0-2.0 25-50

Note AEC current modulation should always be activated

The choice of the tube potential is dependent on the use of iodine contrast and on the body weight

Low-Dose protocols suppose accepted higher noise levels as compared to routine optimized MDCT acquisitions

In adults, DLP values are given for an optimized acquisition length of 30 cm, set from the top of the kidneys to the superior aspect
of the symphysis pubis

In children, acquisition length is 25 cm in those weighting <40 kg and 30 cm in all others

These protocols can be applied on most MDCT scanners

Using newly developed scanners (GE HD750, Siemens Definition, and Philips ICT) and using iterative reconstruction algorithms,
noise can be reduced, enabling further significant dose reductions by 30-50%

standard dose settings and should rather be con-
sidered as the upper limits of acceptable practice, in
other words, the limit of radiation malpractice.

e As objective for optimization refer to Table 2
and in particular to the 25th percentile of
surveys. With a modern scanner, the first per-
centile observed in surveys is the adequate
objective. As stated by Georg Stamm in
“Software for Calculating Dose and Risk”, the
first percentile of surveys could be considered as
the achievable objective with the newest scanners
and software.

e For imaging young patients with benign disorders,
such as acute appendicitis with low-dose MDCT,
refer to low-dose values in Table 3.

e Read the dose reports generated by the CT scanner
for each examination you interpret to become
familiar with the CTDIvol and DLP values,

e Take the appropriate time necessary for
optimization

Keep the AEC switched on unless for sequential
mode with large x-ray beam of 16 cm (Acquilion
One-Toshiba).

Select a standard-sized patient for starting optimi-
zation (1 m70 and 70-75 kg),

Select an appropriate kV setting depending on the
patient’s diameter (see above).

Check mAs that limit AEC: on GE and Toshiba
scanners, make sure that the mA window is widely
opened enabling tube current to be significantly
reduced in small individuals and increased in
obese. For this purpose, reduce the lowest possible
mAs limit to 20, and increase the upper limits of the
scanner generator. Before acquisition, check the
mAs table in order to make sure that the AEC
system is acting in varying the mAs from slice to
slice. Adapt the index of image quality stepwise
while decreasing the CTDIvol displayed on the CT
screen. This index of image quality corresponds to
the noise index with GE and Toshiba scanners, to
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Fig. 5 Optimized Brain CT acquisition in a 8-year-old boy
with 100 kV, activated AEC and image quality set at 300 mAs.
The resultant tube current time product is at 237 effective mAs

and the CTDIvol at 20 mGy. a, b show representative axial and
coronal views with dose report, and (c¢) shows sagittal reformat.
Slice thickness is at 3 mm

Fig. 6 Side-by-side comparison of axial (a), coronal (b), and
sagittal (c¢) reformats on the sinonasal cavities in a 34-year-old
woman. The left-sided images were obtained in 2011 with a
scanner of the latest MDCT generation (Siemens Definition AS
series) and delivered a CTDIvol of 3.27 mGy and a DLP of

Fig. 7 Axial 3 mm slices at
the level of lung bases
obtained in two male patients
weighting 85 kg, similar chest
wall thickness and 33 cm in
lateral chest diameter.

Figure 3a was reconstructed
from a non-optimized CT
acquired with a CTDIvol at
28.3 mGy. Figure 3b was
reconstructed from an
optimized CT acquired with a
CTDlvol a 7.7 mGy. Image
noise was 11UH in Fig. 3a
and 15 UH in Fig. 3b

y =

FE[2]
HELICAL_CT

CTDIvoI=28,30 mGy &

Total mAs Exposure Time CTDIvol o

28.30(Body)  832.00(Body)

40 mGy.cm. The right-sided images were obtained 3 months
earlier in 2010 on a 16-slice scanner (Siemens Emotion 16)
through an acquisition delivering a CTDIvol of 6.75 mGy and
a DLP of 66 mGy.cm

mAs | ref. CTDWol

100 ¢ B8O
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Image Quality Index = 90

Image Quality Index = 60

Fig. 8 Side-by-side comparisons of unenhanced CT scans
obtained in a 70-year-old underweight male patient with stage
IV colon cancer and a BMI at 21 kg/mz. The only modified
parameter is the image quality index of the tube current
modulation system. The first acquisition is performed with an
index at 90 mAs (standard dose), whereas the second is
obtained with the index set at 60 mAs (optimized dose), and a

leage Quality Index = 90

Image Quality Index =90 | Image Quality Index = 60

Fig. 9 Side-by-side comparisons of unenhanced CT scans
obtained in a 60-year-old obese woman with stage IV breast
cancer and a BMI at 32 kg/m?. As in Fig. 8, the only modified
parameter is the image quality index of the tube current
modulation system. The first acquisition is performed with an
index at 90 mAs (a, standard dose) whereas the second is

the “quality reference eff. mAs” with Siemens
scanners, and to the eff. mAs with Philips scanners.
e Choose a slice thickness value slightly higher than
the detector’s nominal thickness, typically 1.5 mm

CTDlvo

4.44 164 0
2.80 108 0

dose reduced by one-third. a shows axial views in mediastinal
window with comparable and acceptable image quality and
(b) shows coronal slices in pulmonary window. Both normal
and abnormal findings are equally seen on standard and
optimized dose images. Note that the dose in this underweight
patient is half the value of that delivered in the obese patient
shown in Fig. 9

Image Quality Index = 60 b

obtained with the index set at 60 mAs (b, optimized dose), the
dose being reduced by one-third. Image quality is comparable
and acceptable at optimized dose. Note that the mean tube
current time product has been automatically increased by 50%
by AEC system for both acquisitions as compared to the default
settings

for abdominal MDCT when acquired with 0.5, 0.6, or
0.625 mm. (“Scan thin, view thick”—see above),

e Use smoother reconstruction algorithms if possible
unless for high-resolution data sets. Typically, with
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a Siemens scanner, use B10 or B20 preferably to
B30 or B40.

e Compare with previous acquisitions in the same
patient.

e Discuss with your colleagues. If satisfied, process
to a further optimization in the next standard-sized
patient. If not satisfied, check parameters such as
collimation and reconstruction thickness, and
increase the dose by 10%. If this dose level is much
higher than those displayed in Table 3 and Figs. 2,
3,4,5,6,7,8,9,10, 11, 12, 13, 14, 15, 16, 17, 18,
19, 20, 21, 22, 23, 24, 25, 26, 27, 28, 29 and 30,
contact your manufacturer for further support.

e In children, lower the KV settings to 100 if
patient’s weight ranges from 40 to 80 kg and down
to 80 kV if weight is lower than 40 kg. Tube cur-
rent time products may remain almost unchanged
or slightly increased when lowering tube potential.

4 Examples of Optimized Parameters
for CT Scanning

The purpose of this section is to illustrate standard
and optimized CT images for the most frequent CT
examinations.

4.1 CT of the Head

As shown in “Image Quality in CT: Challenges and
Perspectives” by Georg Stamm in the present edition,
reference diagnostic levels (RDL) expressed in
CTDlvol for brain CT are usually around 60 mGy.
Surveys show that the 25th percentile for brain CT is
approximately at 50 mGy.cm. A CTDI at 40 mGy has
been found to be the reasonable limit for optimized
MDCT of the first and second generation (Tsapaki
et al. 2006). The lowest CTDIvol observed in surveys
for head CT in adults are approximately at 30 mGy.
Examples of brain CT at 60, 40, and 30 mGy are
given in Figs. 2, 3 and 4. An example of an optimized
acquisition in an 8-year-old boy is shown in Fig. 5.
As a general rule, AEC should be activated for brain
CT. It may save at least 15% of the dose event if
active in the Z direction only as for GE, Siemens, and
Philips scanners. In adult patients, the tube potential
may be set at 120 or 140 kV as in Fig. 4. In pediatric
patients (below 12 years of age), 100 kV should be

preferred as shown in the “Dose Optimization
and Reduction in CT of Children” by P. Vock et al.
Figures 2, 3, 4 and 5 refer to helical acquisitions.
We show an acquisition with CTDIvol at 20 mGy in
an §8-year-old boy in Fig. 5. In some departments,
the sequential mode is preferred to the helical one.
It offers the possibility to tilt the gantry while scan-
ning, whereas tilting may not be possible with helical
scans as with Philips, Toshiba, and Siemens scanners.
Tilting the gantry has two advantages. First, it may
reduce the scan height that is often higher than 15 cm
without gantry tilt and can be reduced to 12 cm when
tilting. Second, tilting enables to reduce the direct
exposure to eye lens.

4.2 CT of Sinonasal Cavities

The natural contrast between structures within sino-
nasal cavities enables to use very low-dose settings as
detailed by Tom Mulkens et al. in “Image Noise
Reduction Filters” of the present edition. CTDIvol
values (with head CTDI phantom—16 cm in diame-
ter) may range between 4 and 8 mGy. Newest scanner
generation and in particular the sequential mode
of the 320 detector-row scanner enables further
reductions while maintaining image quality at an
acceptable level. A side-by-side comparison of a CT
of the sinonasal cavities in the same patient with
3 months’ interval is shown in Fig. 6 and illustrates
the difference between the 16 slice scanner generation
and the latest 128-slice scanner.

4.3 CT of the Chest

The chest is the body region with the highest risk and
because it contains the most radio-sentitive organs
such as the breast (Hricak et al. 2011; Deak et al.
2010; Huda et al. 2011). The high natural contrast
between structures (air in the lungs and fat in the
mediastinum) enables to reduce the dose by a factor
of 4-10 while maintaining image quality at an
acceptable level. Typically, a CTDIvol of 3.5 mGy in
a standard patient weighting 70 kg is achievable
without iterative reconstruction (Singh et al. 2011).
Standard settings as installed by manufacturers are
almost never optimized as shown in Fig. 7 that
compared images of similar quality obtained with
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2011: 140 KV - 38 mAs 2010: 120 KV - 80 mAs

2011: 140 KV - 38 mAs 2010: 120 KV - 80 mAs

Fig. 10 Consecutive chest CT examinations in the same
patient with stable body weight of 65 kg obtained in 2010
and in 2011. A pulmonary lesion has appeared in 2011 in the
left upper lobe. The 2010 acquisition was obtained with 120 kV
and 80 mAs, whereas the second CT was obtained at 140 kV

CTPA parameters: 80 KV — 120 mAs e
Patient Dose: CTDIvol=1.14 mGy DLP=39 mGy.cm
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Fig. 11 CTPA examination in a patient weighting 55 kg
obtained at 80 kV. The CTDIvol of this acquisition is at
1.14 mGy and the DLP of the entire examination is
39 mGy.cm. Npte that the vessel enhancement is perfect

b 2011: 140

0KV - 80 mAs

Total DLP 162

¢ mas [ el (=)

55 1 80 424

2010: 120 KV - 80 mAs

and 38 mAs default setting. The CTDIvol was reduced from
4.24 to 2.36 mGy (—45%). Image quality is very similar
between both acquisitions as shown in mediastinal window in
(a), and in pulmonary window in coronal (b), in axial (¢), and in
sagittal views (d)

CTDIvol at 28 mGy non optimized) and at 7.7 mGy
(optimized) in an 85 kg patient.

4.3.1 Tube Current Time Product and Noise
Index Selection

Optimization of chest CT can be performed while
comparing CT acquisition with different dose settings.
Because AEC may have different effects in under-
weight and in obese patients, optimized settings have to
be tested in patients with very different body weights
and body mass index (BMI) as shown in Figs. 8 in an
underweight patient, and in Fig. 9 in an obese patient.
The dose in the obese patient shown in Fig. 9 is twice as
high as that delivered to the patient displayed in Fig. 8.
This AEC-dependent dose increase is reasonable and is
not based on a constant noise.
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Fig. 12 CTPA examination in a patient weighting 60 kg
obtained at 100 kV. The CTDIvol of this examination is at
2.07 mGy and the DLP is 56 mGy.cm. A pulmonary embolus is
seen in the left upper lobe (arrow)

4.3.2 Tube Potential Selection
e Unenhanced chest CT. High tube potential selec-
tion at 140 kV, in association with lowered tube
currents can be recommended for unenhanced chest
CT, whereas low tube potentials at 100 or at 80 kV
are recommended (Sigal-Cinqualbre et al. 2004,
Schueller-Weidekamm et al. 2006) for CT angi-
ography. A comparison of consecutive acquisitions
with 6 months’ interval in the same patient is
shown in Fig. 10. The first CT examination was
acquired in 2010 at 120 kV and a quality reference
mAs of 80. The second CT examination was
acquired in 2011 at 140 kV and a quality reference
mAs of 38 mAs. Patient’s weight was stable at
65 kg between the two examinations. According to
CT Expo software, a simultaneous change in KV
from 120 to 140 and in mAs from 80 to 38 should
result in a CTDIvol reduction from 5.4 to 3.8 mGy
(=30%). In the patient shown in Fig. 10, the dose
reduction was 45%. In a local survey on chest CT
dose, the average DLP per examination using
140 kV and 38 mAs was 120 mGy.cm in 50 con-
secutive patients including obese, and a dose
reduction by 45% was observed as compared to the
120 kV and 80 mAs settings used the year before.
It is to note that high tube potential strategy for
unenhanced chest CT is not dependent on the

mAs 1 ref.

41 mA
20

no

ﬂﬂnal 155 71100

Fig. 13 CTPA examination in a patient weighting 115 kg
obtained at 120 kV. The CTDIvol of this acquisition is at
10.5 mGy and the DLP at 394 mGy.cm. The vessel enhance-
ment is not excellent, probably because of tube potential at
120 kV. A pulmonary embolism is seen in right upper lobe
(arrow). Note that this obese patient was exposed to a DLP that
does not exceed the reference levels

manufacturer and has been successfully tested
during optimization processes on GE, Philips, and
Siemens scanners at 140 kV and with Toshiba
scanners at 135 kV, on patients with various BMI
ranging from obese to underweight.

e CT pulmonary angiography (CTPA) requires the use
of low tube potential at 100 or at 80 kV. The 120 kV
setting is only recommended for CT angiography in
obese patients. An example of a CTPA examination
obtained at 80 kV in a patient weighting 60 kg is
shown in Fig. 1. An acquisition with 100 kV
obtained in a 62-year-old woman with spondylar-
thritis and acute pulmonary embolism is shown in
Fig. 12. As previously demonstrated in the literature
(Schueller-Weidekamm 2006) the vessel enhance-
ment is significantly higher while using low KV
settings. Unfortunately, their use is not often possible
as patients who undergo CTPA are frequently obese
because obesity is one of the risk factors for this
disease (Tang et al. 2011). An example of CTPA at
120 kV obtained in an obese patient weighting
115 kg is shown in Fig. 13.

e Low-Dose unenhanced Chest CT. As shown in
“Hardware Developments for Radiation Dose
Reduction ” of the present edition, CT scanning
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Fig. 14 Low-Dose chest CT examination acquisition obtained
in a 23-year-old teacher with suspected tuberculosis. Tube
potential is at 140 kV, mean effective tube current time product
is 9 mAs, and the CTDIvol is 0.97 mGy. DLP is at 33 mGy.cm.
Three millimeter slices are reconstructed with iterative

Total mAs 183  Total DLP 18

Scan

it Position H-SP

Fig. 15 Low-Dose chest CT examination obtained in a patient
weighting 65 kg with the same parameters as in Fig. 14 but
with a mean effective tube current time product of 5 mAs.
The CTDIvol is of 0.57 mGy and the DLP of 18 mGy.cm.

of the lung parenchyma and of the mediastinum
can be performed with so-called low-dose settings.
Although the presented dose levels in Figs. 8, 9,
10, 11, 12 and 13 are not high, we do not name
their radiation dose level as low because the image
quality is still good. We prefer naming the dose
level of 3-4 mGy for CTDIvol as optimized and
call “low-dose” the settings associated with a low

c5L
mm

sition H-SP

algorithm (IRIS—Siemens Healthcare Forchheim—Germany;
Kernel are 126 for the mediastinum and I50 for the lungs).
a shows scout view, mediastinal axil slice and coronal
pulmonary reformat. b shows sagittal and axial pulmonary
windows and an infiltrate in the right middle lobe

tion H-SF

100 41 mA
140 §1 8

A tracheobronchial diverticulosis can be seen in (a) in coronal
and sagittal 3 mm slices and in (b) in virtual bronchography
VRT reformats

image quality characterized by noise. This image
quality is reduced but it is still accurate for diag-
nosis. A low-dose acquisition can be obtained with
a tube current time product divided by 3-6 as
compared to the optimized one. This noise has to
be reduced by any available solution, and in par-
ticular by ilterative reconstruction algorithms. An
example is shown in Fig. 14 in an obese patient
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Fig. 16 Optimized dose MDCT in an obese patient weighting
135 kg, with acute appendicitis. Tube potential at 140 kV is
used. Dose-length product is as high as 747 mGy.cm.

Transverse abdominal diameters are of 37 (P-A) and 43
(lateral) cm. Arrows in (a) (axial plane) and 16B (coronal

plane) show enlarged appendix and fat stranding

Fig. 17 Optimized dose MDCT in a 28-year-old woman
weighting 78 kg and with right lower quadrant pain. a shows
standard deviation of UH measurements within a ROI placed in
psoas muscle, representing image noise and corresponding to
16 UH. b shows the frontal scout view with measurement of

and resulted in a DLP of 33 mGy.cm. In a standard
patient undergoing low-dose chest CT, the DLP is
around 20 mGy.cm. Low-dose chest CT delivers a
dose that is in the range of a two-views chest
radiograph (Fig. 15).

patient’s lateral diameter that is of 35 cm. In this figure, the
coronal MRP shows a right colon thickening indicating colitis.
Dose descriptors are the following: CTDIvol = 5.83 mGy and
DLP = 276 mGy.cm

4.4  CT of the Abdomen and Pelvis

The collective dose from abdominal CT examinations
is the highest of all CT examinations because both the
number of CTs performed on the abdomen and the
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35 mA
62 /120

Fig. 18 Tube potential optimization: advantage of using
100 kV in a patient weighting <80 kg. Two consecutive
optimized dose abdominal MDCT examinations in portal
venous phase are obtained in a 36-year-old patient with stable
weight of 67 kg, for follow-up of acute pancreatitis with
pseudocyst of the pancreatic head. Left coronal image is

fref.

Fig. 19 Low-Dose unenhanced MDCT of the abdomen in an
extremely obese 22-year-old woman with right iliac fossa pain.
Tube potential is at 140 kV and reference image quality index
is set at 30 mAs. The mean delivered effective tube current

CTDlvol
mGy mG

acquired at 120 kV and follow-up CT displayed right coronal
image is acquired at 100 kV. CTDIvol has been reduced from
423 to 2.46 and the DLP has been reduced from 194 to
101 mGy.cm, whereas image quality is preserved. Note that
index of image quality that is set at 120 has not been modified
between the two examinations

time product is increased to 57 mAs. The CDTIvol is at 5,88,
whereas the DLP is at 289 mGy.cm. a shows image quality
(noise in fat is at 16 UH) and extreme obesity shape. b Arrows
show normal appendix
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Fig. 20 Low-Dose unenhanced MDCT of the abdomen in an
obese 21-year-old man weighting 105 kg with suspected acute
appendicitis. Tube potential is at 140 kV and reference image
quality index is set at 20 mAs. The mean delivered effective
tube current time product is increased to 35 mAs by the AEC
system. The CDTlIvol is at 3.66 mGy, whereas the DLP is at

g
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§
i#d

131 mGy.cm. Normal aerated appendix and absence of fat
stranding can be seen in axial (a), coronal and sagittal
reconstructions (b). Note that the acquisition height has been
limited to the kidneys and contributes to obtain a very low DLP
as compared to that expected in patients weighting 105 kg

Fig. 21 Low-Dose unenhanced MDCT of the abdomen in a
21-year-old man weighting 90 kg and 1m78 tall, with suspected
acute left renal colic. Tube potential is at 140 kV and reference
image quality index is set at 30 mAs. The mean delivered
effective tube current time product is increased to 32 mAs by

radiosensitivity of abdominal organs are high. Among
all abdominal CTs performed, pain is the most fre-
quent clinical context and can happen in old but also
in young patients. Approximately half of the CT
performed on the abdomen is obtained in patients
aged less than 50 years (Hricak et al. 2011). For all
these reasons, it is of utmost importance to optimize

the AEC system. The CDTIvol is at 3.37 mGy, whereas the
DLP is at 127 mGy.cm. A 2 mm large calcification is seen in
the distal left ureter. This stone was later endoscopically
retrieved

and further minimize the CT dose on the abdomen.
Particular attention has to be paid to patient’s diam-
eter of weight, and in particular to obese patients.
As explained above, obese patients should be
scanned with specific protocols tolerating higher
noise levels as standard patients in order to avoid dose
excess from AEC systems warranting constant noise.
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Fig. 22 Low-Dose iodine enhanced MDCT of the upper
abdomen performed in order to confirm acute left pyelonephri-
tis in a 22-year-old woman. Tube potential is at 110 kV and
reference image quality index is set at 60 mAs. This preset is
reduced to 28 mAs effective by the AEC system. The resulting
CTDIvol is at 2 mGy. Because the pelvis was not included in
the scan range, DLP is at 42 mGy.cm only

Benchmarkings obtained from surveys can help in
finding reference values for upper limits of inac-
ceptable practice—shown in Table 1, and levels of
optimized dose for abdominal CT shown in Table 2.
The CT Parameters and dose descriptors in optimized
and low-dose CT of the abdomen as a function of
body weight are listed in Table 3 and illustrated in
Figs. 16, 17, 18, 19, 20, 21, 22, 23, 24 and 25.

For unenhanced CT, the tube potential may be as
high as 140 kV, but with low tube current time
product (typically 60 efffective mAs in an 80 kg
patient).

For enhanced CT, the tube potential should be at
120 kV if the body weight is higher than 80 kg in
men and 70 kg in women, and at 100 kV in men
weighting less than 80 kg and women weighting less
than 70 kg.

Optimizing abdominal CT is often perceived as
dangerous for the accuracy of the technique. Com-
parisons of different dose levels are thus necessary to
be reassured and convinced of the potential for dose
reduction. Examples of comparisons are shown in
Figs. 26, 27 and 28.

With optimized parameters as displayed in
this section on abdominal CT, the mean DLP per
acquisition on 50 consecutive patients undergoing

abdomino-pelvic CT is lower than 300 mGy cm, a
dose lower than one half of the RDL.

4.5 CT of the Lumbar Spine

Optimizing the lumbar spine CT acquisitions is par-
ticularly difficult for various reasons. First, obesity is
one of the main risk factors for low back pain. Sec-
ond, the increased fat component in abdominal CT
slices of obese patients enabling to tolerate higher
noise is not present in the spinal canal. Thus, one
cannot tolerate similar noise in lumbar spine imaging
in obese as compared to abdominal imaging. Third,
there is a trend to increase the acquisition height with
MDCT in order to produce similar heights as for MRI.
In some EU countries in which this trend is signifi-
cant, the DLP for lumbar spine have at least doubled
with MDCT as compared to single detector CT.
Nevertheless, an investigation on tube current reduc-
tions on lumbar spine CT using noise simulating
technique (Bohy et al. 2007) suggests that a mAs
reduction by 35-50% is feasible. Interestingly, this
study also confirms that the dose reduction has lower
impact on image interpretation as compared to inter-
observer variability. This means that observers have
to train and work together, not only for reproducible
diagnoses but also for image quality acceptability.
Figures 29 and 30 show examples of side-by-side
comparisons of standard and optimized dose MDCT
of the lumbar spine. Finally, the potential role of
iterative reconstructions enabling to reduce the noise
in lower dose MDCT of the spine is illustrated in
Fig. 31.

5 Acquisition Height and Multiphasic
Examinations

It is usually accepted that both the number of phases
and the acquisition heights are too high in routine
practice.

5.1 Number of Phases and Acquisition

Height in Head CT

A very interesting study published in 1998 investi-
gated the need for enhanced head CT after negative
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Fig. 23 Iodine enhanced abdominal MDCT in a 12-year-old
boy weighting 45 kg complaining of right iliac fossa pain. No
sign of appendicitis was found by CT. Tube potential is at
100 kV and reference image quality index is set at 120 mAs.

unenhanced acquisition (Demaerel et al. 1998). The
aim of this study was to define guidelines for intra-
venous contrast administration in cranial CT, as there
were no recent guidelines based on a large series of
patients. In 1,900 consecutive patients (1,480 adults
and 420 children) pre- and post-contrast scan was
analyzed in order to assess the contribution of contrast
enhancement to the diagnosis. The findings were
grouped according to whether abnormalities were
seen on the pre- and/or post-contrast scan, or whether
no abnormalities were seen at all. Sensitivity, speci-
ficity, positive predictive value, negative predictive
value, and accuracy of a pre-contrast scan were used
to determine validity. Results showed that intravenous
contrast enhancement only contributes to the diag-
nosis if a suspicious abnormality is seen on the un-
enhanced scan or in the appropriate clinical setting
(rule out metastases and pre-operative of carotid
artery surgery—33.6% of the indications in this ser-
ies). In the remaining patients (65.6%) there is no
diagnostic contribution, except for a small number of
abnormalities (0.8%). These are often anatomical
variants and have no therapeutic impact. The authors
conclude that the number of contrast-enhanced cranial
CT examinations can significantly be reduced by
using four general guidelines for contrast adminis-
tration resulting in considerable cost savings without
affecting the quality of service to the patient. These
guidelines can be applied in any radiology depart-
ment. In 2011, 13 years after this investigation was

This preset is reduced to 57 mAs effective by the AEC system.
The resulting CTDIvol is at 2,57 mGy and the DLP is at
101 mGy.cm. a shows a representative 3 mm axial view and
b shows coronal and sagittal 3 mm views

published, CT dose surveys show that the practice of
systematic dual Head CT acquisitions is still observed
in some departments.

Regarding acquisition height, the influence of both
patient positioning and gantry tilting is important on
the DLP of brain CT. Acquisition height is signifi-
cantly increased if the gantry cannot be tilted and the
patient does not flex the head in orbito-meatal orien-
tation. In adition, sequential scanning with gantry
tilting enables to reduce the dose to the eye lens sig-
nificantly (Abdeen et al. 1998, 2010). Bismuth shields
can also reduce the dose to the eye lens and is rec-
ommeneded at least in children (Raissaki et al. 2010).

5.2 Number of Phases and Acquisition

Height in Chest CT

Chest CT is usually acquired in one single acquisi-
tion. Rarely, additional acquisitions are requested
such as expiratory CT (Bankier et al. 2001). This is
not part of routine practice. For CTPA, one single
acquisition is sufficient. The appropriate acquisition
height is however questionable. CTPA was first
developed with single detector scanners (Remy-Jardin
et al. 1992, 1996) and proved to have a negative
predictive value as high as 98%. With single detector
technique, the acquisition height was 15 cm, from the
aortic arch to the diaphragm. CTPA examinations
acquired with MDCT nowadays cover the entire chest
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Fig. 24 Low-Dose unenhanced MDCT of the abdomen in a
11-year-old boy weighting 40 kg and with right iliac fossa pain
and inconclusive US. Tube potential is at 100 kV and reference
image quality index is set at 70 mAs. This preset is reduced to
37 mAs effective by the AEC system. The resulting CTDIvol is

at 1.68 mGy and the DLP is at 51 mGy.cm. This dose
descriptor corresponds to the effective dose E of an abdominal
plain film examination with 1 to 2 views. The appendix
(arrows) is normal in axial (a) and in coronal and sagittal
orientations (b)

Fig. 25 Unenhanced MDCT obtained at 80 kV in a 9-year-old
boy weighting 34 kg after inconclusive ultrasound examina-
tion. Acute appendicitis is demonstrated by MDCT while

with an acquisition height of 30-35 cm. However,
MDCT has not yet been shown to provide a higher
predictive value to CTPA as compared to the histor-
ical one. On the other hand, the influence of doubling
the acquisition height on the benefit of MDCT in
terms of alternative diagnoses has not yet been
investigated. It is thus questionable whether one
should acquire the entire chest or the middle portion
of the chest for excluding pulmonary embolism.

CTDIvol is at 1.38 mGy only and DLP is lower than
50 mGy.cm. In case of inconclusive unenhanced CT, enhanced
acquisition can be obtained with similar presets

5.3 Number of Phases and Acquisition

Height in Abdominal CT

Both the number of phases and the acquisition height
should be justified when scanning the abdominal cav-
ity, and in particular in patients referred to CT for
abdominal pain that corresponds to the most frequent
reason for requesting a CT of the abdomen and affects
both older and young or very young patients including
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Fig. 26 Comparison of two consecutive CT enhanced acqui-
sitions of the abdomen with a dose reduction of 33% in an 88-
year-old woman weighting 87 kg. The first is performed with
120 kV and 150 mAs effective, and the second with the same

360 mGy.cm

Fig. 27 Comparison of three consecutive unenhanced exam-
inations in the same 42-year-old man weighting 90 kg.
a (Octobre 2010—right iliac fossa pain) shows 3 mm CT
images acquired with a Sensation 64 scanner (Siemens
healthcare—Forchheim, Germany) using 120 kV and 120
mAs (quality reference). CTDIvol is at 6.8 mGy and the DLP
is 360 mGy.cm. CT shows right sided colitis. b (January
2011—Ieft iliac fossa pain and suspected diverticulitis) 3 mm
CT images acquired with a Definition AS 128 scanner using
140 kV and 60 mAs (quality reference). CTDIvol is at 6.23 and
the DLP is 287 mGy.cm. ¢ (February 2011—control of the

children (Hricak et al. 2011). A question that should be
addressed prospectively is whether CT performed for
lower abdominal pain should include the lung bases and
the entire liver or only the kidneys. An acquisition
height reduction by 20-25% could be achieved if the
liver is not entirely included in the scan range. Simi-
larly, there is no benefit in scanning patients referred for
non-traumatic abdominal pain with multiphasic
examinations. On should perform preferably one single
acquisition, with or without iodine contrast injection.

tube potential but 100 mAs. Slice thickness is 3 mm. Image
noise is slightly higher in the 100 mAs axial (a) and coronal
(b) orientations, but the 100 mAs images are of acceptable
quality for the local radiologists

acute uncomplicated /left colon diverticulitis) from February
2011 shows 3 mm CT images at 140 kV and 40 mAs (quality
reference). CTDIvol is 3.88, and DLP is 192 mGy.cm. This
figure illustrates three important parameters of dose optimiza-
tion; 1/for unenhanced CT, 140 kV with low tube current is an
efficient way to optimize and preserve excellent image quality.
2/the acquisition height in patients with lower abdominal pain
could be limited, and the cranial part of the liver may not be
included in the scan range. 3/a control CT for acute divertivu-
litis can be obtained with lower tube currents as compared to
the initial one

54 Acquisition Height in CT

of the Lumbar Spine

Default acquisition of the entire lumbar spine at MDCT
with sagittal reformat is more and more frequently seen
nowadays with acquisition heights of 20-22 cm.
Unfortunately, ACR (2008) does not define criteria for
acquisition height. In surveys, the mean acquisition
height of lumbar spine CT examinations ranges from 14
to 22 cm. As a general rule, the height of acquisition
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100
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Fig. 28 Comparison of two consecutive unenhanced MDCT
in a 48-year-old man weighting 75 kg who had a sigmoid
perforation on a foreign body that proved to be a swallowed
toothpick. The toothpick is visible on the right-sided coronal
reformat but had not been seen by the local radiologist who
acquired the CT at 120 kV and a noise index of 10 UH for
1.25 mm slices. The resultant CTDIvol is at 19.84 mGy and the
DLP is of 1.009 mGy.cm. The second scan displayed on the left

1009 mGy.cm (&

acquired after endoscopical removal of the toothpick was
acquired at 140 kV and 40 mAs (quality index) and automat-
ically reduced to 36 mA by the AEC system, inducing a
CTDlvol of 3.77 mGy and a DLP of 148 mGy.cm. This dose is
seven times lower than the initial one. The 1.009 mGy.cm is
above the RDL and typically corresponds to default parameters
as installed by vendors on their CT machines

Fig. 29 Side-by-side comparison of two consecutive unen-
hanced MDCT of the lumbar spine obtained in a 67-year-old
patient weighting 92 kg, with stage IV colon carcinoma and
complaining of low back pain. Two acquisitions are obtained,
one at standard dose at 68 mGy CTDIvol, displayed on the

right, and the second at optimized dose at 36 mGy CTDIvol,
displayed on the left. a shows sagittal reformats in soft tissue
algorithm and window, b shows axial slices and 29C sagittal
reformats with bone algorithm and window
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Image quality: 150 mAs

Image quality: 250 mAs
CTDIw 3 mGY 00 cunthy

CTDlvol = 38 mGY

mas | ref. CTDIvol DLP T eSL

Fig. 30 Side-by-side comparison of two consecutive unen-
hanced MDCT of the lumbar spine obtained in a 72-year-old
man weighting 71 kg, with stage III non-small cell lung
carcinoma who complained of low back pain. Two acquisitions
are obtained, one at standard dose at 38 mGy CTDlIvol,
displayed on the right, and the second at optimized dose at

Fig. 31 Side-by-side
comparison of sagittal
reformats of the lumbar spine
showing the potential benefit
of iterative reconstruction
technique for imaging low
back pain with CT. The right
one is obtained with iterative
reconstructions (IRIS 131
Kernel, Siemens healthcare,
Forchheim, Germany) and the
left one with usual filtered
back projection technique
(B20 Kernel). Noise in FBP
reformat is significantly
reduced in Iterative reformat

Filtered Back Projection
Kernel B20

should be defined depending on the patient’s symptoms
as was done 20 years ago while using single detector
CT in sequential mode.

6 Summary and Conclusion

Optimization is a part of everyday practice and has to
be conducted by CT users responsible for the dose
they deliver. Vendors are welcome to help in this

Image quality: 250 mAs

CTDIvol = 23 CTDlvol = 38 mGY

CTDhvol DLP Ti

Scan

23 mGy CTDIvol, displayed on the left. a shows axial slices at
the level of L5-S1 disk and shows a discal herniation. b shows
the same herniation (arrow) in left para-sagittal orientation.
sagittal reformats in soft tissue algorithm and window,
(b) shows axial slices and 29C sagittal reformats with bone
algorithm and window

Iterative Reconstruction
IRIS 131

process but the final decision on the ALARA image
quality and dose relies on the radiologists. The his-
torical references for radiation dose in CT (RDLs) are
very high. Current CT technology enables to reduce
standard dose by 50% of th RDLs, even without
iterative reconstruction. According to recent data
from the literature (see “Image Noise Reduction
Filters” by Kalra and Singh entitled “Image filters and
radiation dose”) iterative techniques may provide
additional dose reductions. Automatic exposure control
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systems are helpful tools for maintaining the image
quality at the ALARA level and should not be switched
off. Low-dose protocols deliver nowadays a dose very
close to that of radiographic examinations. These pro-
tocols should be default in young patients. A special
attention has to be paid to justifying acquisition’s height
and to the number of acquisitions required.
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Abstract

Automatic exposure control (AEC) is one of the
most important aspects of radiation dose and image
quality optimization for CT scanning. It is impor-
tant to use this technique appropriately in order to
obtain CT examinations with required image
quality and/or radiation dose levels as improper
use can lead to much lower or much higher
radiation doses to patients undergoing CT exam-
inations. There is similarity in basic principle
behind different AEC techniques across different
CT vendors but there are considerable differences
between how the techniques are applied on
platforms of different CT vendors. This chapter
discusses various techniques of AEC available for
use on clinical CT equipments.

Confusion now hath made his masterpiece!
William Shakespeare

Confusion is a word we have invented for an order
which is not yet understood.
Henry Miller

William Shakespeare may have accidentally explained
the premise for development of automatic exposure
control (AEC) techniques, although Henry Miller
may have summarized the issues related to the
heterogeneous nomenclature of these techniques!

This chapter attempts to explore the rationale
behind development of AEC for multidetector-row
CT scanners and to describe mechanisms, clinical
evidence and pitfalls of AEC techniques for radiation
dose reduction or optimization.
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1 Definition

AEC techniques have been defined as automatic
adjustment of tube current in the x—y plane (angular
AEC) or along the z-axis (z-axis AEC) or both
(combined AEC) according to the size and attenuation
characteristics of the body region being scanned in
order to achieve constant CT image quality with
lower radiation dose (Kalra et al. 2004a, b). The
temporal automatic tube current modulation or the
electrocardiography (ECG) controlled (pulsed) dose
modulation is also a type of AEC technique used for
cardiac and coronary CT angiography.

In simple terms, AEC techniques used for CT
scanning behave like photo-timing used in conven-
tional radiography (Kalra et al. 2005a, b). The photo-
timing technique terminates exposure once adequate
exposure has been achieved. In this way, photo-
timing attempts to limit dose while making sure that
adequate quality has been achieved, regardless of
patient size and body region being assessed. Thus,
it allows longer exposure time for X-ray projection of
a larger, thicker and denser body part or patient, and
shorter exposure time for thinner, smaller and less
dense portion. On the other hand, CT scanning
requires continuous exposure to X-rays, so instead of
terminating exposure, the AEC techniques change
tube current (mA) for different X-ray projections to
maintain constant image quality (generally noise).
Thus, AEC will decrease tube current for projections
through smaller, less dense body regions (such as
anterior—posterior projection at the level of the
shoulders or chest) and will increase it for projections
through larger, denser regions (such as lateral
projection at the shoulder or abdomen). Ultimate
objective of both the techniques, AEC and phototiming,
is to ensure that no more and no less exposure is given
to patients in order to acquire images with constant
quality (Kalra et al. 2004b).

2 Rationale

Until recently, most CT studies were performed with
fixed tube current technique (Kalra et al. 2004a).
These fixed tube current values may be selected
by technologists based on their arbitrary judgment
or as per department protocols set by technologists,

radiologists and/or medical physicists based on

patient age and size, or study indication (Kalra et al.

2002, 2003a). However, the fixed tube current tech-

nique for multidetector CT scanning may be associ-

ated with following limitations:

e Lower dose efficiency: tube potential determines
the photon energy and tube current influences the
photon fluence or the number of photons. The
proportion of X-rays used for image creation to
the amount of incident X-rays determines dose
efficiency of the scanner. In contradiction to the
fixed tube current, the AEC techniques can improve
dose efficiency while maintaining constant image
quality by modulating tube current to apply
required amount of photons during a single X-ray
rotation (for different X-ray beam projections) and
from one rotation to the next (for different z-axis or
section locations) (Althen 2005; Terada 2005).

e Standardization issues: fixed tube current values
have to be adjusted for different generations of
multidetector-row CT scanners. Given the fact that
on any given modern multidetector-row scanner,
there are several ways to perform scanning, manual
selection of fixed tube current may be difficult.
In such circumstances, AEC techniques can auto-
matically modulate mA to the selected combination
of scanning parameters for obtaining CT images with
required quality. In this context, the AEC techniques
are being increasingly used for dose optimization
with multidetector CT (Miyazaki et al. 2005).

e ECG control dose modulation or ECG pulsing:
In contradiction of fixed tube current, ECG pulsing
canreduce tube current during ventricula