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ABSTRACT OF THE DISSERTATION

Reduction of radiation dose to radiosensitive organs and its tradeoff with image quality in

Computed Tomography

By

Di Zhang

Doctor of Philosophy in Biomedical Physics
University of California, Los Angeles, 2012

Professor Michael McNitt-Gray, Chair

Computed Tomography (CT) has been used for medical diagnosis for the past four
decades and has made significant contributions to patient healthcare by providing fast and
accurate diagnostic information. Besides the extraordinary medical benefits it has brought to
society, it delivers radiation dose to the patients, which can be potentially hazardous. Therefore,
it has been a significant interest in both scientific research and clinical practice to reduce
radiation dose to the patients during CT scans, while still maintaining the diagnostic
performance, so that the information provided through this procedure is not compromised and

appropriate medical determinations can be made at the minimum cost.



In this research work, a Monte Carlo based simulation package was used to estimate
radiation dose to individual radiosensitive organs of patients with a range of body habitus. This
package is exam and protocol specific, and it takes into account technical details of CT scanners
such as spectra, bowtie filtration, and beam geometry. Modifications were made to the Monte
Carlo simulation package to perform detailed radiation dose assessments for both patients and
phantoms. These include the estimate of radiation dose to individual organs, the peak radiation
dose to a wide spread tissue (such as peak skin dose), and surface dose distribution in a complex
CT irradiation environment. Meanwhile, the effect of a variety of traditional dose reduction

methods, such as tilting the gantry in brain perfusion scans, was also investigated.

In addition to the traditional dose reduction techniques that are already being utilized in
the clinic, an innovative method to reduce organ dose while maintaining image quality was
investigated. The distribution of radiation dose within the scan volume was demonstrated to be
dependent on the Tube Start Angle (TSA). A change of TSA can cause a shift of dose
distribution along the longitudinal axis. This results in variations in the measurement of surface
dose during helical scans. This dose variation along the longitudinal direction for patients in CT
imaging inspired a novel innovation to reduce organ dose while maintaining image quality by
adjusting the TSA and table height in CT exams. Monte Carlo simulations were performed to
demonstrate the effectiveness of this method for different patients under various scenarios,
including conventional fixed tube current CT scans, and tube current modulated (TCM) scans.
Besides the dose benefit this new method brings, its effect on image quality was investigated and

demonstrated that there was no significant compromise on the image quality.



Despite the efforts to reduce radiation dose while maintaining image quality, the ultimate
tradeoff in the goal of maximizing the benefit to risk ratio in CT examinations is the tradeoff
between radiation dose and diagnostic outcome. As radiation dose is decreased, the image
quality may be degraded. However, the diagnostic outcome does not necessarily have to be
compromised. In other words, the image quality used for specific CT clinical tasks today may
have room to be degraded and still be able to maintain accuracy of diagnostic outcomes. In order
to investigate this tradeoff between radiation dose and diagnostic outcome for a specific clinical
task (appendicitis was selected in this dissertation), a preliminary observer study was conducted
to determine the difference of diagnostic performance at various dose levels. Images at reduced
radiation dose levels were simulated by adding noise to the projection data using a calibrated
method. These methods were employed for a group of patients with right lower quadrant pain
who were scanned because of a suspected appendicitis. The results of Receiver Operation
Characteristic (ROC) analysis suggested that there was no significant difference between
radiation dose levels of 100%, 70% and 50%. Detailed analysis of patient organ (liver) dose
demonstrated that the diagnostic performance is nearly perfect when the liver dose is higher than
10mGy. The interrelationship between a simple image quality metric (noise), organ dose, and

patient size was also investigated.

In summary, this work assessed dose reduction tools available today that do not affect
image quality, proposed a new method to reduce organ dose while maintaining image quality,

and evaluated the method to reduce radiation dose, which affects image quality but could



maintain diagnostic outcome by investigating the tradeoff between radiation dose and diagnostic

outcome, as well as their correlation with image quality metrics (noise).
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Chapter 1 Background and Motivation

Since x-ray was discovered by Roentgen at 1895, it has been used for medical imaging to
understand patient anatomy without surgical procedures. The x-ray photons are attenuated
differently by various tissues and structures within human body, therefore generating a contrast
on the image reflecting anatomy, which can be used for medical diagnosis. Conventional
radiography which uses a plain film reduces the 3D anatomy of the patient into a 2D projection
image. Therefore, the information with respect to the dimensional parallel to the x-ray beam is
lost. The introduction of CT in the 1970s, however, overcame this limitation. A CT scanner
acquires projection images from 360 degrees and post-processes the projection data using
reconstruction algorithms to form cross-section images. So the superposition of structures in-
plane is eliminated in CT. In other words, CT was able to yield images with each representing a
single slice of the body (tomography). This revolutionary advance in medical imaging has added
another dimension of information for medical images and has contributed tremendous value to
diagnostic value that can be obtained using x-ray. In addition, the inherent high-contrast
resolution in CT has made it feasible to distinguish tissues with very small density difference,

which added to its power to identify anatomical abnormalities.

Over more than 30 years of advances in technologies, including x-ray generation,
filtration design, detector, firmware, and post-processing, CT has developed into a medical
imaging modality with the capability of obtaining excellent resolution for both high contrast and
low contrast tasks, as well as the capability to perform volumetric imaging by the

implementation of multi-row detectors (MDCT). It has been a major diagnostic tool and has been



impacting patient healthcare throughout the entire world. Today CT is routinely used as a key
component in Radiology and Oncology departments for many areas of medical applications. To
name a few, within Radiology department, it is used in head scans to detect infarction,
hemorrhage, or trauma; it is used in thoracic scans for detecting both acute and chronic changes
in the lung parenchyma; it is used in Cardiology to diagnose cardiovascular diseases; it is used in
abdomen or pelvic scans to determine the stage of cancer and to follow progress; it is also used
in extremity scans to image complex fractures, especially one around joints because of its ultra-
high spatial resolution. Within Oncology department, CT is used to obtain attenuation properties
for body tissues in order to perform necessary calculations of radiation dose distribution in

treatment planning.

CT scanners use x-ray tubes to generation photons. In this process, electrons are emitted
from cathode via thermionic emission and are accelerated within the tube towards anode driven
by the potential difference between the cathode and the anode. The highly energetic electrons
then interact with matter (usually tungsten) and convert their kinetic energy into heat and
electromagnetic radiation (photons) through the process of bremsstrahlung. Figure 1 shows the
physical look of the anode. The fluence of photons depends on kVp and mAs. kVp is defined as
the peak tube potential between the cathode and the anode. It determines the highest energy of
photons within the beam. mAs is the multiplication of tube current (the rate of the charge of
electrons from the cathode to the anode) and exposure time. mAs is proportional to the fluence of

the x-ray beam.



Figure 1.1 Example image of an anode.

During the CT scan a patient lies on the table while the x-ray tube and the detector ring
spin in the gantry in a very fast speed (as fast as 0.27s/rotation for certain manufacturer). Fan
shaped beams are used in modern CT scanners as shown in figure 2. There are two different scan
modes with respect to the pattern of the movement of the bed: axial scan and helical scan. In
axial scan, the bed moves incrementally after every rotation so the anatomy is captured section
by section; in helical scan, the bed moves continuously while the tube and detector are rotating.
Under helical scan mode, pitch is defined as the advance of the table in a rotation divided by the
nominal collimation width in z direction. Helical scan was introduced in 1990s and it has

dramatically increased the time efficiency of CT scans.



Figure 1.2 Fan beam geometry of modern CT scanners.

1.1 Concerns about risks from radiation in CT exams

As a medical imaging modality using ionizing radiation, CT inevitably delivers radiation
dose to patients. By interacting with human tissues (mostly water) through photoelectric effect or
Compton scatter, the photons cause potential damage to tissues by either direct effect or indirect
effect. Direct effect refers to photons’ interaction with the atoms of the DNA molecule or other
cellular component critical to the survival of the cell. Indirect effect refers to the damage to the
cell by ionized molecules generated from the interaction of photons and water molecule. Since in
CT the mAs is usually much higher than that was used in radiography (and therefore more
photons are penetrating the patient), the increase of radiation dose is not trivial. Absorbed dose
with the unit of Gray is used as the physical metric to quantify radiation dose, which is defined

as the energy deposited (in the unit of Joule) per unit mass (in the unit of kilogram). Absorbed



dose to each individual radiosensitive organ is a meaningful quantity to estimate organ specific

risks*,

The number of CT scans in United States has increase from 18.3 million in 1993 to 62.0
million in 2006, with an estimated annual growth rate of 10%°°. Especially since the
introduction of MDCT in mid 1990s, the use of CT has increased dramatically due to its
improved capacity. In clinical practice, CT exams consists 15% of the total number of
radiological imaging procedures, but it contributes to 50% of the population radiation exposure
from medical procedures, and it contributes to 25% of the population radiation exposure from all
sources, including background radiation. This has lead to concerns about the potential risks of

radiation hazards to patients.

There are two kinds of effects that may be introduced to patients exposed to radiation:
deterministic effect and stochastic effect. Deterministic effect has a threshold of radiation dose,
above which certain acute damage will happen after the exposure, and the severity is dependent
on radiation dose. This type of effect includes cataract, erythema (skin reddening), infertility, and
so on. The threshold for deterministic effect varies depending on different damage and type of
tissue cells, but the lowest is around 1Gy, such as epilation (loss of hairs). In most of the cases,
the radiation dose a patient receives from CT scan is well below this magnitude, but for certain
type of protocols, such as CT perfusion studies, the dose can be close, or even beyond this
threshold. This will be discussed in further detail in Chapter 4 and 5. Figure 1.3 shows some

examples of patients suffering from epilation, one of the deterministic effects of radiation, after



CT brain perfusion examinations. Other scenarios where deterministic effect may happen are

accidents in CT exams caused by operational errors’. Figure 1.4 shows an example of a pediatric

patient suffering from erythema due to operational errors.

Figure 1.3 Some examples of patients suffering from epilation after brain perfusion CT
examinations (from New York Times magazine).
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Figure 1.4 An example of a pediatric patient suffering from erythema due to operational errors®.

Stochastic effects, on the other hand, do not have a threshold. The probability of its
occurrence depends on absorbed dose. However, the severity is independent of dose. This effect
is caused by the damage to DNA, which affects the integrity of genetic information. Although
most of the cells that have DNA damage will either fix themselves or take an action to a
programmed death (apoptosis), some mutations can remain and proliferate to other cells. These
mutations can potentially cause the development of cancer over a long period of time (up to tens
of years), which is the process of carcinogenesis. The concern for carcinogenesis is a big concern
particularly for pediatric patients, since the pediatric patients are more radio-sensitive to
radiation®™*, and they have a longer life spam to develop cancer. The radiation dose from most of
the CT exams falls into the range of stochastic effect. However, there is not a single perfect risk
model of carcinogenesis for radiation dose at this range, since it requires intensive
epidemiological studies which tracks radiation dose to a very large number of individuals and
monitor their conditions over years in order to yield meaningful results. The risk model that is

currently used is based on the data from nuclear bomb survivors from Japan. The radiation dose



to the majority of these patients is in general higher than the dose delivered by CT exams (<100
mGy), so the risk estimates were extrapolated assuming Linear No Threshold model (LNT). The
most widely used and arguably most comprehensive risk models that take these data into account
are the published report V11 of The Biological Effects of lonizing Radiations (BEIR VI1)?, based
on which age and gender specific risks can be assessed based on radiation dose to individual
organs. Using the data in BEIR VII report, Berrington et al. concluded that 29,000 future cancers

could be related to CT scans performed in the U.S. in 2007*.

The concerns over the potential risks from CT exams naturally led to the question: should
the risk be taken into account during clinical practice when a physician is ordering a CT exam?
Despite the controversy of this topic, it is a fact that the fast and accurate diagnostic capability
that CT provides offers extremely valueable information for a physician to make appropriate
medical determinations. CT has benefited patients and has saved a lot of lives under a variety of
clinical circumstances, for example, to determine if an immediate surgery is needed for a patient
with lower quadrant abdominal pain (suspected appendicitis). Furthermore, BEIR VI report
itself comes with multiple approximations and assumptions about the Lifetime Attributable Risk
(LAR), and the risk estimates have huge error bars?. In fact, the report itself admitted that
‘because of the various sources of uncertainty it is important to regard specific estimates of LAR
with a healthy skepticism’ at page 278. Using the risk estimates from BEIR VII report,
O’Connor et al showed in their study that 863,000 annual deaths would be expected from

background radiation for residence in Colorado®®.



Nonetheless, it is imperative to maximize the benefit to risk ratio for every CT exam.
Several campaigns have been carried out to promote delivering just enough dose to the patients
for necessary diagnostic information, such as Image Gently and Image Wisely'***. Meanwhile,
several government entities, or organizations have initiated stricter regulations against the
excessive or unnecessary use of radiation exposure, including FDA and Joint Commission*®*’,

The state of California has passed a law regarding the recording and reporting of radiation dose

from CT, commencing July 1st, 2012*.
1.2 Estimating radiation dose from CT

A variety of methods and metrics are being used to estimate radiation dose from CT,
including standardized phantom measurements, small dosimeter measurements, and Monte Carlo
method based simulation estimates. Standardized phantom measurements are the current metric
that is routinely used today to quantify radiation output from CT scanners. However, this metric
only still represent radiation dose to phantoms. Small dosimeter measurements were often used
to estimate patient dose. However, small dosimeters are limited by the factor that it could not be
placed inside patient body. On the other hand, Monte Carlo method based simulations are
capable of estimating radiation dose to individual patient organs or even dose distribution within

patient models. This method provides dose information in a much more detailed level.

1.2.1. Standardized phantom measurements

The metric to quantify radiation dose from CT is the Computed Tomography Dose Index

(CTDI), which is a measure of the amount of radiation delivered from a series of contiguous



axial scans in two cylindrical homogenous standardized polymethyl methacrylate (PMMA)
phantoms with different sizes. One of them is16 cm diameter which represents head or pediatric
body, while the other one is 32 cm diameter representing adult body (shown in Fig. 1.5). CTDI is
routinely used in clinic and is also widely used in academic research. This metric is practically
measured with the use of a 100 mm long pencil ion chamber with a single axial scan performed

at the center of the phantom®. It is calculated using the following equation®:

fXCXEXL

CTDI = Eq. 1.1

, Where f represents the conversion coefficient from exposure to air kerma (8.7mGy/R); and C is
the calibration factor for the electrometer (usually it’s a value very close to 1); E represents the
measured value of exposure in the unit of Roentgens; L is the active length of the ionization
chamber (100 mm); NT represents the nominal beam width, where N is the number of detector
rows, and T is the width of each detector row in z direction. The factor of L/NT in this equation
is used to compensate the fact that the 100 mm long ion chamber is partially irradiated by the x-
ray beam. Although there is only one single axial scan in conventional CTDI measurements, it
can be proven that this exposure is mathematically equivalent to the average dose in the center

slice of a series of several contiguous scans®?%2..
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Figure 1.5 16 cm diameter “head” and 32 cm diameter “body” CTDI phantoms composed of
PMMA and containing pre-drilled holes at center and four periphery positions.

Since the x-ray photons are attenuated differently on different locations within the CTDI
phantoms, in order to take the spatial variation of dose distribution within the phantoms into
account, both CTDI phantoms were designed to have 5 holes (1 central, 4 peripheral) where
either PMMA rods or the ion chamber can be inserted. Therefore CTDlcenter and CTDlperiphery Can
be obtained by switching the locations of the rods and the ion chamber. Figure 1.6 shows some
typical values for CTDlcenter and CTDlyeriphery fOr both 32 cm and 16 cm phantom to illustrate the
in-plane in-homogeneity. The weighted CTDI (CTDI,,) represents an averaged dose to the whole

phantom and was defined as:
CTDIy = 1/3 CTDI encer + 2/3 CTDlperiphery Eq. 1.2

In order to account for the non-contiguity in helical CT scans, the volume CTDI (CTDl,) was

proposed and was defined as:
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CTDI
CTDlyg = = Eq. 1.3

a) b)

Figure 1.6 The spatial variation of radiation dose within both (a) 32 cm and (b) 16 cm phantoms.
Reprinted from M.F. McNitt-Gray®.

Finally, in order to account for the scan length, Dose Length Product (DLP) was proposed and

was defined as:
DLP = CTDI,,; X scan length Eq. 14

CTDI metric has been a robust CT dose metric until recent years when newer generation
CT scanners are equipped with wider and wider beam width. When the beam width in z axis is
wide enough that the 200 mm long ion chamber could not include the majority of the scatter tails
in phantoms (shown in Fig 1.7), the mathematical equivalency between the dose under a single
axial scan at the phantom center and the dose at the center slice of a series of contiguous scans is
not valid anymore®®*. For example, the widest beam width from diagnostic scanners currently

on the market is 160 mm (Toshiba Aquilion ONE), which is already wider than the 100 mm long
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ion chamber without the scatter tails. In order to address this issue, the American Association of
Physicists in Medicine (AAPM) Task Group 111 has proposed a new CT dose metric under a
new paradigm®. This paradigm is being tested and validated by AAPM Task Group 200.
According to this new paradigm, a small volume ion chamber is used when the prescribed scan
(even it is a helical scan) is performed on a phantom. However, in practice, there is significant
variation for the distribution of radiation dose along the longitudinal direction. This causes large
uncertainties when the small volume ion chamber is placed at peripheral positions of the
phantom for dose estimation. This is a current challenge faced by the new TG111 CT dose
metric. This challenge will be thoroughly investigated in Chapter 6. In addition, several methods

to overcome this limitation will be presented and analyzed in Chapter 6.

Another limitation of CTDI is that it is defined to be equal to the average dose in the
center slice of a series of several contiguous scans. Therefore it works for both contiguous axial
scans and helical scans, which covers the majority of clinical CT scan protocols. However, for
scenarios where there is no table motion, CTDI overestimate radiation dose since it assumes
scatters from adjacent scans which do not exist in this case. For example, for the estimation of
radiation dose from CT brain perfusion scans, CTDIvol overestimates the skin dose that actually
delivered to the patients. This will be demonstrated and discussed in further detail in Chapter 4

and Chapter 5.
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Figure 1.7 The beam profile in the center of phantom along z axis. It is shown that the 100mm ion
chamber could not capture the entire scatter tails on both side.

1.2.2. Small dosimeter measurements

Although CTDlI, is routinely reported on scanner consoles in clinical practice, it is not
patient dose?®. CTDI is a good metric to quantify the output radiation of the CT scanners by
taking lots of technical factors into account, including spectra, bowtie filtration, and so on.
However, since the standard size homogeneous CTDI phantoms cannot assimilate heterogeneous
patient population with a variety of different size, CTDI does not represent radiation dose that
patients receive from CT exams. Direct measurements of dose using small dosimeters on either

2734 or patients take patient geometry and materials into account.

anthropomorphic phantoms
These dosimeters used in this method include small ionization chambers, Thermoluminescence
Detectors (TLD), Metal Oxide-Silicon Semiconductor Field Effect Transistor (MOSFET)

detectors, and Optically Stimulated Luminescence (OSL) detectors.
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There are several limitations for the direct measurements using small dosimeters. First,
for measurements on patients, it is impossible to place the small chambers inside a patient’s body
for organ dose estimation. For measurements on phantoms, the anthropomorphic phantoms
usually consist of only several materials and sometimes even less. The anatomical and
composition heterogeneity is far less complex than that of real patients. Second, most of these
dosimeters (with the exception of ion chamber) have strong energy dependency>*". Therefore
the measured result is not perfectly reliable across different energy regions, such as between 80
kVp and 140 kVp. As a matter of fact, it is even not perfectly reliable between different locations
in the same phantom, such as between peripheral and center of the phantom, because the energy
spectra are slightly different at these two locations due to beam hardening effect. Third, the
uncertainty of tube start angle could cause large error bars during repeated scans for
measurements using small dosimeter. This is also mentioned in 1.2.1 and will be discussed in

further detail in Chapter 6.

1.2.3. Effective Dose

Effective dose (ED) was introduced as a health physics concept by the International
Commission on Radiation Protection (ICRP) to account for the various radiosensitivities of the
tissues that absorb energy from radiation®**. This quantity is defined as an estimate of the whole-
body radiation dose that would result in an equivalent stochastic risk as the partial-body imaging
procedure, and is mathematically defined as a weighted average of the dose to several

radiosensitive tissues (Dr):
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ED = ZT(wT X wg X Dp) Eqg. 1.5
where ot is a tissue-specific radiosensitivity factor whose value is specified by the ICRP based
on epidemiological studies and wr Is a radiation weighting factor that account for the relative
biological damage imparted from the energy deposition of different types of particles. The tissue
weights, o, were developed based on a detriment model by taking into account life lost, lethality
and loss of quality of life for a composite population. It is averaged between males and females
as well as across ages. The radiation weighting factor, wg, for x-ray photons is equal to 1.
Effective dose is measured in units denoted Sieverts (Sv). Although effective dose is a viable
tool to assess occupational radiation dose, or radiation dose to a population, organ dose is a more
descriptive metric for individual CT dosimetry, since it takes into account the patient specific
information, such as size and age. In addition, organ dose allows the need to take into account

the partial irradiation in CT scans.

1.2.4. Monte Carlo method based estimates

Monte Carlo method based simulations are considered to be a much more accurate
approach to estimate the radiation transport and therefore the organ dose from CT. It takes into
account spectra, filtration, scanner geometry, beam shape, patient anatomy and composition, as
well as all the other delicate details of the characteristics about the transport of photons. Several
research groups have developed methodologies to estimate radiation dose from CT using Monte
Carlo methods®*®**. While most of the groups use well established Monte Carlo code for the

simulations of particle transport, some group have tried to write their own Monte Carlo code™®.
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Besides the simulation of the transport, the accuracy of Monte Carlo method based simulations is

also limited by the inputs to the code, including the CT source model and the patient model.

For the CT source model, depending on the availability of the technical factors of the CT
scanners, which are usually proprietary, different levels of approximations are used by different
research groups. For example, Gu et al. used 12 fixed sources along 360 degrees to approximate
a full circle of continuous irradiation*. For patient models, there are models with different levels
of complexities ranging from hermaphroditic mathematical phantoms consisted of simple
geometric shapes (such as MIRD phantoms show in Fig. 1.8a) to fully voxelized patients with a
variety of body habitus and physical size (such as GSF family phantoms shown in Fig. 1.8b and
RPI pregnant female phantoms shown in Fig. 1.8c). A widely used Monte Carlo CT dose
package IMPACT CT Patient Dosimetry Calculator was approximated from single row detector
geometries and contiguous axial scans (not direct simulation on the helical path of the CT
source) using MIRD phantom*. A UCLA Monte Carlo CT Dose Simulation Package which uses

more reliable source and patient models will be discussed in detail in Chapter 3.
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Figure 1.8 a) MIRD mathematical phantom; b) Irene from GSF family phantom; c) RPI-9 pregnant
female phantom.

While a lot of efforts have been made to estimate patient organ dose using Monte Carlo
method, organ dose is mainly used for the evaluation of stochastic effects, which relate to long
term carcinogenesis. For the evaluation of deterministic effects, such as the estimation of skin
dose in brain perfusion scans, the averaged dose to skin tissue is not an ideal metric because only
a very small portion of skin tissue is exposed to radiation in brain perfusion CT exams. The more
relevant and important metric in this case is the peak skin dose, which indicates the maximum
radiation dose delivered to an area of local skin tissues. Chapter 4 and Chapter 5 will specifically
investigate the peak skin dose to patients from CT perfusion exams by using a mesh tally

technique which is capable of estimating radiation dose distribution within the patient anatomy.

1.3 Reducing radiation dose from CT
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Radiation dose from CT is determined by many factors®, including kVp, mAs,
collimation, pitch, slice thicknesses, reconstruction techniques, and so on. There is a variety of
different approaches to reduce radiation dose. The strategies for dose reduction are highly related
to the specific patient size and body habitus. They can be divided into two different categories:
dose reduction methods that do not affect image quality, and dose reduction methods that do
affect image quality. The techniques in the first category include the use of tube current
modulation, and the use of new computational algorithms, including noise suppressing
algorithms and reconstruction algorithms*®. The techniques in the second category include the
decrease of kVp and the decrease of mAs. These dose reduction approaches should be used

based on specific clinical applications and patient properties.

1.3.1. Techniques to reduce CT radiation dose while maintaining image quality

Tube Current Modulation (TCM) refers to the change of mAs during the rotation of the
x-ray tube to take advantage of the fact that the attenuation properties of body from different
projections are different. Theoretically, this technique does not impair the image quality because
the projection with the most noisy signal determines the noise of the final image*’. The results of
studies using Monte Carlo simulations showed that the use of TCM generally has promising dose
reduction across different size of patients*®*°. However, for very large size patients, TCM may

introduce higher doses®°.

Filter-Backprojection (FBP) algorithm is currently used by almost all commercial CT
scanners. New algorithms for dose reduction purposes include spatial domain based filters, raw-

data based filters, and iterative reconstruction algorithms. Spatial domain filters were suggested
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to be able to maintain the same image quality for CT images at a lower dose cost for the
detection of liver lesions‘or for soft tissue interpretations®’. Applications of raw-data based
filters have also been reported for the reduction of CT dose®. Iterative reconstruction algorithms
were also demonstrated to have the potential for improving image quality and reducing radiation
dose in CT because it is able to incorporate the physical model of CT systems so various artifacts
can be better corrected. It is also superior to conventional reconstruction algorithms in processing
insufficient data such as reduced projections so that radiation dose can be significantly

reduced®*>.

Other methods to reduce radiation dose while maintaining image quality in specific
exams include the adjustment of scan location and gantry angle in CT brain perfusion scans. The
effectiveness of these easily implementable techniques will be investigated and evaluated in

Chapter 4.

In addition to these techniques, a novel method to reduce organ dose while maintaining
image quality by exploiting the surface dose variation from CT scans will be thoroughly
investigated in Chapter 7. Furthermore, this technique can be combined with the adjustment of
table height to achieve significant dose reductions in CT scans. This will be investigated in

Chapter 8.

1.3.2. Techniques to reduce CT radiation dose that affect image quality

Lowering kVp and optimizing the energy spectra is currently an active area of research®®"

%1 Specifically, these studies have shown that 80 kVp and 100 kVp can provide higher iodine
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contrast to noise ratio and offer dose reduction compared to 120 kVp. While kVp is decreased,
the mAs must be increased in order to compensate for the loss of photon fluence and therefore
the loss of image quality. A recent study concluded that increasing the mAs by 3~4 times while
changing from 120 kVp to 80 kVp could approximately deliver the same organ dose to
patients®?. Therefore in clinical practice if the increase of mAs is less than 3 times, patient organ

dose is decreased.

Reduction of mAs is a direct way to reduce CT radiation dose since dose is proportional
to mAs. However, any decrease in mAs should be considered with caution because it results in
the increase of noise and therefore could potentially impair the diagnostic outcome. This is
especially true for abdomen examinations because the low contrast resolution can be easily
affected by the increase of noise®. Assessments of image quality using observer studies have
been reported in several studies using scores regarding different aspects of image quality. Some
of them suggested that it is possible to reduce tube current without markedly affecting image

64-69

quality”™™”, while others concluded that reduced tube current significantly affect reader’s

70,71

evaluation of image quality’™'~. While the results from these works are very informative, they

are limited either by too few number of mAs levels®®®®°, design of the experiment (using scores

on the image quality instead using the outcome of specific diagnostic tasks)®®°

, Or more
importantly, the absence of detailed information about radiation dose. In all of these studies
either mAs or CTDI was used as the metric for radiation dose, while these factors only represent

the output of the tube, instead of the radiation dose to the patients. For example, a smaller patient

receives higher dose than a larger patient using the same scan protocol.
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In Chapter 9 of this dissertation, the feasibility of the method to reduce radiation dose that
yields lower image quality, but still maintaining diagnostic performance will be investigated. The
tradeoff between organ dose (risk) and diagnostic performance (benefit) in the diagnosis of a

specific clinical task will be studied by conducting an observer study.

1.4 Discussion

CT as a medical imaging modality is beneficial to patients. On the other hand it has
raised concerns about the potential risks it may introduce to patients. It is in great need to
develop methods that could precisely quantify and evaluate the reduction of radiation dose from
CT, so that the benefit to risk ratio from these exams can be optimized. Meanwhile, the CT dose
reduction should be investigated in the context that the goal of a CT exam is to obtain diagnostic
information, rather than image esthetics. Some CT dose reduction techniques do not change the
quality of the images at all, while others do change the image quality, but not necessarily change
the diagnostic performance. The purposes of this dissertation is to use a well validated CT dose
estimation tool to evaluate the radiation dose and related dose reduction technique for brain
perfusion CT exams (Chapter 4 and Chapter 5); to propose a new methodology to reduce organ
dose without changing the tube output (Chapter 6 to 8); to put the CT dose reduction in the
context of clinical goal and investigate how much the change of dose and image quality would

affect the diagnostic performance (Chapter 9).
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Chapter 2 Specific Aims

The goal of this research is to investigate methods to reduce organ dose while
maintaining image quality, as well as to explore the dose reduction methods that causes lower
image quality but could maintain diagnostic outcome by investigating the tradeoffs between
radiation dose and diagnostic performance for a specific clinical CT task. First, radiation dose
from CT brain perfusion exams, where the concern about radiation dose has been address
tremendously in public, is accurately estimated. Second, a method is proposed to reduce organ
dose in CT without the change of tube output. This method should have minimal impact on
image quality. Its dose benefit is studied and its implication to image quality is investigated.
Third, the tradeoff of organ dose and observer performance is studied by observer perceptions
for a specific task. This method has more implications on image quality but it’s sought to
minimize radiation dose without compromising diagnostic outcome. Meanwhile, image noise is
investigated to study their correlations with observer performances. This would potentially
provide the link between diagnostic outcomes and organ dose, or even risks, through the use of

quantitative image quality metrics. To carry out this study, the specific aims are:

Specific Aim 1: To accurately estimate eye lens dose and peak skin dose from CT brain
perfusion examinations and to demonstrate the overestimation of radiation dose if the CTDI from

this procedure is used as patient dose.

Specific Aim 2: To explore dose reduction to specific radiosensitive organs without the change

of tube output using existing or constructively feasible scanner capabilities, such as controlling
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tube start angle and table height, as well as to investigate their effects on image quality using

measurements in phantoms.

Specific Aim 3: To investigate the tradeoff of between diagnostic performance and organ dose
using various levels of mAs, based on results from observer studies and accurate model of

MDCT.
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Chapter 3 Monte Carlo MDCT Dose Simulation Package

Monte Carlo simulations were performed for all the dosimetry simulations for radiation

dose estimations discussed in this dissertation.
3.1 Monte Carlo Method

Monte Carlo methods were developed in the 1940s for the nuclear weapon projects in the
Los Alamos National Laboratory, and they were named in homage to the Monte Carlo Casino in
Monaco. They are a class of computational tools that nowadays are used widely in the areas of
finance, energy, transportation, environment or engineering in terms of physical and
mathematical systems, especially systems with many coupled degrees of freedom with
significant uncertainty in inputs, such as fluids, cellular structures, and radiation transport. These
problems are usually too complicated to be solved analytically (e.g., solving equations).
Therefore in contrast to a deterministic approach, Monte Carlo method based algorithms use
repeated random sampling and probability statistics to investigate the problems. First, a
probability distribution is established based on mathematical or physical property of the model
that has inherent uncertainty. Then the result is calculated over and over again, each time using a
different set of random values from the probability functions. Before the computation is finished,
Monte Carlo simulation could involve a very large number of recalculations, depending on the
requirement of desired accuracy. The results yield distributions of possible outcome values. The
way Monte Carlo methods are applied varies widely from field to field. There are dozens of

different kinds of codes or packages in each field of application. In radiation transport
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simulations specifically, some of the most widely used Monte Carlo packages are GEANT4%%2

EGS*, and MCNP/MCNPX "3,

3.2 MCNP/MCNPX

MCNPX (Monte Carlo N-Particle eXtended) is a general-purpose Monte Carlo radiation
transport code for modeling the interaction of radiation with nearly all particles at nearly all
energies. It was extended from MCNP, which was designed for photon, electron and neutron
particles. The applications of MCNP/MCNPX range from nuclear medicine, radiation protection,
accelerator applications, homeland security to medical physics, nuclear reactor, and much more.
MCNPX was written in FORTRAN codes. It supports both Linux and Windows systems, as well

as parallel computations.

The users need to provide information about the source (type, size, shape, and
distribution of radiation particle) and the geometry (size, shape, material composition, and
density). This information will be fed into MCNPX as a text file called an input file in a
specified format. MCNPX tracks each primary particle and all the subsequent secondary
particles when simulating their interactions with matters within the geometry based on prior
embedded knowledge regarding to the probability of interactions of the atoms (e.g., cross
section), until the particle leaves the geometry model or falls below the energy threshold for
tracking purpose. This process is repeated a very large number of times to yield results that are
statistically meaningful. The simulation process for each particle is independent from each other.

Different types of tallies (such as energy fluence or dose) can be defined in the input file, and
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results are reported in an output file for each defined tally region, along with the standard

deviation for estimation of relative errors.

3.3 UCLA CT Dose Estimation Package

Although MCNPX provides a large variety of flexibility to define the shape and type of
radiation source, it does not accommodate the sophistication of a CT fan-shaped beam radiation
source, neither a ring source (for axial scans), nor helical source (for helical scans). In addition,
the ‘moving’ bowtie shaped filter cannot be defined directly in provided capabilities. Therefore,
the source FORTRAN code of MCNPX (source.f) was modified to take into account of the

details of the geometry of the CT sources.

Several modules were implemented in the source.f file to model all the details of the
initialization of each primary particle. These include CT source model and CT scan model. As
illustrated in Figure 3.1, CT source model include the photon spectra, scanner parameters such as
fan angel and source to isocenter distance, and bowtie filtration. CT scan model include
everything that defines the path of the source, such as scan start location, scan stop location,

pitch, and nominal collimation.

The main goal of these modules is to initialize the parameters of each primary particle.
These parameters include the definition of the definition of the definition of the energy of the
particle, the initial location and direction of flight of the particle, as well as the definition of the
bowtie filtration. More specifically, when a new photon is created, source.f assigns it an energy

value. Then the photon is initiated to have its 3-D spatial position (x,y,z) and, as well as 3-D
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components of a unit vector (u,v,w) pointing in the direction of the photon’s trajectory. These

parameters are then used by other MCNPX files to transport the photon and tally energy

deposition and dose from pre-defined phantom or patient geometry. The subroutine of source.f is

executed once for each primary particle, and based on defined probability functions in source.f,

the initial condition for each particle is different. The phantom or patient geometry is defined

within the geometry model, which is also shown in Figure 3.1. It should be noted that both CT

source model and CT scan model are implemented in the source.f file, while the geometry model

is implemented in the input file. The patient model includes patient geometry, tissue composition,

and tissue density.

CcT

source
model

-spectra
- fan angle

- source to
isocenter
distance

- bowtie
filtration

|

- scan start
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- scan stop
location
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collimation
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collimation

- helical
pitch

v

Implemented in the source.f file

Geometry

model

-patient
geometry

- tissue
composition
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density

Implemented in the input file

Figure 3.1 CT source model and CT scan model in source.f of UCLA CT Dose Estimation Package.

3.3.1. CT Source Modeling
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The CT source model is related to the definition of the energy and filtration for each
individual photon. The energy spectrum is kVp and scanner model dependent, and it was
generated using equivalent source method that was published previously’. The energy spectrum
is described by an energy probability density function (PDF). The Monte Carlo algorithm calls
for sampling from the energy PDF to select a value for the current photon. Since the random
number generator used in source.f (rang()) selects a value in the range of [0,1) uniformly (i.e., all
decimal values have the same chance of being selected), it is necessary to use the Inverse
Transform Method to properly sample the photon energy PDF. This method transforms the
uniform PDF in random number space (&) to the energy PDF in photon energy space (E) by

equating the respective PDFs:

p(E)dE =q(&)dS
Where p(E) and ¢ (&) represent the probability function in energy spectra space and random

number space. Given that q(&) = 1is equal for all &’s, thus:
p(E)dE =d&

E ¢
J-p(E)dE =jd5

[ p(E)dE =¢

Now if a = Emin and E = Emax, then:
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J p(E)dE =P(E)

Emin
where P(E) is, by definition, the energy cumulative distribution function (CDF). Substitution

from above gives:

P(E)=¢

So:

E=P7(S)
If p(E), and therefore P(E), is a known continuously differentiable function, then a random
photon energy can be obtained analytically using a randomly generated number from a uniform

sample.

The photon energy spectra used in source.f is not a continuous function, thus a discrete
form of the above Inverse Transform Method is used. This method utilizes a discrete CDF such
that:

E
CDF(E)=P(E)=> p(E)
i=0

As illustrated by Figure 3.2, in source.f the discrete method works using the following algorithm:

1. Randomly generate a number, &, between 0 and 1
2. Find the smallest discrete index value, i, such that CDF(E) > &
3. Set the current photon’s energy equal to the product of i and the energy interval used

between each index value in the CDF (in MeV). Mathematically, this states:
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energy [Mev] =i x - kVp x 0.001M
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Figure 3.2 Illustration of random sampling for initial energy of the partice. a) Cumulative
Distribution function; b) Probability Density Function.
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Figure 3.2 shows that energies with higher probabilities of occurrence are randomly
chosen more frequently by a uniform random number generator than energies with lower

probabilities of occurrence.

After the initialization of the energy for a particle, the particle needs to go through the
scanner filtration, including inherent filtration and bowtie filtration, as shown in Figure 3.3.
Since the location of the source is different for each individual particle, it is impossible to
explicitly model filtration in the geometry. Alternatively, the weight (wgt) feature in MCNPX
was used to take the filtration into account. By defining the weight of a particle, the user can
modify its contribution to the tally result. Filtration information (including both inherent filter
and bowtie filter) was generated using equivalent source method’® and was saved in text files
which can be read in by MCNPX to determine the weight factor for each particle. Based on the
direction of the particle, the pathlength of the particle travel through the filter can be calculated
(x); with the information about the composition of the filtration material, the attenuation
coefficient of the filtration () could be calculated. Therefore the total attenuation factor from the
filtration for each particle could be calculated assuming exponential attenuation: e ™#*. This

factor is applied as the weigh parameter in MCNPX.
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{

Figure 3.3 X-ray source and bowtie filtration of a CT source.
3.3.2. CT scan modeling

After the energy of the photon is specified, the initial location of the particle was
uniformly sampled from a predefined path, which depends on the parameters of the CT scanner,
as well as the scan protocol, including scan start and stop location, source to iso-center distance,
nominal collimation, and pitch (if it’s a helical scan). There are a variety of options to choose
from when setting the source motion: helical scan, single axial scan, contiguous axial scan, or
fixed source scan. Each of these options allows the source to exist in a set of specific positions,
from which the codes in source.f randomly samples with a uniform probability. The pathways for
each mode of source motion were specifically defined based on the scan parameters. Simulating

a very large number of photon histories will theoretically sample the entire path.

After the energy and location is initialized, the initial direction of the particle was
specified by the definition of a vector within the range of assigned trajectories. The assigned
trajectories depend on the source to iso-center distance, fan angle, and actual collimation width.
These parameters confine the direction of the particle to be within a rectangle at the plane

perpendicular to the source to iso-center line, as shown in Figure 3.4. A point within this
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rectangle is uniformly sampled in a random fashion, then the vector connecting the iso-center

and the sampled point is defined as the particle’s initial trajectory.

/ longitudinal (z),

determined by actual
collimation width

In plane (xy), determined
by fan angle

Figure 3.4 The trajectory representing the initial direction of the emitting particle is defined by
randomly sampling a point within a rectangle, which was determined by the geometry of the CT
scanner.

3.3.3. Geometry modeling and tallying

The geometry of the radiation transport environment is defined in the input file. Two
different types of geometry could be used in MCNPX: shape based geometry and voxel based
geometry. Shape based geometry uses definable geometric surfaces (such as plane, circle, cone)
to construct volume units (called “cells). Each cell’s chemical composition and density need to
be specified to provide its attenuation characteristics for radiation transport. An example of shape
based geometry is the MIRD phantom mentioned in 1.2.3. UCLA CT Dose Simulation Package
uses shape based geometry for all the CTDI simulations. VVoxel based geometry is composed of a

large number of voxels, with each voxel representing a small volume in the space with its
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specific chemical composition and density. An example of voxel based geometry is GSF family
phantom mentioned in 1.2.3. UCLA CT Dose Simulation Package uses voxel based geometry for
all the patient dose estimations. The composition and density for each tissue type in patient

models are from the ICRU Report 44 organ composition tables .

According to the needs, different types of tallies could be defined in the input file. These
include fluence and/or energy fluence through a surface, total deposited energy and/or average
dose within a cell (or a collection of cells for voxel based geometry), mesh tally which yields the
dose distribution within a defined volume. In this dissertation, CTDI simulations were realized
using average dose tally within a cell defined as active volume of the ionization chamber; organ
dose simulations were implemented using average dose tally within a collection of cells which

defines an individual organ; peak skin dose were implemented using the mesh tally feature.

3.3.4. Summary of the workflow of UCLA CT Dose Simulation Package

Figure 3.5 summarizes the workflow of UCLA CT Dose Simulation Package. The
initialization of the status for each primary photon is implemented in the source.f file. First, the
energy of the photon is initialized using the method described in 3.3.1 based on the spectra
information. Then the location of the photon is initialized using the method described in 3.3.2
based on scan parameters such as scan mode (helical, axial, contiguous axial, or fixed source),
scan start and stop location, nominal collimation, and pitch (for a helical scan). After the
initialization of the photon location, the direction of flight is initialized also based on the method

in 3.3.2 using parameters including source to iso-center, fan angle, and actual collimation width.
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When the initialization of the photon is finished, the information of the photon, together
with the information of the geometry defined in the input file, are fed into the radiation transport
process controlled by all the other MCNPX Fortran files. This process is repeated for a very
large number of times (defined as NPS in the input file) in order to achieve statistical
significance. Finally, based on the type of tally that was defined in the input file, corresponding

results can be obtained in the output files of MCNPX.

~
Initialize [ Implmented in source.f
» Use spectra
7
‘_:E )
S 4N * Implemented in source.f
S [nitialize B U q locati limati itch
nd photon se start and stop location, collimation, pitc )
= location
Z
0
w - ~
g. * Implemented in source.f
@ MULEUFS « Use fan angle, actual beam width, source to isocenter
JIGCIE  distance y
direction
~
« The transport is taken care of by MCNPX
G - The geoemtry is implemented in the input file
transport J

« The tally is defined in the input file acoording to the user's needs

Tallying
results

Figure 3.5 The overall workflow of MCNPX simulation for the UCLA CT Dose Simulation Package.
The initialization and photon transport are repeated for NPS times before the tallying results can
be obtained.
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3.4 Dose Estimation and Validation

Under the condition of Charged-Particle Equilibrium (CPE), which means the charge of
particles entering a small volume is equal to the charge of particles exiting that small volume,
dose (D) is equal to Collision Kerma (K.)"’. MCNPX can estimate results in any region of
interest (ROI) defined in the geometry. These results can be under different forms depending on
how they were specified in the input file. For example, F1 tally scores the fluence of particles,
and F6 tally scores the energy deposition with the ROI. In the UCLA CT Dose Simulation
Package, *F4 tally was used to estimate the energy fluence (W) within the ROI by track-length

estimate method”. Energy fluence can then be converted to K. by using energy dependent and

material dependent mass absorption coefficient (“en/p):

Emax

P k= [ w@: (/) dE
E=0

E material

This was achieved by using DE and DF cards in MCNPX.

A normalization methodology published previously was used to convert the raw MCNPX
output to absolute dose values*'. Normalization Factors that are k\/p and collimation specific
were generated by measurements and simulations in air at isocenter and were applied to raw

MCNPX results for other more complex geometries, such as CTDI or patient simulations.

CTDI simulation results were benchmarked with measurements for all the different CT

scanner models from various manufacturers in order to validate different factors during the
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modeling process, such as geometry, spectra, and bowtie filtration. The agreement between
measurements and simulations were within 6% for all different combinations of scanning

parameters for each CT scanner model ™.

3.5 Parallelization of the Package

Due to the repeated sampling nature of Monte Carlo methods and the complex geometry
of CT scanners as well as the patient models, the MCNPX simulations often take very long time
to run. In order to circumvent this limitation, it is imperative to take the advantage of the power
of parallel computation and make the workflow more efficient. MCNPX comes with the parallel
FORTRAN coding that implement Message Passing Interface (MPI) protocols to help the
communications between different computing units and therefore facilitate the overall
computational performance. Therefore, MCNPX can be compiled with the capability of parallel
computation. However, the modifications to the source (source.f) also need to be parallelized so

that it can function in a parallel computing environment.

In order to achieve that goal, the structure of the source.f code was modified to make sure
that all the parameters, including the geometry information such as source to iso-center distance,
spectra information as well as the bow-tie filtration information can be passed into different
computing units. After these modifications, the CT Dose Simulation Package was able to be
compiled and used at a cluster server with 64 AMD 2.0 GHz processors. Depending the number

of CPUs specified, the running time was reduced from tens of hours to be within an hour.
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Chapter 4 Peak Skin and Eye Lens Dose from Brain-Perfusion CT Examinations Based On

Monte Carlo Simulations’
4.1 Introduction

With the increased z-axis coverage and improved temporal sampling rate of multi-
detector CT (MDCT) scanners, brain-perfusion scanning has become a viable tool for evaluating
cerebral perfusion defects in patients with a suspicion of stroke. CT perfusion plays an important
role in determining the nature, age, mechanism and potential reversibility of a stroke rapidly and
within the critical therapeutic time window’®. Brain-perfusion examinations with MDCT are also
an important tool in the evaluation of brain tumors. Applications include using differences in the
intrinsic perfusion characteristics of brain neoplasms to determine their malignant potential, and

assessing response to therapy by monitoring changes of the integrity of the blood-brain barrier’.

CT perfusion imaging requires repeatedly exposing one location of the head in order to
monitor the uptake and wash-out of iodinated contrast. These images are then used as an input
for post-processing calculations that allow one to estimate functional cerebral perfusion

parameters such as mean transit time, cerebral blood flow, tissue permeability, and cerebral

" This chapter is based on the following publication:

Zhang D, Cagnon CH, Villablanca PJ, Cody DD, Stevens DM, Zankl M, DeMarco JJ,
McCollough CH, Turner AC, Khatonabadi M, McNitt-Gray MF. “Peak Skin and Eye Lens
Dose from Neuro-Perfusion CT Examinations Based On Monte Carlo Simulations”. AJR,
198:412-417, 2012.
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blood volume®. To repeatedly scan the same volume of brain tissue, there is typically no table
motion during the scan (some recent advances have enabled scan modes in which the table is
moved rapidly back and forth to increase z-axis coverage, yet maintaining a sufficient temporal
sampling.). In either approach, the accumulated radiation dose to the skin or eye lens can be
high, leading to concerns about potential radiation injury from these scans. For example, high
radiation doses to local tissues (skin, lens of eye) may be delivered that have the potential to
cause deterministic effects such as erythema (skin reddening), epilation (hair loss) or
cataractogenesis (if the eye lenses are exposed by the x-ray beam). According to some recent
studies, the thresholds for these effects could be as low as 1 Gy or even lower® ™, Several
approaches have been suggested to avoid direct exposure of the eye lens, such as tilting the
gantry to avoid the lens or maximizing the distance between the scan volume and the eyes.
However, the effectiveness of these techniques in reducing lens dose has not been clearly

demonstrated using Monte Carlo simulations.

It is important for radiologists, medical physicists and CT technologists to understand
local radiation dose to skin and eye lens from CT brain-perfusion examinations to avoid
unnecessary radiation hazards. The purpose of this study is to: (a) use Monte Carlo simulation
methods to accurately estimate the radiation dose to the eye lens and skin from CT brain-
perfusion studies; (b) investigate how closely the dose metric reported on the scanner console
(CTDIy) matches actual eye lens and skin doses estimated using Monte Carlo methods; and (c)
investigate the efficacy of dose reduction techniques to exclude the eye lenses from the primary

scan range.
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4.2 Methods
4.2.1. CT Scanner Models

UCLA CT Dose Simulation Package was used to develop MDCT source models to
simulate scanners from all major manufacturers, including the Siemens Sensation 64, GE
LightSpeed VVCT, Philips Brilliance 64, and Toshiba Aquilion 64. Each of these MDCT source
models has been benchmarked against physical measurements made in phantoms under a variety
of conditions, and each agreed to within 5%"°. The simulations take into account various aspects
of the individual CT scanner designs, and CT perfusion protocol parameters, such as x-ray beam
spectra, bowtie filtration, x-ray collimation characteristics, scan location and other factors*-®.

The user is able to specify acquisition parameters such as tube voltage (kVp), current-time

product (mAs), and collimation, etc.

4.2.2. Patient Model

To estimate dose to the skin and eye lens, an adult female patient model, Irene, from the
GSF (now: Helmholtz Zentrum Minchen) family of voxelized models was used. This model was
developed based on whole body CT images of a female patient 32 years of age by individually
segmenting radiosensitive organs and tissues, including skin and eye lens®®. The weight and the
height of the patient model were 51 kg and 163cm, respectively. The voxels in the model were

1.875 mm x 1.875 mm x 5 mm, with a resolution of 5 mm in the longitudinal direction..

4.2.3. Peak Skin Dose and Eye Lens Dose Estimation
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By defining the tally voxels at various locations, the radiation dose can be assessed
anywhere in the patient models using MCNPX. In order to get the peak dose for skin, the mesh
tally feature in MCNPX was used to get 3D dose distribution in the patient model within the scan
range. Mesh tallies are composed of a 3D array of voxels in a high-resolution Cartesian-
coordinate mesh structure. These mesh tally voxels were set to overlap perfectly with the voxels
of the patient phantom. Since the mesh tally result is a 1D array representing the 3D dose
distribution, they do not distinguish between different tissues. Therefore in order to localize the
skin tissue and eye lens tissue, a MATLAB subroutine was created to map the original patient
model matrix to the 3D dose distribution matrix from mesh tally. The peak skin dose and eye
lens dose were then obtained as the maximum dose and the average dose of those voxels
identified as belonging to the skin and eye lens, respectively. The dose results were first divided
by the density of the skin or eye lens to convert the unit from MeV/cm®/particle to

MeV/g/particle, then it was multiplied by the normalization factors to get absolute dose.

4.2.4. Monte Carlo Simulation of Brain-perfusion CT Examinations

Simulations were performed using cerebral perfusion acquisition protocols posted on the
website of The American Association of Physicists in Medicine (AAPM)®’. These included
protocols for three out of the four scanners modeled in this study and are summarized in Table
4.1. Since the published protocols do not include a protocol for the Toshiba Aquilion 64 (only
Toshiba Aquilion One and Aquilion Premium), this scanner was excluded from this part of the
study. It should be noted that all the protocols employed lower tube potential and relatively lower

mAs as compared to non-cerebral perfusion protocols. That is because in brain-perfusion CT

42



examinations, the image quality is not as crucial as in other exams, e.g. a routine head exam.
Since the pixels are routinely binned during post-processing, and hence smoothing of the images,
the acquisition parameters need not resemble a routine head exam®. In all simulations, there was

no table motion, and repeated axial scans were simulated.

Table 4.1 AAPM-posted protocols for the range of scanners and modes that were modeled in this
study®’

Nominal No. of total
Scanner/Mode kVp | bowtie collimation mAs/rotation ’
. rotations | MAS
(total) in mm
Siemens

Sensation 64 80 | general | 24x1.2(28) 270 40 10800

GE \r%%geax'a' 80 | head | 64x 0.625 (40) 150 22 | 3300

GE \r:]g;jl'ecme 80 | head | 64x 0.625 (40) 150 45 6750
Philips Brilliance
64 Non-Jog mode 80 | general | 32 x 1.25(40) 125 30 3750

Note. --- There is no table movement for all four protocols listed in the Table. For Siemens
Sensation 64 and GE VCT cine mode, the x-ray beams are on continuously; For GE VCT axial
mode and Philips Brilliance 64 Non-Jog mode, the x-ray beams alternate between on and off and
the acquisitions are not continuous. kVp = kilovoltage, mAs = milliampere seconds.

Clinically, the locations of perfusion defects may vary, requiring different anatomy to be
scanned. However, to represent the worst case dose scenario, all of the simulated brain-perfusion
scans were performed at the location where the eye lenses were completely covered by the
primary beam (Figure 4.1). CTDlI, is a standardized quantity that measures the radiation output
of the scanners using a specific measurement phantom; CTDI, is not a measure of patient
dose®. It depends on the CT scanner model and the beam quality. The values of CTDly, that

correspond to each of these specific protocols were from the AAPM website. These values were
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compared to the Monte Carlo method estimated doses to eye lens and peak skin dose from each
protocol to determine the differences between estimated patient dose and the scanner output

(CTDly,) associated with the protocol.

Figure 4.1 An anterior-posterior view of the patient model (Irene) to illustrate the scan location.
The shaded rectangular box indicates the beam coverage (24 x 1.2 mm), where the eye lenses are
completely included.

Although most manufacturers recommend the use of lower tube potential, in order to
obtain more generalizable results that can be used for any acquisition protocol, simulations were
also performed for all available tube potentials for each of the four scanners, including the
Toshiba Aquilion 64. Again, repeated axial scans were simulated with no table movement, and
the scan location was directly over the eyes of the patient. For the Toshiba Aquilion 64, the 64 x
0.5 mm collimation and a small bowtie were used. The peak skin dose and eye lens dose were

reported on a normalized basis of milli-Gray (mGy) per 100 mAs.

4.2.5. Eye Lens Dose Reduction
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In order to investigate the change in eye lens dose from tilting the gantry away from this
structure, brain-perfusion axial scans were simulated using the AAPM posted protocol for an
example scanner, the Siemens Sensation 64 CT, using a protocol of 24x1.2mm, 80 kVp, 270
mAs/rotation, and 40 total rotations, with the gantry tilted by 5, 10, 15, 20, 25 and 30 degrees.
Figure 4.2a illustrates graphically that by tilting the gantry angle, the primary x-ray beam covers

a smaller volume of eye lens tissue.

In order to investigate eye lens dose reduction when the location of the scan volume was
moved further away (i.e. superior) from the eye lens, brain-perfusion axial scans were simulated
with the Monte Carlo tool using the same AAPM posted protocol for a Siemens Sensation 64 CT
scanner, with varying imaging volume positions centered from 5.5 cm above the eye lens to 5.5

cm below the eye lens at 0.5cm intervals. This is illustrated in Figure 4.2b.
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Figure 4.2. a). lllustration of tilting CT scanner gantry angle to avoid direct exposure to eye lenses.

Tilt angle 1 is non-ideal because the eye lens may still be partially irradiated directly. Tilt angle 2 is

preferred, where eye lens are completely out of the x-ray beam. b). Illustration of moving the scan
location further from the eye lens.

4.3 Results

4.3.1. Peak Skin Dose and Eye Lens Dose Using AAPM Protocol

The peak skin dose and eye lens dose to the Irene model from a brain-perfusion
examination using the AAPM protocols for three of the four scanners were calculated as
absorbed dose in unit of mGy, as shown in Table 4.2. For peak skin dose, the values ranged from
87 mGy to 348 mGy; for eye lens dose the values range from 81 mGy to 279 mGy. There are
significant dose differences between these scanners because the imaging protocols
(mAs/rotation, temporal sampling interval, etc.) are very different. Therefore one cannot claim
the superiority of one scanner over another only based on these dose information. CTDl,q
values, which are a dose index and are often used to approximate patient dose, are also listed in

Table 4.2. This table shows that peak skin dose and eye lens dose are estimated to be only 66%
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to 79%, and 59% to 63% of the CTDlI,, values, respectively under this worst case scenario (x-

ray beam directly over the eye lens).

Table 4.2 Monte Carlo Based Estimates of Peak Skin Dose and Eye Lens Dose to the Patient and
Measured CTDlI,, (MGy) From a Brain-Perfusion CT Examination For the AAPM-posted
Acquisition Protocols For Four Scanners From Three Different Manufacturers

skin eye lens
Scanner/Mode CTZIV‘"
(MGy) dose (MGy) | % of CTDI | dose (mMGy) | % of CTDI
Seigtri]g:SG , | 43 326 75% 256 59%
GE \r;%;eax'a' 216 170 79% 137 63%
GE \n/]ggec'”e 441 348 79% 279 63%
Brii?;:g: o | 132 87 66% 81 61%

4.3.2. Peak Skin Dose and Eye Lens Dose at All Tube Potentials for Four scanners

The peak skin doses from brain-perfusion examinations estimated for all available tube
potentials on all four scanners were normalized to mGy/100 mAs and are shown in Table 4.3.
The similar information for the eye lens dose is shown in Table 4.4. Since organ dose at a given
tube potential is proportional to total mAs, the dose from any arbitrary user-specific protocol
using the collimation provided in Table 4.1 can be estimated using these tables. For example, in

order to calculate the dose from the AAPM protocol (80 kVp) for the Siemens Sensation 64, the
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user simply needs to multiply the mGy dose values from this table by the ratio of the total mAs

([(270 mAs/rotation x 40 rotations)] / [100 mAs]), which is 3 mGy x 270 x 40 / 100 = 324 mGy.

Table 4.3 Estimated Peak Skin Dose to the Patient From a Brain-Perfusion Examination in the Unit
of mGy/100mAs For all Tube Potentials For Scanners From Four Different Manufacturers

Simulated peak skin dose (mGy/100mAs)

kVp setting 80 kVp | 100 kVp | 120 kVp | 140 kVp
Siemens Sensation 64 3.0 6.2 10.5 16.4
GE VCT (axial or cine) 5.2 8.8 13.2 18.2
Philips Brilliance 64 2.3 N/A 7.2 111

Toshiba Aquilion 64 5.4 9.5 14.1 18.1*

Note. --- The peak skin dose is normalized to the unit of mGy/100 mAs.
*Toshiba Aquilion 64 provides a tube potential setting of 135 kVp instead of 140 kVp.

Table 4.4 Estimated Eye Lens Dose to the Patient From a Brain-Perfusion CT Examination in the
Unit of mGy/100mAs For all Tube Potentials For Scanners From Four Different Manufacturers

Simulated eye lens dose (mGy/100mAs)
Scanner 80 kVp | 100kVp | 120 kVp | 140 kVp
Siemens Sensation 64 2.4 5.2 8.9 14.5
GE VCT 4.1 7.1 10.7 14.7
Philips Brilliance 64 2.2 N/A 6.7 10.4
Toshiba Aquilion 64 4.4 7.7 115 14.7*

Note. --- The eye lens dose is normalized to the unit of mGy/100 mAs.
*Toshiba Aquilion 64 provides a tube potential setting of 135 kVp instead of 140 kVp.
4.3.3. Eye Lens Dose Reduction by Tilting the Gantry Angle

Figure 4.3 shows the eye lens dose (in mGy) as a function of the tilted gantry angle from
a brain-perfusion CT examination using the AAPM protocol parameters for a Siemens Sensation

64 scanner. When the eye lens is completely covered, the absorbed dose is about 256 mGy.
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When the gantry was tilted by 15 degrees away from the eye lens, the dose to that structure was

decreased by 87%.
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Figure 4.3 Eye lens dose as function of tilted gantry angle from an AAPM protocol (80 kVp, 24 x 1.2
mm collimation, 270 mAs/rotation, 40 rotations) brain-perfusion examination for a Siemens
Sensation 64 scanner.

4.3.4. Eye Lens Dose reduction by Moving Scan Location away from the Eye Lens

Figure 4.4 shows the eye lens dose as a function of the scan location from a brain-
perfusion CT examination for a Siemens Sensation 64 scanner. The eye lens dose was decreased
by approximately 50% when the scan location was displaced just 1.5 cm away from the eye lens,
and 86% when the scan location was displaced a full 2 cm away (superior or inferior) from the

center of the eye lens. It should be noted that moving the scan location 2 cm resulted in a

geometry in which the eye lenses are just out of the x-ray primary beam. This is a function of
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both the simulated beam width for this scanner (24 x 1.2 mm = 28.8 mm nominal beam width,

actual beam width is 32.2 mm) and the anatomy of the Irene patient model.
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Figure 4.4 Eye lens dose as function of scan location from an AAPM protocol (80 kVp, 24 x 1.2 mm
collimation, 270 mAs/rotation, 40 rotations) brain-perfusion CT examination for a Siemens
Sensation 64 scanner. The width of the eye lens in z direction for this patient model (Irene) is 1cm.
The shaded box indicated the eye lens range in longitudinal direction. Therefore when the scan
location is 2cm away from the center of the eyes, the eye lens are completely out of the x-ray beam
(larger than half of the beam width plus half of the eye lens width).

4.4 Discussion

This study used Monte Carlo based simulations to provide estimations of peak skin dose
and eye lens dose from brain-perfusion CT examinations for specific acquisition protocols for
scanners from the four major manufacturers. Depending on the scanners used in the examination,
the peak skin and the eye lens dose ranged from 81 to 348 mGy for selected acquisition protocols

posted on the AAPM website.
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These results indicate that, while there are wide variations among scanners, the dose from
brain-perfusion CT scans performed on these scanners is well below 1000 mGy. While ICRP
guidelines suggest thresholds of 2000 mGy, 3000 mGy, and 2000 mGy for transient erythema,

temporary epilation, and cataract formation, respectively®**

, some newer studies have proposed
that the threshold for cataractogenesis is actually much lower if it exist at all®*®*. Therefore,
the radiation doses from CT brain-perfusion should be carefully monitored, and dose reduction

schemes should be employed whenever feasible.

In a clinical environment, multiple brain-perfusion scans may be performed within a
short period for various reasons, such as therapeutic repeat, change of the medical status of the
patient, repeat scans due to technical inadequacies including motion artifacts, contrast bolus
monitoring errors, or patient mis-positioning. Further, CT perfusion scan protocols are not
regulated among different clinical sites; hence, some may use lower kVp and mAs protocols,
while others may use higher kVp and mAs protocols. As described previously, since in brain-
perfusion CT exams, the image quality can afford to be lower than routine head exams, it is
important for each clinical site to optimize their scan protocols according to the characteristics of
the CT scanner to ensure lower radiation dose delivery to the patients. For example, lower tube
potential should be used, which is also appropriate for quantitative CT studies; mAs should be
lower than diagnostic head exams; the number of acquisitions should be minimized to achieve
lower total mAs without sacrificing the sampling rate. To assist clinicians in accounting for site
to site variations in the applied protocols, Table 4.3 and Table 4.4 provide a tool for calculating

the peak skin dose and the eye lens dose from any acquisition protocol. In some sites, only

51



processed perfusion map images are provided to the radiologists. In these cases, the acquisition
and dose parameters (kVp, mAs, CTDl,q) should still be monitored by the radiologists (e.g.,

through review of the patient protocol page or dose report summaries).

As an illustrative example, an arbitrary brain-perfusion scanning protocol using 100 kVp,
200 mAs/rotation, and 40 rotations at a GE VCT scanner is considered. The total mAs is 8000
(200 mAs/rotation * 40 rotations). This requires that the normalized dose value of 8.8 mGy/ 100
mAs (obtained from Table 3, GE VCT scanner at 100 kVp) has to be multiplied by a factor of 80
(total mAs of 8000 divided by 100) to obtain the peak skin dose. The result is an estimated peak
skin dose of approximately 704 mGy. It should be noted that in these Tables the dose to eye lens
represents the worst case scenario. Therefore, if the x-ray beam does not irradiate the eye lens
directly (e.g., by controlling the longitudinal and angular positions of the images), the eye lens

will receive lower radiation dose, as demonstrated in Figure 4.3 and Figure 4.4.

Although the CTDlI, is the value reported on the scanner console and in all dose reports
on the scanner, it is not patient dose®. Rather, CTDIyq is defined as the average dose to a
homogeneous 16 cm diameter acrylic phantom for a 100 mm-long scan. It is an index that
describes the amount of radiation being emitted by the scanner. This study showed the
overestimation of CTDlI,, to both the skin dose and the eye lens dose. This is because in CTDI
determinations, the scattered radiation generated in the 200mm long ion chamber is included,
which represents contributions from adjacent scanning positions; while in brain-perfusion scans,

there are no scatter from adjacent tube positions (or very little, if there are two adjacent
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acquisitions). Overall, CTDI,, does provide a very conservative estimate (higher by at least
30%) of the peak skin and the eye lens doses, especially for the eye lens dose, since the numbers
provided in Table 4.2 represent the worst-case scenario with direct irradiation of the eyes. This
conservatism is recognized in international CT safety standards, which acknowledge that

CTDIyo Will overestimate surface dose for perfusion scans®.

Radiation dose to the eye lens can be effectively reduced by avoiding direct exposure of
this tissue. The reduction potential depends on the anatomy of the patient and the beam, so the
absolute gantry tilt angle or scan location do not necessarily result in the percent dose reduction
shown in Figure 4.3 and Figure 4.4. However, the dose drop off is obvious once the eye lens is
outside the primary beam. This can be achieved by tilting the gantry angle, tilting the patient’s
head or adjusting the scan location. The sharp drop off in Figure 4.3 and Figure 4.4 suggests that
the contribution from scattered radiation to the eye lens dose is small. This is probably because
the eye lenses are located at the body surface, where there is less scatter build-up than at
locations at depth within the patient. Although these two techniques (tilting the gantry angle and
moving the scan location away from the eye lens) will not reduce the peak skin dose, they may
be employed in clinical practice to ensure lower eye lens doses and presumably a lower risk of
developing cataracts. Needless to say, the exact tilt gantry angle and scan location should be
determined by a neuro-radiologist so that the region of interest (mid cerebral area including the
basal ganglia nuclei for suspected stroke patients) is completely within the imaged volume so
that the clinical objectives of the examination are not compromised in an effort to minimize dose

to the lens of the eye.
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It is a limitation of this study that only one scanner from each of the four major
manufacturers was modeled. These did not include some new scanners (e.g. GE Discovery
750HD scanner, Siemens Definition Flash scanner), which have a scan acquisition mode
(sometimes referred to as a shuttle mode or a short helical scan) to move the patient in and out of
the gantry during the brain perfusion examination in order to image a greater volume of brain
tissue. Some of these scanners do not support tilting of the gantry. Therefore, in the setup of the
patient, the patient’s chin should be tilted toward the chest (if possible) to better avoid the
exposure of the eyes. In addition, some new scanners provide a coverage that is wide enough to
include the whole brain anatomy (e.g. Toshiba Aquilion One scanner with 160 mm longitudinal
coverage); for such scans, the eye lenses are inevitably within the beam during the whole
examination, and therefore the possibility of dose reduction to the eye lens by moving the scan
location or tilting the gantry does not exist. However, manufacturers offering whole brain
imaging have introduced methods to assist in dealing with dose concerns by performing all
required imaging functions in a reduced number of scans, such as an initial non-contrast scan,
followed by a second contrast enhanced scan from which the arterial (CTA), venous (CTV) and

brain perfusion (CTP) data are extracted.

Only one adult patient model was studied in this work and it may not represent the entire
patient population. Usually patients with smaller size receive higher organ dose when the same
scanning technique is used®®***®. This will be investigated in Chapter 5. Pediatric patients will
receive higher organ doses for the same scanning protocol, but brain perfusion examinations are

performed primarily in adult patients and hence adult patients are more relevant. Additionally,
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for very young pediatric patients in which the calvarium is less calcified than for adults, an even
lower mAs can be used. Tube current modulation (TCM) was not simulated in this study because
this approach is typically not used for brain-perfusion CT examination of the head. The size and
the shape of the head do not vary sufficiently to justify the need for this application.
Furthermore, the setting associated with TCM can easily be misunderstood in perfusion mode

and potentially cause over-exposure to the patients®.

In summary, the radiation dose from CT perfusion studies should be carefully controlled
to minimize patient dose and maximize the benefit-to-risk ratio of the examination. Clinical
institutions can use the results from this study to ensure that their brain-perfusion protocols (for
any of the four scanners at any selected tube potential) operate below the limits where
deterministic effects may be seen from radiation dose to eye lens and skin. In addition, it was
demonstrated that the CTDI,, value reported on the scanner consoles overestimates the peak
skin and eye lens doses from brain-perfusion studies. Therefore it should only serve as a
conservative predictor. Tilting the gantry angle and moving the scan location further away from
structures vulnerable to deterministic effects, such as the eye lens, could effectively reduce the
dose to these structures. It is suggested that these dose reduction techniques be employed in

clinical practices whenever possible.
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Chapter 5 Estimating Peak Skin and Eye Lens Dose from Neuro-Perfusion Examinations
Using Monte Carlo Based Methods: Comparing the Monte Carlo Results with CTDlvol,

TG111, and IMPACT Dosimetry Tool
5.1 Introduction

In order to investigate the radiation dose from neuro-perfusion CT scans, either
retrospectively or prospectively, it is essential to have dose metrics that are easily measured and
obtained. CTDI calculation assumes a contiguous set of scans over a relatively large region, and
the measurements involve the use of a 100mm long ion chamber, which approximates multiple
scan average dose (MSAD) for scans with table incrementations. While this metric applies to
many clinical uses of CT, in neuro-perfusion scans however, there is no table incrementation and
local peak doses to skin and eye lens are of more interest. Chapter 4 demonstrated that CTDI
overestimates the peak skin dose. This is also shown in some other studies®. It may be more
appropriate to use methods described in AAPM TaskGroup 111 report®’, where the
measurements are performed at the 12:00 position of a 16cm diameter PMMA phantom using a
small ion chamber with a shorter active length in longitudinal direction to estimate peak dose.
Despite the fact that TG111 measurement could potentially provide more accurate dose
estimation to peak skin and eye lens dose, it still does not take into account of the complexity of
the heterogeneity of patient’s anatomy. IMPACT CT patient dosimetry calculator, a commonly
used tool for CT dose purposes, allows the users to select the scan range and reports simulated
results based on Monte Carlo methods. However, it matches the modern CT scanners with the

original modeled CT scanners using a specific technique instead of directly modeling the modern
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CT scanners. Furthermore, it uses the MIRD mathematical patient model, in which all the organs
are represented by highly approximated simple geometry and also does not appreciate the
anatomical difference between patients. On the other hand, Monte Carlo based methods
simulations using realistic voxelized patient models have been regarded and accepted as the most

reliable method for the estimation of radiation dose to individual organs*>%8>9495.98-101

The local dose to skin tissue and eye lens from CT neuro-perfusion examinations should
be well understood so that potential radiation safety issues could be avoided. Chapter 4
investigated the peak skin dose and eye lens dose delivered to a patient during CT neuro-
perfusion scans for a range of scanning protocols. The purpose of this study is to: (a) extend the
previous study and investigate dose to a variety of patients and (b) investigate how well these
doses can be matched by some commonly used CT dose metrics or tools, such as CTDI, TG111

measurements, and IMPACT.

5.2 Methods

5.2.1. Patient Models

On GSF family of voxelized models, both skin and lens of the eye were explicitly
represented in these patient models and so radiation dose could be tallied in these voxels.
Because neuro-perfusion examinations are rarely performed on pediatric patients, only adult
patients were considered in this study. Therefore two adult male and two adult female patient
models (Irene, Donna, Golem, and Frank) were selected to represent a reasonable adult patient

cohort. Although the results for Irene were reported already in Chapter 4, it is still included in
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this chapter for comparison with other patient models. As shown in Table 5.1, although these
four patient models have various body habitus, their head sizes are very similar. Since in neuro-
perfusion scans the head is the only body part exposed to radiation, these four models represent

the variation of patient anatomy, rather than the variation of patient body size.

Table 5.1 Age, gender, and size descriptions of the 4 models used in this study.

Model Age Gender Weight Height  Head perimeter
(yr) (kg) (cm) (mm)
Golem 38 Male 69 176 61
Frank 48 Male 95 174 61
Irene 32 Female 51 163 57
Donna 40 Female 79 170 56

5.2.2. Scanning Protocols

For each combination of the four patient models and the four scanner models, all
available kVps were simulated and the doses were reported on a per 100mAs basis. These results
can be easily scalable by the actual mAs used for a given scanner and kVp setting. As in Chapter
4, the scan simulations were performed using repeated axial scans at the location where the

primary beams cover the eye lens completely.
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To summarize the scanning protocols, the widest collimation and typical bowtie filter for
head scan was used for each scanner (24 x 1.2mm and general bowtie for Siemens Sensation 64;
64 x 0.5mm and small bowtie for Toshiba Aquilion 64; 64 x 0.625mm and general bowtie for

Philips Brilliance 64; 64 x 0.625mm and medium bowtie for GE VCT).

5.2.3. Measurements and IMPACT Calculations

Although Chapter 4 provided the comparison of CTDI and actual patient dose, it was
only for a limited set of scan protocols (only for the kVps used in AAPM protocols). Therefore,
in order to investigate how well CTDI and TG111 measurements predict the peak dose of eye
lens and skin under a variety of different k\Vps, these values were obtained by measurements on
the scanners. To obtain CTDIvol values, standard CTDI head measurements (single axial scan
with a 100mm long pencil ion chamber in a 16 cm diameter PMMA CTDI head phantom) were
performed using the same collimation and bowtie settings for all four scanners investigated in
this study under all available tube voltage. Then CTDIvol values under each condition were

calculated by the weighted summation of CTDI at 12:00 position and CTDI at center position®.

For TG 111 small chamber measurements, single axial scans were also performed on the
12:00 position of a CTDI head phantom using a Radcal Farmer chamber with the active length of
18mm. Due to limited access to all scanners, TG111 small chamber measurements were
performed under all kVps only for the Siemens Sensation 64 scanner, the GE LightSpeed VCT

scanner, and the Toshiba Aquilion 64 scanner.
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Eye lens dose were obtained for each kVp setting for all four scanners from IMPACT
(version 1.0.3) on a per 100 mAs basis. IMPACT only reports the average dose to skin instead of
local peak skin dose therefore only eye lens doses were compared between Monte Carlo
simulations and IMPACT. The scan range was selected so that the eye lens is fully covered by

the primary beams, as the scenario in the simulations. This is shown by Figure 5.1.

[T

Figure 5.1 The mathematical phantom in IMPACT for the calculation of eye lens dose. The shaded
region shows a scan range from z=82 to z=87 which completely covers the eye lens.

5.3 Results

5.3.1. Computation Time
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All the simulations were performed on a parallel computing cluster server with 32 AMD
2.0 GHz processors. The number of particles (NPS) in MCNPX was set to 100 million to ensure
good statistics. The mesh tally used in this study caused prolonged running time because all the
photon interactions happened in each mesh tally voxel had to be tracked. The average running
time for each simulation is about 5 hours. The error of all the results from mesh tally was within

1%.

5.3.2. Peak Skin Dose and Eye Lens Dose for Different Scanners and Patients

Peak skin dose and eye lens dose were calculated in the unit of milli-Gray (mGy) on a per
100 mAs basis for each kVp on all four scanners for all four patients, as shown in Table 5.2. It
was also graphically plotted in Figure 5.2. The abscissa of Figure 5.2 is the combination of
different scanners and patient models, while the ordinate is the radiation dose for different k\Vps.
As shown in Figure 5.2, peak skin dose is almost always a little higher than eye lens dose under
the same condition, but the behavior of peak skin dose and eye lens dose across different kVp,
different scanners and different patient models are very similar. Depending on the scanner and
patient model, the peak dose to skin from a single neuro-perfusion examination ranges from 2.3
mGy/100mAs to 18.2 mGy/100mAs. For example, skin peak dose for Irene at 140kVp from GE
LightSpeed VCT is 18.2 mGy/100mAs. Meanwhile, the peak dose to eye lens ranges from 2.0
mGy/100mAs to 16.2 mGy/100mAs. For example, eye lens dose for Golem at 135kVp from
Toshiba Aquilion is 16.2 mGy/100mAs. It should be noted that 140kVp is not usually used in
clinics. Rather than providing clinical relevant dose values, these high kVp results serve as a

reference for dose levels performed at lower kVps.
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Table 5.2 Peak skin dose and eye lens dose from Monte Carlo neuro-perfusion simulations for four patient models under all kVps on four
CT scanners. The doses were normalized on a mGy per 100 mAs basis. a) Peak skin dose; b) Eye lens dose.

a) Peak skin dose

Siemens Sensation 64 Philips Brilliance 64 Toshiba Aquilion 64
(MGy/100mAs) GE VCT (mGy/100mAs) (MGy/100mAs) (MGy/100mAs)
kVp Irene | Frank | Donna | Golem | Irene | Frank | Donna | Golem || Irene | Frank | Donna | Golem | Irene | Frank | Donna | Golem
80kVp 3.0 2.8 3.0 2.8 5.2 5.0 5.2 4.9 2.3 2.4 2.3 2.4 54 | 53 5.4 5.2
100kVp 6.2 6.1 6.3 5.9 8.8 8.5 8.8 8.3 NA | NA NA NA 95 | 9.2 9.5 9.0
120kVp 105 | 103 | 105 | 100 | 132 | 128 | 13.1 124 | 7.2 7.5 7.3 73 | 141 | 138 | 142 | 134
140kVp (135for | 4,4 | 165 | 165 | 160 | 182 | 175 | 181 | 17.0 | 111 | 116 | 111 | 112 | 181 | 176 | 181 | 17.1
Acquilion)
b) Eye lens dose
Siemens Sensation 64 Philips Brilliance 64 Toshiba Aquilion 64
(MGy/100mAs) GE VCT (mGy/100mAs) (MGy/100mAs) (MGy/100mAs)
Irene | Frank | Donna | Golem | Irene | Frank | Donna | Golem | Irene | Frank | Donna | Golem | Irene | Frank | Donna | Golem
80kVp 2.5 2.5 2.2 2.6 41 | 4.3 3.8 4.6 22 | 21 2.0 2.3 44 | 4.6 4.0 4.8
100kVp 5.4 5.4 4.8 5.6 71 | 75 6.6 7.8 NA | NA NA NA 7.7 | 82 7.1 8.5
120kVp 9.3 9.3 8.4 96 | 10.7 | 11.4 9.9 11.8 | 6.7 | 6.8 6.2 71 | 115 | 123 | 106 12.7
140Ak>;/qpui$i103n5) for | 150 | 150 | 138 | 156 | 147 | 157 | 136 | 161 | 104 | 104 | 98 | 110 | 147 | 158 | 136 | 162
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Skin dose under each kVp on all four scanners for all four patients
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Figure 5.2 Skin dose (a) and Eye lens dose (b) under each kVp on all four scanners for all four

patient models on a 100mAs basis.
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Higher kVp always results in higher dose when the same mAs were used. For example,
peak skin dose from 120kVp is always about 2 to 3 times higher than that from 80kVp across all
the scanners and patient models. The dose difference from various scanners is large. For
example, for patient Donna at 120 kVp, the peak skin dose from Toshiba Aquilion 64 is 14.2
mGy/100mAs, while it is 7.3 mGy/100mAs from Philips Brilliance 64. This shows that a factor
of two differences can exist between two different scanners, even using the same imaging
protocol. This is consistent with results found in a previous publication'%. The dose difference
from various patients is fairly small. For example, for Siemens Sensation at 80 kVp, the peak
skin dose ranges from 2.8 mGy/100mAs to 3.0 mGy/100mAs among all four patient models

investigated in this study.

5.3.3. Performance of CTDIvol Measurements to Predict Peak Skin and Eye Lens Dose

Table 5.3 shows the CTDIvol measurements that were obtained at corresponding bowtie
filtration and collimation settings under all available kVps on the four scanners modeled in this
study. Similar to the simulated organ dose, these values were also normalized on a mGy/100mAs
basis. Figure 5.3a shows the ratio of CTDIvol to peak skin dose, while Figure 5.3b shows the
ratio of CTDIvol to eye lens dose, for all kVps, all scanners and all patient models. The ratio
values higher than one mean overestimation, while ratio values lower than one indicate

underestimation.
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Table 5.3 CTDIvol measurements for all kVps on four scanners modeled in this study. The values
were normalized on a mGy per 100 mAs basis.

Siemens Philips Toshiba
Sensation 64 GEVCT Brilliance 64  Aquilion 64
80kVp 4.0 7.5 3.3 6.9
100kVp 8.3 13.3 NA 13.2
120kVp 13.7 20.2 11.1 19.9
140kVp (135 for 209 28.0 16.1 26.5
Acquilion)

Figure 5.3 shows that CTDIvol generally overestimates peak dose to both skin and eye
lens. Depending on kVp, the scanner and patient model, CTDIvol can overestimate peak skin
dose by 26% to 65%, with the average overestimation of 44%, and it overestimates eye lens dose
by 33% to 106%, with the average overestimation of 67%. CTDIvol overestimates eye lens dose
more than peak skin dose because eye lens dose is usually a little lower than skin dose, as shown

in Figure 5.2.
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Estimation of Skin dose using CTDIvol under each kVp on all four
scanners for all four patients
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Estimation of eye lens dose using CTDIvol under each kVp on all four
scanners for all four patients
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Figure 5.3 CTDI estimation of skin dose (a) and eye lens dose (b) under each kVp on all four
scanners for all four patient models.
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5.3.4. Performance of TG111 Measurements to Predict Peak Skin and

Eye Lens Dose

Table 5.4 shows the TG111 measurements for all conditions. Figure 5.4a and Figure 5.4b
show the ratio of TG111 measurements to peak skin dose and eye lens dose, respectively. As
previously mentioned in 5.2.3, TG111 measurements were only performed for three of the four
scanners so Figure 5.4 has less data points. Figure 5.4 shows that TG111 measurements provide
a better prediction to both peak skin and eye lens dose than CTDIvol does. Depending on kVp,
the scanner and patient model, TG111 measurements predict the skin dose from 14%
underestimation to 33% overestimation, with the average prediction across all kVps, scanner and
patient models of 7% overestimation. For eye lens dose, the TG 111 measured values predict the
eye lens dose from 9% underestimation to 66% overestimation, with the average prediction of

27% overestimation.

Table 5.4 TG111 measurements for all k\Vps on four scanners modeled in this study. The values
were normalized on a mGy/100 mAs basis.

Siemens GE Toshiba
Sensation 64 VCT  Aquilion 64
80kVp 2.8 6.3 5.4
100kVp 5.6 10.9 9.4
120kVp 9.4 16.5 14.8
140kVp (135 for 14.2 226 19.1
Acquilion)
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Estimation of Skin dose using TG111 under each kVp on all four scanners
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Figure 5.4 TG111 estimation of skin dose (a) and eye lens dose (b) under each kVp on two scanners
for all four patient models.
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5.3.5. Performance of IMPACT Calculations to Predict Eye Lens Dose

Table 5.5 shows the IMPACT calculations for eye lens dose under each condition. Figure
5.5 shows the ratio of IMPACT calculations of eye lens dose to the simulated eye lens dose using
Monte Carlo methods. This figure demonstrates that IMPACT calculations also overestimate eye
lens doses in most of the cases. Depending on the kVp, the scanner and patient model, the

overestimation can vary from 2% to 82%. The average overestimation is 43%.

Table 5.5 IMPACT eye lens dose calculations for all kVps on four scanners modeled in this study.
The values were normalized on a mGy per 100 mAs basis.

Siemens GE Philips Toshiba
Sensation 64 VCT  Brilliance 64  Aquilion 64
80kVp 3.3 6.7 3.2 5.7
100kVp 6.6 12.0 12.0
120kVp 11.0 18.0 9.9 17.0
140kVp (135 for 16.0 24.0 13.0 23.0
Acquilion)
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Estimation of eye lens dose using IMPACT under each kVp
four scanners for all four patients
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Figure 5.5 IMPACT estimation of eye lens dose under each kVp on all f
patient models.

5.4 Discussion and Conclusion

our scanners for all four

This study used Monte Carlo method based simulations and provided estimations to peak

skin dose and eye lens dose from CT neuro-perfusion scans for a range of adult patients under

different tube voltage settings for four scanners from all major manufacturers. Several dose

metrics, including the widely used CTDIvol and the newly proposed TG111 measurements, as

well as IMPACT, a commonly used CT dose tool, were used in this study and their performance

to match the actual peak skin and eye lens doses were evaluated.

Figure 5.2 provided dose to skin and eye lens at all kVps on diff

different patients. By comparing the dose difference across kVp (each ¢

erent scanners for

olumn of data points), it

was shown that at the same mAs, higher kVp always yields higher organ dose. This is because
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the x-ray intensity is approximately proportional to the square of tube voltage, and there is larger
amount of photons coming out of the x-ray tube at a higher kVp, even at the same mAs. By
comparing the dose difference across patients, it was shown that the dose variation between
patients is very small. This is not contradictive to other studies indicating higher doses for
smaller patients®, because the body part of interest in this study is head, where the size is
relatively constant among adult patients. These results also indicate that the anatomical variation
between adult patients is not very large. The morphologies of both skin and eye lens are
reasonably constant across various patients: they are both organs located at surface and have
little shielding effect from surrounding organs. On the other hand, by comparing the dose
difference across scanners, it was shown that there is substantial dose variation between the
scanners. This is consistent with previous work which studied the doses to different organs in
abdominal region and also showed large dose differences'®. This is primarily because of
differences in filtration (including bowtie composition, thickness and shape) between various CT
scanners. However, one cannot assert the superiority of one scanner over another solely based on
the dose information because the image quality from these scanners can be different and is not

considered here.

The results of this study showed that CTDIvol overestimate peak skin dose by 26% to
65%, and it overestimate eye lens dose by 33% to 106%. This is because of the integration effect
of the 100cm long ion chamber. It captures the scatter tails of the longitudinal radiation profile
within the length of the 100 cm ion chamber and estimates the average dose to the active volume

in the chamber, while the peak dose obviously refers to a concept of local dose and does not
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account for the integration effect. TG111 measurement on the other hand, uses a small chamber
and it is closer to a peak dose measurement. Therefore it provides closer estimate to both eye
lens and peak skin dose. For example, TG111 predicts the skin dose from 14% underestimation
to 33% overestimation, and it predicts the eye lens dose from 9% underestimation to 66%
overestimation. However, it should be noted that when the collimation is narrower than the
active length of the small chamber (approximately 18 mm), partial volume correction would be
needed. Overall, CTDI does provide a very conservative estimate (high by at least 30%) of peak
skin and eye lens dose. Though there is underestimation in some scenarios, predictions using TG
111 measurements provide values that are closer to the simulated for both eye lens and skin dose.
However, physicists and physicians should be aware that it still does not equal to patient dose.
On the other hand, IMPACT CT dosimetry tool overestimate the eye lens dose by 2% to 82%.
This may due to the reason that IMPACT used a technique to match the old scanner CT models
to the modern CT scanner. The calculations did not take into account the sophistications of the

beam spectra and bowtie filtration designs of the newest scanners.

The fact that the data points in Figure 5.3 and Figure 5.4 are much closer to each other
than that in Figure 5.2 (both across different k\VVp within one scanner and across different
scanners) demonstrate that both CTDI and TG111 measurements reasonably take into account of
both the spectra variations across different k\Vp and across different scanners. It is meaningful to
compare these results in three different aspects. First, for a specific scanner and patient model
combination, the estimation differences between different k\Vps are small. For example, the

points representing different kVps in Figure 5.3 and Figure 5.4 almost perfectly overlap with
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each other. This fact indicates that both CTDI and TG111 dose metric take into account the
changes of the photon energy spectra: when a different kVp is used, the behaviors of these two
metrics are consistent with the behavior of the actual organ doses. Therefore the ratios are almost
the same at different k\Vps. Second, for one specific scanner but different patient models, the
estimation values do not vary much because the organ doses do not vary much across patient, as
analyzed previously. Third, there is some difference of the estimation values between different
scanners. For example, for Donna at 80 kVp, the CTDI overestimation of skin dose is 33% on
Siemens Sensation 64 scanner, 45% on GE LightSpeed VCT scanner, 43% on Philips Brilliance
64 scanner, and 28% on Toshiba Aquilion 64 scanner. This result seems to be inconsistent with
another previously published work where organ dose from helical scans on different scanners
were normalized by their CTDIvol and the normalized results were very close, thus suggesting
the feasibility to use the same coefficients to convert CTDIvol to organ dose even for different
scanners'®, The context is a little different in these two studies. In that study helical scans were
used, therefore each organ not only receives dose from the primary beam, but also receive
scatters from adjacent tube rotations. This is naturally equivalent to the intrinsic property of
CTDI measurement, where both primary beam and scatter tails were included in the measured
dose. In this study however, axial scans with no table motion were used and peak dose was of
interest, where there is no scatter from adjacent rotations. Since the results at different k\Vps
already shown that the photon spectra differences are well taken into account by CTDIvol, the
differences of CTDIvol performances among these four scanners could be from different bowtie

design, geometry and collimations.
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Although TG111 measurements were only performed for three scanners, Figure 5.4
showed that its performance is also not very consistent across these three scanners. For example,
for Siemens Sensation 64 scanner and Toshiba Aquilion 64 scanner, TG111 measurements are
very close to peak skin dose while for GE LightSpeed VCT scanner, TG111 measurements give
about 30% overestimation. Since there is no additional scatter from adjacent rotations in TG111
measurements, this dose metric should theoretically provide a more accurate estimate to point
dose. The fact that it overestimates peak dose for GE LightSpeed VCT scanner is probably

because of the scanner geometry and the shape of the bowtie filter.

The limitations of this study were already addressed in Chapter 4. For example, it did not
model a recently developed technique (volume shuttle mode) utilized in some new scanner
models during neuro-perfusion examinations. While this new technique may spread the total
dose to a larger volume of the patient’s anatomy, it may not necessarily reduce the peak dose, if
that there is still some overlap between the two beams at extremity positions, so that certain part

of the anatomy is always irradiated.

In summary, radiation dose from CT neuro-perfusion examinations should be closely
managed. These include the accurate estimation of radiation dose (including the prospective
prediction of dose and the retrospective evaluation of dose), the reduction of dose, the
optimization of scan protocol, the enforcement of optimized scan protocol and the elimination of
operation errors. This study could facilitate the optimization of scan protocol by providing very

detailed dose perspectives across different patient and scanner models. In addition, it was
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demonstrated that TG111 measurements estimates peak skin and eye lens dose closer than both
CTDlIvol and IMPACT CT dosimetry tool. While TaskGroup Report 111 was just published and
these measurements are still not widely accepted, CTDIvol which is reported on the scanner can
still serve as a conservative estimation of the peak doses. However, one should be aware that
both TG111 peak dose metric and CTDIvol dose metric are still only indexes, instead of actual
patient dose. IMPACT CT dosimetry tool meant to report the actual patient dose, but its
approximations of both the CT scanner characteristics and the patient model limit itself to be

used as an accurate estimator of organ doses.
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Chapter 6 Variability of surface and center position radiation dose in MDCT'

6.1 Introduction

Estimating patient dose, and especially organ dose from Multidetector CT (MDCT),
continues to be of interest to the imaging community due to the continued growth in CT
utilization. Currently, the standard method of measuring CT radiation output, the CT dose index
(CTDI), requires the use of a standardized homogeneous cylindrical phantom, known as a CTDI
phantom, a 100 mm long pencil ionization chamber and a single axial scan to obtain values used
to compute CTDlyg0, CTDI,, and several other dose descriptors*®%. To account for parameters
that are related to a specific imaging protocol, especially for helical acquisitions, CTDlI,, was

introduced®®.

Due to the larger beam collimations of MDCT systems and cone-beam CT systems,
revisions of this methodology have been suggested and are under consideration for wider
adoption by the medical physics community. For example, Dixon investigated the limitations of

CTDlyo0 in MDCT and proposed a new method to perform calculations to estimate typical

" This chapter is based on the following publication:

Zhang D, Savandi AS, Demarco JJ, Cagnon CH, Angel E, Turner AC, Cody DD, Stevens DM,
Primak AN, McCollough CH, McNitt-Gray MF. “Variability of surface and center position
radiation dose in MDCT: Monte Carlo simulations using CTDI and anthropomorphic
phantoms” , Medical Physics, 36(3):1025-38, 2009.
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clinical CT doses, as opposed to CT scanner radiation output, with the use of a small volume

detector and a helical scan?®%°,

Small detectors have also been used with anthropomorphic phantoms to obtain
measurements that provide estimates of radiation dose to specific organs. Hurwitz et al*'!
estimated radiation dose to the female breast from 16-slice MDCT helical examinations using
metal-oxide-semiconductor field-effect transistors (MOSFETS) in an anthropomorphic phantom.

112 and Jaffe et al'*® developed methods to determine fetal

In separate efforts, Hurwitz et a
radiation doses resulting from 16-slice MDCT, using direct measurements of radiation-absorbed
dose in an anthropomorphic phantom designed to simulate a gravid woman. More recently, Deak

et al'* estimated typical doses by calculating the energy deposition in a CTDI and

anthropomorphic phantom using a collection of TLDs.

DeMarco et al**® developed a Monte Carlo-based method to estimate radiation dose from
MDCT using cylindrical and physical anthropomorphic phantoms. As part of their model
verification, physical measurements were made using a collection of 20 MOSFET detectors
placed nearly contiguously on the surface of the thorax of the anthropomorphic phantom. In a

separate effort, DeMarco et al**°

used Monte Carlo simulation methods applied to cylindrical and
physical anthropomorphic phantoms, where a film dosimeter was placed on the surface of CTDI
phantoms to observe and measure the magnitude of the surface dose variation in MDCT. Both

studies found that the larger cone angles from MDCT systems yield greater beam divergence and
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resulted in surface dose variations, with the peak value twice as high as the valley; these

variations were observed for both helical and contiguous axial scans.

These surface dose variations have potential implications for investigators who perform
surface dose measurements using small detectors on either homogeneous (e.g. CTDI) or
heterogeneous (e.g. anthropomorphic) phantoms. The purpose of this paper is to more
completely evaluate the variability of absorbed radiation dose in both cylindrical and
anthropomorphic phantoms at surface and central (or depth) positions when performing helical
or contiguous axial scans. Variability will be assessed using computational models of both types
of phantoms for a variety of z-axis beam profile (or simulated beam collimation) and pitch
conditions. Although previous work has demonstrated that there is some variability at the surface
of phantoms, this work will serve to further investigate and quantify this variability and the

factors that influence it.

6.2 Methods

6.2.1. Scanner Model

In this study, a 64-slice CT scanner system (Sensation 64, Siemens Medical Solutions,
Forcheim, Germany) was modeled for all simulations using Monte Carlo-based methods. The
models were based on previous work'!” and take into account the x-ray source spectra, beam
filtration (including bowtie filter) and scanner geometry (focal spot to isocenter distance, fan
angle, etc.) as provided by the manufacturer. For this scanner, the widest available beam

collimation is 24x1.2mm (nominal beam width of 28.8mm). The actual radiation profile was

78



measured using Optically Stimulated Luminescences (OSLs, CT Dosimeter, Landauer, Inc.
Glenwood, Illinois) that were exposed in air at isocenter during a single axial scan using the
24x1.2mm nominal collimation. The OSL dosimeter was then sent to Landauer for reading.
From the normalized radiation dose profile that resulted (a table of relative dose values as a
function of z-axis location), the full width at half maximum (FWHM) of the dose profile was
calculated to be 34.1 mm. This value was used as the measured beam width in the remainder of

this study.

6.2.2. Phantoms

The cylindrical homogeneous phantoms used for CTDI measurements are well defined by
U.S. and international regulatory agencies'®. The polymethylmethacrylate (PMMA) phantom,
PMMA rods and CTDI ion chamber were modeled, as described previously**®. For all

simulations in this manuscript, the 32cm diameter body CTDI phantom model was used.

A voxelized model of a heterogeneous anthropomorphic phantom, the ATOM family adult
male (CIRS, Norfolk VA), was also used in the simulations. This physical phantom is comprised
of the head and torso that represents a standard man who would have a height of 173 cm and
weight of 73 kg. The voxelized model of the phantom is comprised of three different materials:
bone, soft tissue, lungs. The model also includes the air around the phantom. The information
about the density and composition of each simulated tissue type used in the Monte Carlo
simulations was provided by the phantom manufacturer (Table 6.1). The voxelized phantom was

created using an approach developed previously**®*°. In this approach, spinal cord, spinal disk
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and soft tissues are consolidated into one equivalent material. At the level of the chest, the lateral
width of the phantom is 32cm, and the anterior-posterior (AP) thickness of the phantom is 22cm.

At the level of the neck, the phantom is approximately circular with diameter 14 cm.

Table 6.1 Description of Anthropomorphic Phantom Materials — Adult Male (ATOM, CIRS,
Norfolk, VA)'?

Materials Physical density Zett Electron Density
(gem™) (cc™)
Bones 1.60 11.5 5.03 x 107
Soft Tissue 1.055 7.15 3.43x 102
Lungs 0.21 7.10 0.681 x 10%

6.2.3 Monte Carlo Method

UCLA CT Dose Simulation Package was used to estimate dose distributions along the z-
axis at both surface and central positions for each phantom. By defining the tally points at
various locations, the radiation dose can be assessed anywhere in the model using the Monte
Carlo method. The mesh tally feature was used extensively in this study in order to efficiently
tally the dose distribution in a high-resolution Cartesian-coordinate mesh structure. Mesh tallies
are composed of a 3D array of voxels. A set of longitudinal mesh tallies was used to measure a
1D dose distribution for the CTDI phantom simulation, and a set of rectangular mesh tallies was

used to measure a 2D dose distribution for anthropomorphic phantom simulation.
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6.2.4. Simulation Experiments Under Different Beam Width, Pitch and Phantom

Conditions

6.2.4.1. Peripheral and Center Dose Profile for the CTDI Body Phantom

The purpose of these experiments was to investigate the nature and magnitude of the dose
variation at surface and center locations of the CTDI body phantom under a variety of pitch and
simulated beam width conditions. Pitch 0.75, 1.0 and 1.5 for helical scans, as well as contiguous
axial scans were simulated for CT scan range over the full length of the CTDI body phantom
(from -7.5cm to 7.5 cm) using 120kVp, 100mAs, 24 x 1.2mm wide detector configuration (28.8
mm nominal beam width). For each condition, both surface and center radiation profiles were

obtained from the simulation results.

To investigate the effect of radiation beam width, three different beam widths were
simulated for each experiment: (1) the nominal beam width of 28.8mm, which would be an ideal
beam width; (2) the measured radiation beam width of 34.1mm, which is a realistic condition,
and (3) a 41mm beam width which is 20% greater than the measured beam width and represents

an extremely exaggerated condition.

For each simulation, one-dimensional mesh tallies were obtained in the (simulated) ion
chamber at a peripheral position 1 cm below the surface and at the central location of the
phantom, corresponding to the locations of physical measurements. Thus, the distance to
isocenter was 15 cm for the peripheral location of the 32 cm phantom. The voxel size for each

element in the mesh tally was 4mm x 4mm x 1mm, with a resolution of 1mm along the z-axis.
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For each condition, the resulting z-axis profiles were determined from the mesh tally and
converted to absolute dose normalized to tube current (in mGy/mAs). From these profiles, the
magnitude of variation was estimated using percent ripple, which was calculated based on the

difference from values at the peak to those in the valley.

6.2.4.2. Surface and Center Dose Profiles in an Anthropomorphic Phantom

For the anthropomorphic phantom, we simulated helical scan pitch values of 0.75, 1.0,
and 1.5, as well as contiguous axial scans. The simulated scans started at the superior edge of the
phantom and continued until the inferior edge of the phantom, which covered the whole phantom
completely. Tube voltage of 120kVp and tube-current-time-product of 100mAs were used as
with CTDI phantom, but instead of various beam width settings, only the measured beam width
of 34.1mm was utilized for the anthropomorphic phantom. Since mAs was held constant, mean

dose decreased as pitch was increased, and vice versa.

To obtain the surface dose profile along the sagittal plane at the center of the phantom,
two steps were performed. First, since MCNPX does not allow specifying mesh tallies along a
non-straight line (e.g. the phantom surface locations along the sagittal plane), a set of rectangular
mesh tally elements were used on the whole sagittal plane at the center of the phantom. Each
mesh tally element has an x/y size of 2.968 mm x 2.968 mm and with a length of 2.5mm along
the z-axis. The positions and sizes of mesh tallies were carefully selected so that only one
material was included in each mesh tally. This two-dimensional mesh tally gave a dose

distribution map of the central sagittal plane of the phantom, including all the air voxels. Second,
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surface coordinates of the voxelized phantom were extracted along the interface between the air
and the tissue and surface dose profiles were generated. As before, the resulting profiles were

determined for each condition from the mesh tally and converted to absolute dose normalized to
tube current (in mGy/mAs). From these profiles, the magnitude of variation was estimated based

on the percent ripple.

6.2.4.3. The Effect of Tube Start Angle

Because each simulation demonstrated a periodic behavior, the effect of source phase
angle (or start angle of x-ray tube at the time the x-ray beam switches on) was investigated. In all
previously described experiments, a tube starting angle of O degrees (corresponding to 12 o’clock
in the gantry) was used. To further explore possible sources of variation due to start angle, the x-
ray tube start angles were changed to be 90, 180 and 270 degrees for a clockwise rotation. Since
the angular position of the x-ray tube at a specific table location would be different for various
tube starting angles, the dose profile will shift according to different tube angular positions when
x-ray is turned on. These experiments were performed with pitch =1.5 and the measured beam

width (34.1mm).

6.2.4.4. Varying Pitch to Obtain a Smooth Surface Dose Profile

The effectiveness of minimizing surface dose variation by adjusting pitch values was
investigated. Previous published work proposed that a smooth surface dose can be produced by

using a pitch value of
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ﬂ
S
where S is the source to isocenter distance and R is the distance from isocenter to the point of

P = Equation 6.1

surface dose measurement.'? If the measured beam width is taken into account, then this pitch

value would be adjusted to be

AxSR
N S
where A is the measured beam width, and N is the nominal beam width. This is similar to the

P = Equation 6.2
approach of Vrieze et al *** who did this work with measurements. This pitch can be called the
Completely Smoothed Profile Pitch (CSPP). For the Siemens Sensation 64 CT scanner, S=57cm.
For the 32 cm CTDI phantom, phantom radius R=15cm (measurement is at 1cm below surface
for CTDI body phantom); for the 24 x 1.2 nominal collimation, N=28.8mm and A=34.1mm.

The pitch value using the ideal approach for a CTDI body phantom is 0.74, while the CSPP

value, where the measured beam width is taken into account, is 0.87.

Therefore, two separate experiments were performed to obtain the surface dose profiles
for the CTDI phantom using the measured beam width (34.1mm), but different pitch values of

0.74 and 0.87.

Similar experiments were also performed on the anthropomorphic phantom. However, R
is not uniform along the z direction in this case. R at the neck region (from isocenter to the
anterior surface of the neck) is approximately 7cm, and R at chest region (from isocenter to the
anterior surface of the chest) is about 11cm. Therefore, two CSPP values, 1.04 and 0.96, were

calculated separately for these two radii using equation (2) with measured beam width taken into
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account. They are referred to as neck pitch and chest pitch, respectively. In addition, one more
pitch value was evaluated which was the midpoint of these two pitch values (1.0) to investigate if
one pitch could smooth the dose variation for both neck and chest regions. Simulations were
performed using the measured beam width (34.1mm) and these three pitch values. Again, the
surface dose profiles were determined for each condition from the mesh tally and converted to
absolute dose normalized to tube current (in mGy/mAs). The percent ripple was calculated from

these profiles.

6.2.4.5. Evaluation of Peripheral Dose Curve on CTDI Phantom Using a Virtual Farmer
Chamber

To investigate the peripheral dose variation behavior in practical measurements, an additional
peripheral dose distribution was generated using a virtual dosimeter with size larger than the size
used in simulation (1 mm). The size of the dosimeter will determine the pattern of the surface
dose variation because of the integration that it performs along the z direction. A 24 mm long
virtual Farmer Chamber, which is a typical size, was chosen to evaluate the effect of dosimeter
size. The dose distribution curve for this dosimeter was obtained by convolving the 1 mm
resolution peripheral dose distribution with a 24 mm long region. This will be illustrated by

simulating an acquisition with pitch 1.5.

6.2.4.6. Varying Pitch to Obtain a Uniform Dosimeter Output Based on the Dosimeter
Length

Since the general shape of surface dose variation has a periodic distribution, if the length

of the dosimeter roughly equals the period observed in the dose variation curve, the dosimeter
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reading will be the average dose variation over one complete cycle. Because the period of the
dose variation curve is basically the table feed per rotation, (i.e. the product of nominal beam
width and pitch), a specific pitch value can be determined to obtain that average value; this pitch
is the detector length divided by the nominal beam width and can be called the Functionally
Smoothed Profile Pitch (FSPP). For scans using this pitch, although the surface dose profile itself
still has variations, the period of this variation matches the size of the dosimeter so that the
average dose is measured, regardless of where this detector is located along the z-axis. FSPP is a
function of detector length in the z-direction and nominal beam width. For a 24 mm long Farmer
Chamber and the nominal beam width used here (28.8mm), the FSPP pitch would be 0.83. To
demonstrate this, an acquisition was simulated with pitch 0.83 for the CTDI phantom and surface
dose profile was obtained as before; it should be noted that the actual beam width of 34.1mm
was used for this simulation. The dose distribution curve using this pitch value for the virtual

dosimeter was obtained by the same convolution method described above.

6.2.5. Measurements on the Scanner for Confirmation of the Simulations

To confirm that the peripheral dose profile would have the same behavior as in the
simulations, OSLs were used for a contiguous axial scan on Siemens Sensation 64 MDCT with
nominal beam width of 28.8mm. 32cm CTDI phantom was used and OSLs were put in a specific
holder which can fit in the peripheral cavity at 12 o’clock of the phantom. OSL results were

obtained similar to the methods described in section 6.2.2.

6.3 Results
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The MCNPX run time for the CTDI body phantom geometry was approximately two
hours for 100 million source photons using an AMD Athlon 64 Processor running at 2.00 GHz.
Simulations took approximately 48 hours for the anthropomorphic model for 400 million source
photons. The number of histories used for the simulations where the pitch value was varied to
smooth the surface dose variation was set to be 800 million for better statistics. The relative
errors of the Monte Carlo simulations were within 3% for CTDI phantom and within 2% for
anthropomorphic phantom for most voxels in the mesh tally. A few mesh tally voxels (less than
1%) had relative errors as high as 6%. This may due to the limited number of entrance photons
for that specific mesh tally voxel in the simulation. Overall, these statistics were considered

acceptable.

6.3.1. Peripheral and Center Dose Profile for the CTDI Body Phantom

For the CTDI phantom, the central dose profile for pitch = 1 is shown in Figure 6.1,
which is representative of all the center dose profiles because they have similar uniform
distributions. This is because of the smoothing effect of scattered radiation within the phantom.
The results of the peripheral dose profiles for all combinations of pitch and simulated radiation
beam width are shown in Figure 6.2. This figure demonstrates that although radiation dose
profiles at the center position of a CTDI phantom are relatively constant, the increased beam
divergence with wider beams results in peripheral dose variations, generating pronounced peaks
and valleys instead of uniform distributions. Even for the contiguous axial scan (second row),
there are dramatic peaks and valleys in the peripheral dose distribution. For the case where the

simulated beam width is equal to the nominal beam width, the percent ripple can be as high as
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50%. For the case where the simulated beam width is equal to the measured beam width, though
the valleys are not as deep or as wide, the percent ripple is still nearly 50%. The contiguous axial
scans (second row of Figure 6.2) also show that when the radiation beam width is increased (for
this same nominal collimation), not only do the valleys fill in, but new peaks are created at the
locations where the valleys used to be and reach values nearly 50% higher than the previous

peaks.
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Figure 6.1 Center dose profile for 32cm CTDI phantom, pitch 1.0 helical scan, measured beam
width 34.1mm. All central profiles were similar due to the smoothing effect of the large scatter
contribution in the center of a large phantom.
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Figure 6.2 Peripheral CTDI dose profiles for all radiation profile widths and pitch values used in this study.
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Figure 6.2 also demonstrates that pitch 1.0 helical scans show similar behavior to the
contiguous axial scans, although the valleys are shallower and wider than the axial scans.
Additionally, the new peaks created by the exaggerated beam width case are not as high (only
increasing approximately 20%). The pitch 1.5 helical scans show wider and deeper valleys (as
expected), with the percent ripple being as high as 70%. The results from an overlapping pitch
(pitch = 0.75) provide a smooth peripheral dose profile in the case where the simulated beam
width is equal to the nominal beam width (ideal case) , but when the simulated beam width is
equal to the measured beam width (34.1 mm), then peaks are created that can be 40% higher than

the previous peak values.

Figure 6.3 is a schematic figure to demonstrate the role of beam divergence, even for a
contiguous axial scan. This figure shows that for a contiguous axial scan with a radiation beam
width at isocenter equal to the nominal beam collimation (e.g. Figure 6.2, second row, first
column), the central region is contiguously covered by the primary beam but the surface of the

CTDI phantom is not.
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Figure 6.3 Lateral view of cylindrical phantom and divergent x-ray beam to illustrate the effect of
cone angle. An ideal beam width is assumed (FWHM = nominal beam collimation) for the condition
of a contiguous series of axial scans. The surface is not completely covered by the primary entrance

beam. The small ellipses represent tube positions.

Figure 6.4 demonstrates the effects of varying only the pitch using measured beam width
(34.1mm) condition. A helical scan of pitch 1 shows that the percent ripple is 30%. For a
contiguous axial scan the percent ripple increases to 45%. For extended pitch 1.5, it can be as
high as 62%. For pitch 0.75, the edges of the subsequent cone beams overlap and a new peak is

created which results in a 40% increase.
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Figure 6.4 Peripheral dose profile on 32cm CTDI phantom for different pitch values,(a contiguous
axial scan and helical scans with pitch values of 0.75, 1, and 1.5) for a constant beam width (here
using actual measured beam width of 34.1 mm).

The effect of different radiation beam widths is shown in Figure 6.5 for a given nominal
beam width. This is best illustrated for pitch 1.5 helical scans where no overlap of the primary
beam exists. As beams width increases, there is more exposure (both primary beam and
secondary scatter), and hence the height of both peaks and valleys increases. Also, as the beam
width increases, the valleys between every two beams are filled in due to the decreasing distance
between the edges of the beams. Thus, amplitude variations (from peak to valley) for larger
beam widths are less dramatic than for narrower beam widths. For example, the percent ripple is
as high as 70% for a beam width of 28.8mm and decreases to 53% for a beam width of 41mm.

The peripheral dose distribution at various beam widths for pitch 1.0 is shown in Figure 6.5b.
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This Figure demonstrates that with wider radiation beams widths, complete filling in of the
valleys can occur and result in new peaks being formed where the edges of the radiation beam

overlap in adjacent rotations, even for pitch 1.
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Figure 6.5 a) Peripheral dose profiles on 32cm CTDI phantom for three different radiation beam
widths using the same nominal (28.8mm) collimation and the same helical pitch (1.5). b) Same as a)
but with pitch 1.0. As beam width increases, new peaks occur where there is overlap of primary
beams.
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6.3.2. Surface and Center Dose Profile on Anthropomorphic Phantom

The radiation dose profiles at the anterior surface position of the anthropomorphic
phantom were examined for both helical and contiguous axial scans. These simulations gave
similar results to CTDI phantoms in terms of surface dose variation. Figure 6.6a shows the
anterior skin dose profile for helical pitch 0.75, pitch 1.0, and pitch 1.5 as well as contiguous
axial scan with the measured beam width of 34.1mm. The surface dose (skin) is higher close to
the neck region where the A-P phantom thickness is around 14cm, and it decreases at thoracic
and abdominal locations where the thickness is about 22cm. Figure 6.6b is a sagittal view of the
anthropomorphic phantom for reference. Helical scans of pitch 1.0 provide a more uniform dose
profile through the chest and abdomen regions, where the percent ripple is 5%. For pitch 1.5, the
percent ripple can be as high as 40%. For pitch 0.75, a peak is created which results in a 37%

increase in surface dose.
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Figure 6.6 a) Surface dose profile for anthropomorphic phantom at pitch 0.75
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6.3.3. The Effect of Tube Start Angle

Figure 6.7 shows the peripheral dose profiles at various tube start angles. This effect is
best illustrated for a pitch 1.5 helical scan. As expected, different tube start angles create a phase
shift in the peripheral dose profile, resulting in dramatic variation in dose at a given z-axis
location. For a given location (z-axis position), the peripheral dose can vary by more than a
factor of two depending on the tube start angles. For example, at the center location (Ocm), the
peripheral dose values range from 0.027 to 0.068 mGy/mAs depending on the tube start angle.
Only the dose profiles for pitch 1.5 and measured beam width of 34.1mm are presented here, but

the other simulation results were similar.

These surface dose variations would have significant implications for measurement of
standard dose indices such as CTDIw. Though the current definition of CTDI is that it is
measured with a single axial scan, there are active discussions to perform these standard
measurements with helical protocols. In the above example, the CTDI value measured at the
center position from a helical scan would be 0.035mGy/mAs. Adapting the current definition of
CTDlIy (= (1/3)* CTDlcenter + (2/3)*CTDlperiphery) to these measurements, this would lead to
CTDlI,, values which would range from 0.036mGy/mAs (when measured at the valley) to
0.055mGy/mAs (when measured at the peak), which leads to a difference as high as 50%
between measurements. Note that this difference would be only due to differences in start angle
(or essentially table position of the dosimeter). As will be shown in the sections below, there are
strategies to reduce these variations using different pitch values and taking into account the

length of the dosimeter.
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Figure 6.7 Peripheral dose profile on 32cm CTDI phantom for different start tube start angles
using a constant pitch 1.5 and measured beam width (34.1mm).

6.3.4. Varying pitch to obtain a smooth surface dose profile

The effectiveness of CSPP for the CTDI phantom is shown in Figure 6.8, which shows
that, with the measured beam width taken into account, the peripheral dose variation can be
minimized. For this specific collimation setting, the CSPP value is 0.87. However, if the
measured radiation beam width is not taken into account during the pitch calculation
(pitch=0.74), then the peaks and valleys are still substantial. As discussed earlier, a pitch value
that is too low causes beam overlap of primary radiation and creates new peaks. So it is
important to take the measured beam width into account to arrive at a pitch value (described in
equation 2) that minimizes peripheral dose variation. However, such an exact pitch value is not

necessarily achievable in practice using commercial CT scanners. Figure 6.8 also shows the
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peripheral dose profile for CTDI body phantom at the closest available pitch value 0.9
(comparing to 0.87). The difference between peaks and valleys is not trivial, with variations
reaching 20%. This demonstrates that even when CSPP is selected based on the measured
radiation profile, practical limitations may prevent a smooth surface profile from being obtained,
and it may not be possible to obtain a completely smoothed profile when using a single small

detector due to these variations.

The results from simulated scans using CSPP for the anthropomorphic phantom are
shown in Figure 6.9, where neck pitch (1.04), chest pitch (0.96) and average pitch (1.0) were
used. This shows that for the neck pitch value, the variation at the neck region can be reduced to
about 9% (valley is 91% of the peak) but the variation at the chest region when using the neck
pitch is still as large as 20%. It also shows that for the chest pitch value, the variation at the chest
region is reduced below 8% but at the neck region the variation can still be as high as 16%.
Choosing a midpoint pitch is a compromise rather than minimizing variations at both regions;
resulting in variations that are nearly 20% in both the chest and neck regions. Therefore, for an
anthropomorphic phantom where the distance between the surface to isocenter is not constant,
there is no CSPP value which can perfectly smooth the surface dose curve. In addition, the
heterogeneous nature of anthropomorphic phantoms also contributes to surface dose variation

and cannot be controlled by the choice of pitch values.
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Figure 6.8 Peripheral dose profile in CTDI body phantom for measured beam width 34.1mm, pitch
0.87, pitch 0.74 and pitch 0.9 helical scans. Pitch 0.87 is the desired pitch value predicted to produce
the most uniform dose profile. Knowledge of the FWHM of the actual beam width is required to
determine this value, as in equation 2. Pitch 0.74 is the calculated pitch value to smooth peripheral
dose variations when the measured beam width is not taken into account. (i.e. the pitch calculated
from equation 1.) Pitch 0.9 is the pitch value available on this scanner that is closest to the desired
pitch value.
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Figure 6.9 Anterior surface dose profile on anthropomorphic phantom at chest pitch (0.96) to
smooth the dose profile along the chest, neck pitch (1.04) to smooth the dose profile along the neck,
as well as average pitch (1.0).

These results show that the anthropomorphic phantom creates more complex patterns of
surface dose than does the CTDI body phantom because of the heterogeneous composition and
shape of the anthropomorphic phantom. Figure 6.10a shows the 2D dose distribution of the
central sagittal plane for pitch 1.5 helical scan, with the same orientation in Figure 6.6b. This
figure was generated using a temperature color map and indicates that the absorbed dose in the
simulated bone materials (sternum and spine) is very high, because of the higher energy
absorption coefficient. It also illustrates the heterogeneous nature of the dose distribution within

the anthropomorphic phantom on the central sagittal plane. The periodic variation is clearly
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observed in this figure and is most obvious at the peripheral positions (e.g. the anterior surface of
the chest). Therefore, even the center dose profile (taken at depth as shown in Figure 6.10b) is

not as uniform along the z-direction as in the cylindrical CTDI phantom (Figure 6.1).
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Figure 6.10 a) The 2D dose distribution is displayed on the central sagittal plane of the
anthropomorphic phantom, shown in Fig. 6b, for a pitch 1.5 helical scan. This is a temperature
color map scale dose distribution, where white represents high dose and black represents low dose.
b) The z-axis dose profile obtained at approximately the central depth of the phantom within this
plane.
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6.3.5. Peripheral Dose Curve in CTDI Phantom Using a Virtual Farmer Chamber

In all of the results shown above for CTDI phantom, the voxel size along the z-axis
direction was 1mm, providing a good representation of the dose as measured using small
dosimeters such as TLDs or MOSFETs. However, when the dosimeter size is larger, the surface
dose profile is altered due to the integration along the z-axis. This is illustrated in Figure 6.11,
which shows the peripheral dose distribution for a 32 cm CTDI phantom that would be obtained
using both 1 mm voxel tallies and a 24 mm long virtual dosimeter (e.g. Farmer Chamber) for a
scan performed with the measured beam width (34.1mm) and pitch of 1.5. The curve for the 24
mm virtual dosimeter was obtained by convolving the original surface dose distribution with a 24
mm long square function centered at each point along the z-axis. This illustrates that the
integration effect of the Farmer Chamber slightly averages out the dose variation. However,

there are still substantial dose variations for pitch 1.5; the percent ripple is as high as 58%.
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Figure 6.11 The comparison of peripheral dose distribution from 1mm mesh tally and from a
virtual 24mm long (z-direction) Farmer Chamber using a scan of a 32 cm CTDI phantom,
measured beam width of 34.1mm and pitch of 1.5.

6.3.6. Varying Pitch to Obtain a Uniform Dosimeter Output Based on the Dosimeter
Length

Figure 6.12 shows the simulated surface dose profile using FSPP value 0.83 for 1 mm
mesh tallies. It also shows the output of the 24 mm virtual Farmer Chamber. The results show
that with this pitch, the surface dose profile measured with a 24 mm virtual dosimeter is very
smooth. Simulations were also performed for pitch values close to FSPP and it was shown that
the variation of the output of the chamber is within 5% when the pitch value is within FSPP

#0.17 (0.66 to 1.0). So FSPP is not as sensitive as CSPP in terms of the effectiveness to smooth
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the surface dose variation. Unlike CSPP, a pitch value that is close to FSPP could also generate

an output profile without too much variation.
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Figure 6.12Surface dose profiles from the 1 mm voxel dose tallies and from the virtual 24 mm
Farmer chamber for a pitch value of 0.83, which was the FSPP pitch value used to average out

variations for the 24 mm long dosimeter.

6.3.7. Measurements on the Scanner for Confirmation of the Simulations

The peripheral dose distribution at 12 o’clock position of a 32cm CTDI phantom from

OSL measurements for a contiguous axial scan with 28.8mm nominal beam width is shown in

Figure 6.13. The shape of this dose profile is very similar to the simulated one (Figure 6.2, row

2, column 2) in that both show peaks and valleys of approximately the same amplitude, width

and frequency. They are not identical; possibly because an air filled ion chamber was modeled
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in the simulation, rather than the OSL. These results are similar to those obtained in a previous
publication®®, where good agreement was achieved for the peripheral dose profiles between

simulations and measurements using MOSFETS.

CT Dose Profile

Relative Dose

0.2

0.0 - T T T . ‘
0 20 40 60 80 100 120 140 160

Distance (mm)

Figure 6.13 Peirpheral dose profile on a 32cm CTDI phantom from OSL measurements for a
contiguous axial scan with 28.8mm nominal beam width. Variation is clearly demonstrated as that
in simulations.

6.4 Discussion

In this work, Monte Carlo techniques were used to simulate the radiation dose
distributions from a MDCT scanner. These profiles demonstrate a range of dose variability at
peripheral positions, for both a homogeneous cylindrical phantom and a heterogeneous

anthropomorphic phantom. These variations can have a significant impact on standard dosimetry
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measurements (including those proposed) when helical scans are being used with small
dosimeters. For CTDI measurements using a helical scan and small (24 mm long chamber),
results from section 6.3.3 demonstrated differences in CTDIw values of up to 50% between

measurements where only the tube start angle (an uncontrolled variable) was varied.

Peripheral dose profiles for the body CTDI phantom varied with pitch and beam width. In
general, for both contiguous axial and helical scans, the entrance radiation dose was not always
uniform along the z direction. Depending on the positions of the x-ray tube, some points along
the surface at a given z-axis location are exposed to entrance, exit and scattered radiation, while
points on the same surface at other z-axis locations are exposed only to exit and scattered
radiation. The difference between the maximum and the minimum values of a surface dose
profile depended on several factors, but was essentially determined by how uniformly the surface

was irradiated by the primary entrance beams.

Generally, the variation of the surface dose distribution becomes larger when the pitch is
higher, the simulated beam width is narrower, or the point of interest is more distal from
isocenter. However, there are also conditions that can result in a uniform surface dose
distribution such as that caused by a wider beam width, shown by the 41mm beam width with
pitch 1 scan in Figure 6.2; or as caused by a lower pitch value, as the 28.8mm beam width with
pitch 0.75 scan in Figure 6.2. There are also conditions in which wider beam widths and lower
pitch values result in overlap of subsequent beams which then result in higher peak values as

shown first in Figure 6.2 and specifically illustrated in Figure 6.4 (constant beam width and
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varying pitch values) and Figure 6.6 (constant pitch, varying beam widths). These newly
formed overlap regions can have doses as much as 40% higher than in areas where the primary

radiation is not overlapped at the phantom surface.

The tube start angle is significant when determining the dose at a certain surface point
because of the phase shift effect. In clinical applications using commercial CT scanners however,
tube start angle is typically unknown and not under the user’s control. As shown in Figure 6.7,
the dose at a certain point can vary by a factor of more than two across different tube start angles.
This can be a large source of error when determining surface dose on a patient or an
anthropomorphic phantom, especially when the surface is farther from isocenter and especially
when single measurements are made. Because the tube start angle is not under the user’s control,
it is generally not possible to reproduce multiple scans using the exact same start angle. Even if
repeat measurements are made, there is no assurance that the range of possible start angles (and

therefore the range of surface doses) has been adequately represented.

In all, for a homogeneous CTDI body phantom, the ‘frequency’ of the peripheral dose
distribution decreases as the nominal beam collimation and pitch increase. The ‘phase’ depends
on the tube start angle. The ‘amplitude’ increases with distance from isocenter. The shape of the
distribution depends on the simulated beam width and pitch. These factors together determine the
pattern of the surface dose variation. The results from this study also reveal the complexity of
estimating surface dose in a complex heterogeneous anthropomorphic phantom or even in simple

geometries such as a CTDI phantom. The limitation of this study is that only 32cm PMMA
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phantom and only one set of collimation (28.8mm) were investigated. Therefore the results
shown in this study are likely to be one of the worst case scenarios. However, since larger cone
beam angle and higher pitch values may be used for fast CT scanning, and since very wide
nominal beam width (>40mm) MDCT scan systems are being introduced, careful consideration

should be made before the determination of surface dose.

Despite these significant variations, there may be several approaches to obtain reasonably
accurate and reproducible surface dose measurements from helical scans. One appropriate
approach when small (approximately 1 mm along z-axis) dosimeters are used is to increase the
sampling frequency, which requires a large number of small detectors placed close enough to
each other along the z-axis direction to adequately sample both the peaks and the valleys of the
surface profile. A second approach is to manipulate pitch to be CSPP values so that the resulting
surface dose will be more uniform. Dixon proposed a method to minimize the surface dose
variation by using a pitch value less than or equal to the value described in equation 1**°.
Equation 1 was modified in this study to use the measured beam widths rather than nominal
beam width, resulting in equation 2. Scanning with this CSPP value created a nearly smooth
surface dose distribution. However, in practice this approach may be limited; the exact pitch
value desired may not be available on a commercial scanner. In addition, for an anthropomorphic

phantom, a single pitch value will not produce a constant surface dose value because the

thickness of the phantom is not uniform and the materials are heterogeneous.
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These findings have potential implications for point dose measurements in cylindrical or
anthropomorphic phantoms, such as TLDs, MOSFETS, or small Farmer chamber measurements,
including those being proposed as new dose metrics (such as those being developed by AAPM
TG111). Depending on the size and type of the dosimeter, the pattern of the surface dose
distribution variation can be affected by both dosimeter size and spacing. Furthermore, if the
dosimeter has such a length in z direction that the sample length equals to the period of the
surface dose distribution curve (or an integer multiple of the period), the output of the dosimeter

is still uniform. This can be expressed using the following:

Dosimeter length =i * period = i * table feed per rotation =i * N * pitch Equation 6.3

Where N is the nominal beam width, and i is an integer number starting with 1. Therefore, a

pitch value can be chosen that will result in a smooth surface dose profile:

FSPP = dosimeter length / (i * N) Equation 6.4

Figure 6.12 showed the dosimeter output for this desired pitch value when i is 1 (FSPP).
Although the actual distribution of surface dose was not uniform, FSPP created a sampling
interval where the 24 mm long virtual dosimeter was able to integrate over one full period of the

dose distribution. The detector output is uniform and it represents an average of the surface dose.

This can be a third method to reduce surface dose variations in terms of practical
measurements. In addition, since the pitch is not required to be the exact FSPP value to generate
relatively smooth chamber output profile, this method has less limitation from the availability of

the pitch on commercial scanners. However, this method is limited by the fact that FSPP is
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related to the dosimeter length in z-direction and the nominal collimation used. For example, if a
3mm TLD and 28.8mm nominal beam width are used, the FSPP is 0.1, which is too small to be

practical.

The second and third approaches proposed above involve the adjustment of pitch, which
could reduce the variability of surface dose. In practical measurement, the dose from scans using
other pitch can be obtained based on the ratio of pitch values, because the average dose is

inversely proportional to pitch values.

This work is not only relevant to measuring doses in homogeneous and heterogeneous
(anthropomorphic) phantoms, but it may be exploited to investigate methods to reduce organ
dose without compromising image quality, especially for radiation sensitive organs at or near the
surface such as the breast, thyroid and lens of eye. This leads to the investigation of the effects
of surface dose variations from larger cone angles and helical scans on individual organ doses

122

using voxelized patient models, such as the GSF models™“. This will be discussed in Chapter 7.
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Chapter 7 Reducing radiation dose to selected organs by selecting the tube start angle in

MDCT helical scans: a Monte Carlo based study’

7.1 Introduction

Radiation dose to patients continues to be a significant concern to medical physicists and
to the broader medical community as well. Radiation dose from CT exams has been identified as
the largsest source of medical radiation exposure™?. Specifically for CT scans, various
approaches have been developed to reduce radiation dose, including tube current modulation®?,

125,126

adjusting/lowering mAs for patient size and lowering kVp (especially for studies using

127

iodinated contrast™"), while maintaining diagnostic image quality.

One commonly used metric to evaluate risk from radiation is the effective dose,
calculated from a weighted average of absorbed dose to individual radiosensitive organs as
defined by ICRP'?®, While effective dose is very useful, it has been suggested that a better
method to estimate risk would be to estimate the radiation dose to specific radiosensitive organs,
which can be used in biological models to estimate the probability of radiation induced

carcinogenesis and genetic effects™ 34128129,

" This chapter is based on the following publication:

Zhang D, Zankl M, DeMarco JJ, Cagnon CH, Angel E, Turner AC, McNitt-Gray MF.
“Reducing radiation dose to selected organs by selecting the tube start angle in MDCT
helical scans: a Monte Carlo based study”, Medical Physics, 36(12), 5654-64, 2009.

Chapter 6 has shown that the surface dose distribution resulting from helical scanning of

either a standard dosimetry phantom, (32 cm CTDI phantom), or an anthropomorphic phantom,
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is periodic*****!. It was also shown*°

that the period is influenced by the actual radiation beam
width and table movement. This work also demonstrated that the magnitude of the variation
could be large, with maximum values greater than twice the minimum values under some

conditions (e.g. pitch =1.5). This magnitude of variation has been shown in both homogenous

cylindrical phantoms as well as heterogeneous anthropomorphic phantoms.

Because of the periodic nature of this dose pattern, the effect of the tube start angle
(essentially determining a phase shift of the dose distribution) was investigated and it was shown
that the tube start angle determined the locations of the high dose and low dose regions. For
example, for a scan using pitch 1.5 and nominal beam width of 24 x 1.2mm, the simulated
longitudinal dose distribution at the surface of a 32 cm diameter CTDI phantom along the z-axis
is shown in Figure 7.1. This figure also describes the region where the X-ray beam turns on and
off and the beginning and end of image data collection. The shape of the dose variation usually
appears as a sinusoidal function because of the rotation of the CT tube. This creates “cold spots”
(locations where the dose is minimum) along the z-axis. As the tube start angle changes, the

distribution of these cold spots will “move” along the z-axis.
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Figure 7.1 The dose distribution along the z-axis on the surface of a CTDI 32 phantom undergoing

a CT scan with nominal beam width of 28.8mm and pitch 1.5. The locations of X-ray beam on, X-

ray beam off, start image data and end image data are also shown. Double headed arrows indicate
regions of overscan.

This concept is illustrated in Figure 7.2, which shows a divergent x-ray beam and the
corresponding surface dose distribution along the z-axis under two scenarios with different tube
start angles. An illustrative patient with a schematic indication of the location of the breasts is
shown in the bottom of the figure as well. In the upper scenario, the cold spots occur at the
location of the breasts, so the breast would receive lower dose, as opposed to the lower scenario,

where the breasts would receive higher dose.
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Figure 7.2 Diagram illustrating the tube position and corresponding surface dose distribution along

z-axis under two scenarios with different tube start angles at pitch 1.5. An illustrative patient with

schematic indication of the location of the breasts is shown in the bottom as well. This figure shows
that the dose to the breasts of the patient can be affected by selecting different tube start angles.
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Therefore, the purpose of this work was to extend the previous simulation work to
investigate the effects these phase shifts, caused by different start angles, on organ doses in
patients. While current MDCT systems do not allow the user to control the start angle, this study
investigates the feasibility of exploiting this sinusoidal behavior to reduce the dose to a specific
organ by varying the tube start angle, especially for a small peripheral organ on small patients.
To do this, we simulated CT scans under different conditions (pitch, collimation, etc.) for
different patient models (infant, small child, adult female and pregnant patient) under different
start angle conditions to determine the effects on organ dose and to determine how much organ

dose reduction was possible.

7.2 Methods

7.2.1. Patient Models

Several different patient models were evaluated and are described below. They are the Baby,
Child and Irene models from the GSF (now: Helmholtz Zentrum MUnchen) family of

8699 as well as a limited sample of the pregnant patient models

computational, voxelized models
described in Angel et al 2008*®. For the GSF models, this included all radiosensitive organs,
though only 6 are explicitly studied in this work; for the pregnant patient models, only the uterus,
gestational sac and fetus were explicitly studied; all other voxels were assigned to one of six
tissue categories (air, lung, fat, water, muscle or bone) based on Hounsfield Unit as described in

Table 1 from DeMarco et al*®.
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Table 7.1 Age, gender, size and voxel descriptions of the 3 models used in this study.

Model Age Gender Weight Height Voxel size
(kg) (cm) (mm)
Baby 8 weeks Female 4.2 57 0.85x0.85x 4
Child 7 years Female 21.7 115 1.54x154x8
Irene 32 years Female 51 163 1.876 x 1.876 X 5

7.2.1.1 GSF Phantoms

For this study, Baby, Child and Irene were selected from the GSF family to represent
small patients with different body habitus. Some basic parameters of these three models are
summarized in Table 7.1. The selected organs used for evaluating dose variation were the testes,
ovaries, breasts, thyroid, uterus and eye lenses, whenever they are available in the phantom.
These organs were selected because they are all relatively small in size and so higher dose
reduction is expected for these small organs. It should be noted that although Baby and Child are
female phantoms, testes were added into the gonads by GSF in order to calculate average gonads

doses. Also, despite the fact that Child is a female phantom, no breast voxels were identified.

7.2.1.2 Pregnant Patient Phantoms

In addition to GSF whole body phantoms with various age and size, a series of previously

developed pregnant female models'®

with various gestational stages were used in this study to
investigate the dose to fetus. The CT images of pregnant females were gathered from CT

examinations performed under clinically indicated scans, such as trauma. The uterus, gestational
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sac and fetus from these CT images were contoured by radiologists whenever they were visible.
These three types of tissues were assigned as separate individual organs in the phantom and they
were used to evaluate the dose variation caused by tube start angle in CT scans. There were in
total 24 pregnant female models in this series of phantoms, from which 4 of them were selected
for this study to represent different gestational stages, with emphasis on the early gestational
stages because the size of the fetus is smaller. These four models are referred as F26, F10, F7,
and F31 in this study, using the same nomenclature as in Angel 2008. The voxel size for each
model is 2.4mm x 2.4mm x 5mm. The fetal age, size of the uterus in longitudinal direction and
the studied regions for each model are summarized in Table 7.2. The uterine length in the

longitudinal direction for each model was estimated from the original voxel data.

Table 7.2 The size, gestational age and related information for studied pregnant female phantoms
in this work (model refers to the patient model from Angel 2008).

Model Gestational Age Uterine Length Studied regions

(week) (cm) Uterus Gestational sac Fetus
F26 5 7 V v -
F10 7 6 V v -
F7 12 75 V v v
F31 19 18.25 v v v

7.2 2. Organ Dose Estimation

UCLA CT Dose Simulation Package was used to estimate organ dose. As described in

Chapter 3, Under charged particle equilibrium condition the absorbed dose to each voxel is
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equivalent to the collision kerma in this voxel, which was calculated by multiplying the mass
energy-absorption coefficients with the energy fluence evaluated by MCNPX based on track-
length estimation. Then the mean dose to an organ was estimated by averaging the dose to each
voxel across all the voxels belonging to the organ. All the organ dose results were converted
from MCNPX raw output to absolute dose normalized to tube current (in mGy/mAs) using
normalization factors calculated from scan measurements in air and corresponding simulations in

air, described in a previous publication®.

7.2 3. Simulation Experiments

For all the experiments in this study, simulated whole-body scans were performed for
each phantom using 120kVp and 300mAs. Whole-body scan here refers to the full coverage of
all the voxels in every phantom. For GSF phantoms, the scan limits extend from the top of the
head to the bottom of the feet; for pregnant patient models, they extend from the lower thorax to

the pubic symphysis.

To investigate the dose variation from different tube start angles, various tube start angles
ranging from O degrees to 340 degrees with an interval of 20 degrees were used for each set of
simulations, which means 18 simulations were performed on each patient model using different
tube start angles while keeping all the other scanning parameters constant. In the simulations, 0
degrees means the tube is at the top of the gantry (12:00 position). To make the results more
intuitive, the angle that is reported is not the start angle, but rather the angle of the x-ray source

as it crosses the longitudinal center of the organ being investigated; which we will call the Organ
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Crossing Tube Angle (OCTA). For example, for the Baby GSF phantom, when using a pitch of
1.5 and a nominal beam collimation of 28.8 mm, a start angle of O degrees (the angle of the
source is at 12:00 position at the start of the x-ray beam on), the angle of the x-ray source as it
crosses over the center of the eye lenses is 107 degrees (OCTA=107 degrees). When the OCTA
that results in the minimum dose for a particular organ is known, then the appropriate start angle

can be calculated easily, as described below in 7.2.4.

To explore the correlation between the magnitude of organ dose reduction and the
scanning parameters, pitch and collimation values were varied for each set of patient models.
For the GSF models, three clinically relevant pitch values of 0.75, 1, and 1.5 were tested; for the
pregnant patient models, only the pitch values of 0.75 and 1.5 were tested. For all patient
models, two sets of collimation settings were simulated: one is the nominal beam width of
28.8mm with the actual beam width of 32.2mm; the other one is a case where the nominal beam
width is 40mm and the actual beam width is 44.7mm, calculated based on the ratio of the
actual/nominal beam width for the 24x1.2mm collimation. While 40mm beam width is not
currently available in the modeled scanner, many other manufacturers have scanners with the

same or even larger beam widths.

For each patient model, organ of interest and set of scanning parameters (pitch and
nominal collimation pair), the OCTA that results in the highest dose is used as the worst case
reference. Based on this worst case reference value, the dose reduction from the worst case is

calculated for each OCTA value. This value demonstrates how much savings is possible
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compared to the worst case. In currently available MDCT scanners available, there is no specific
ability to control the start angle, therefore, the OCTA is similar to a random variable, with some
patients receiving the highest dose to a specific organ and some the lowest dose to that same
organ. For each experiment shown below, all results are presented as dose reduction compared to

the worst case.

7.2.4. The Calculations of OCTA

MATLAB subroutines were created to compute the OCTA at a given tube start angle, as well
as to obtain the location, size and centroid for each organ in each patient model. Given an
organ’s location and size information, the centroid along the longitudinal (z) axis is determined
by averaging the longitudinal location of all the voxels assigned to the organ. When that centoid
location is known as well as the scan start location (start of x-ray beam on as described in Figure
7.1) and the table feed per rotation (the product of pitch and nominal beam collimation), then the
number of gantry rotations that will occur from the scan start location to the centroid of the organ

was obtained by the following equation.

R = (OLoc — SLoc)/(pitch x N) Equation 7.1
,where R is the number of rotations of the tube from the scan start location to the organ centroid,
OLoc is the location of organ centroid along the longitudinal axis (z-axis), SLoc is the
longitudinal axis scan start location (where the X-ray beam first turns on), N is the nominal beam
collimation and pitch is conventionally defined (Note that Pitch x N = table feed in mm/rotation).

After the calculation of R using equation 1, the OCTA is obtained by equation 2.
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OCTA = tube start angle + 360 X (R — floor(R)) Equation 7.2
,where floor(R) is the integer part of R. It should be noted that the tube start angle that yields a
particular value of OCTA for each organ is patient specific and organ specific. For example an
OCTA of 180 degrees for the lens of the eye may have a different start angle from the one
required to yield an OCTA of 180 degrees for the thyroid. Similarly, OCTA of 180 degrees for
the lens of the eyes may correspond to different start angles for the Baby phantom and for the

Child phantom.

7.3 Results

7.3.1. GSF models

For each patient model, organ, pitch and collimation combination, a set of 18 simulations
were performed, each with at different tube start angles. The organ dose reductions (compared
to the worst case OCTA\) are presented graphically by plotting the percent reduction of organ
dose (on the y axis) as a function of the OCTA (on the x axis). Since three pitch values (0.75, 1,
1.5) and two collimation settings (28.8mm, 40mm) were simulated, there are 6 such graphs
possible for each patient model. As an example, the dose reduction curves for all the studied
organs in Baby phantom with all pitch values and nominal collimations are shown in Figure 7.3a
through 7.3f, with each figure demonstrating a different pitch/collimation combination. The
organ dose reduction as a function of OCTA can be observed from these figures. For example, as
shown in Figure 7.3d, the dose reduction compared to the worst case scenario for breasts for a

scan with 1.5 pitch and 40 mm nominal beam width is almost 35%. For testes dose from the
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same scan, the dose reduction is 28%. It should be noted that the magnitude of dose variation is

caused by solely changing the tube start angle while keeping all the other scan parameters

constant.

Baby, Pitch 1.5, 28.8mm collimation

Baby, Pitch 1.5, 40mm collimation
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Figure 7.3 the organ dose variation curves for Baby phantom from a simulated CT scan with
various pitch and collimation settings. a). pitch 1.5 and 28.8mm nominal collimation; b). pitch 1 and
28.8mm nominal collimation; c). pitch 0.75 and 28.8mm nominal collimation; d). pitch 1.5 and
40mm nominal collimation; e). pitch 1 and 40mm nominal collimation; f). pitch 0.75 and 40mm
nominal collimation. It should be noted that the same OCTA may correspond to different tube start
angle for different organs.
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These results indicate that for Baby, the largest dose reductions occur for eye lens,
thyroid, breasts and testes — all of which are at or near the surface of the patient and all of which
have at least 20% dose reduction for pitch 1.5. These results also show that the largest dose
reductions occur for pitch 1.5 and pitch 0.75. Pitch 1 does not show large dose reductions,
regardless of OCTA. This is not surprising because the magnitudes of the surface dose variations
are much smaller when using pitch 1.0 than with pitch 1.5 or pitch 0.75, which is consistent with
the results in phantoms as shown in Chapter 6. These figures also show that the OCTA is
different for different pitch values: it is approximately 180 degrees for pitch 1.5 and
approximately 0 degrees for pitch 0.75. Finally, they also show slightly larger dose reduction for

a wider beam collimation setting (40 mm compared to 28.8 mm).

Similar figures of organ dose reduction as a function of OCTA could be made for Child
and Irene patient models. The behavior is similar and so they are not shown here; rather the
maximum organ dose reductions for each patient model are summarized in Table 7.3 for all three

GSF phantoms.
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Table 7.3 The maximum dose reduction for all the studied organs for GSF phantoms, under all
simulated pitch values and collimation settings.

Collimation 28.8mm Collimation 40mm

Organ Pitch 1.5 Pitch 1.0 Pitch0.75 Pitch 1.5 Pitch 1.0 Pitch 0.75

Baby breast  32% 8% 20% 33% 10% 22%

Baby ovaries 11% 7% 7% 10% 7% 8%

Baby testes  26% 9% 14% 28% 9% 16%
Baby thyroid 20% 4% 8% 22% 7% 12%
Baby uterus 8% 5% 5% 9% 6% 7%
Baby eye lens 38% 3% 15% 41% 6% 21%
Child ovaries 8% 3% 3% 10% 3% 3%
Child testes 33% 6% 11% 36% 9% 16%
Child thyroid  20% 3% 4% 25% 6% 8%
Child uterus 11% 3% 4% 13% 4% 5%
Child eye lens  49% 7% 20% 51% 8% 23%
Irene breasts 4% 3% 3% 8% 3% 5%
Irene ovaries 4% 3% 3% 6% 2% 3%
Irene thyroid 4% 3% 3% 17% 1% 6%
Irene uterus 4% 2% 2% 8% 2% 2%
Irene eye lens  52% 11% 17% 54% 13% 22%
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It can be shown from Table 7.3 that for the adult patient model (Irene), the dose reduction
IS not quite as large as the pediatric models except for the lens of the eyes. But for the pediatric
models (Child and Baby), the dose reduction to the breast, testes, thyroid, and eye lenses are all
considerable (on the magnitude of 20% or more). Ovaries and uterus on pediatric patients have
lower dose reduction (on the magnitude of 10%), because these two organs are located at depth

(rather than at the surface) than the other four organs.

By comparing the results across different pitch values (different columns in Table 7.3) it
can be seen that the magnitude of dose reduction for pitch 1.5 is the largest, with the dose
reduction up to 54% for Irene eye lens at 40 mm nominal beam width. For pitch 0.75 the
magnitude of dose reduction is not as high as that for pitch 1.5, but it is still considerable, for
example, 23% for Child eye lens at 40 mm nominal beam width. The dose reduction is not large

for pitch 1, where it is below 10% for most of the organs in all GSF models.

By comparing the results across different collimations (28.8 mm and 40 mm in Table 7.3)
it can be seen that the magnitude of dose reduction for the 40 mm nominal beam width is slightly
larger than that for the 28.8 mm nominal beam width for almost all of the cases. For example, for
Child testes, the maximum dose reduction values at 28.8 mm nominal beam width for pitch 1.5,
pitch 1.0 and pitch 0.75 are 33%, 6%, 11%, respectively, while at 40 mm nominal beam width

they are 36%, 9%, and 16%.

The comparison of the results across different organs on different patient models

(different rows in Table 7.3) is not as straightforward. In general, larger dose reduction occurs
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for smaller, peripheral organs in smaller patients. For example, the maximum dose reduction
values of the eye lenses for all three phantoms are relatively large because the eye lenses is a
small surface organ. The maximum dose reduction for 40 mm collimation at pitch 1.5 (the fourth
column in Table 7.3) was plotted in a three dimensional space as a function of both organ length
in the longitudinal dimension and the distance from the center of the organ to the isocenter. It is
shown in Figure 7.4, from which it can be observed that there is a general trend: as the organ size

decreases and the distance to isocenter increases, the dose reduction will increase.

—=&1 Baby
— Child
—  rene

dose reduction (%)

i ] . .
Organ size (crm) Distance to isocenter (o)

Figure 7.4 The maximum dose reduction for individual organs from 3 GSF phantoms for a 40 mm
collimation pitch 1.5 simulated CT scan as a function of both organ size in longitudinal dimension
and its distance to isocenter in AP dimension.

7.3.2. Pregnant female models

The organ dose variation curves for pregnant female models were plotted in the same

way as for GSF phantoms. The organ dose variation can again be clearly observed. As an

128



example, the percent dose reduction curves as a function of OCTA from simulated scans with 40
mm nominal collimation, pitch 1.5 and pitch 0.75 for F7 phantom are shown in Figure 7.5. The
maximum dose reduction for pregnant model organs from the combinations of all the pitch and

collimation settings is shown in Table 7.4.
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Figure 7.5 The organ dose variation curves for F7 phantom from a simulated CT scan with 40mm
nominal collimation and various pitch values. a). pitch 1.5; b). pitch 0.75.
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Table 7.4 The maximum organ dose reduction for several pregnant female phantoms, under all the
simulated pitch values and collimation settings.

Collimation 28.8mm Collimation 40mm
Organ Pitch 1.5 Pitch0.75 Pitch 1.5 Pitch0.75
F24 (5 weeks) Ges sac 12% 5% 17% 8%
F10 (7 weeks) Gas Sac 12% 5% 18% 6%
F7 (12 weeks) fetus 11% 2% 18% 5%
F31 (19 weeks) fetus 1% 1% 3% 3%

This table shows that the magnitude of dose reduction to the fetus for pitch 1.5 can
exceed 10% for the early gestational age models (< 12 weeks) for 28.8 mm collimation setting
and increases to approximately 18% for 40 mm collimation setting. Results from pitch 0.75 yield
smaller dose reductions with the earliest gestational age model yielding only an 8% dose
reduction for the 40 mm collimation setting. Results from the later gestational model (19 weeks)
used in this study show very small dose reduction regardless of pitch, collimation or start angle,

which is to be expected for larger objects or organs.

This table also indicates that dose reductions are not as large as those observed in Baby
and Child phantoms. This is understandable because the early gestational age fetus, while small,
is located somewhat centrally in the body. This table does show some similar general trends
between the dose reduction and length in longitudinal dimension as in the GSF models in that a
smaller size fetus has higher dose reductions. For example, at pitch 1.5, the maximum dose

reduction is above 10% for F24, F10 and F7. But for the pregnant patient model with a later
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gestational age (19 weeks) the fetus is larger and the dose reduction is nearly negligible (F31).
These results are also similar to that for GSF phantoms in terms of pitch and collimations: pitch

1.5 and wider collimation yield larger organ dose reductions.

It should be noted that for the two phantoms with the earliest gestational age (F24, F10),
dose to fetus is not directly simulated in this study because the fetus tissue was too small to be

identified by the radiologists from CT images; in the original study*®

, the radiologist identified
the gestational sac and we estimated dose to that tissue to serve as an indirect estimate of the
dose to the fetus. This does not mean that there is no fetus dose; in fact they may have a very
high magnitude of dose variation from varying tube start angle because of their extremely small

size. Furthermore, the development of fetus is very active in the initial few weeks so they are

even more sensitive to radiation**.

7.3.3. Computational Time

The computational time for each MCNPX simulation (fixed pitch, collimation and tube
start angle) was about 5 minutes on a parallel computing cluster server with 64 AMD 2.0GHz
processers. Because for this study the requirement of the relative errors of the output results is
very high, a total of 100 million photon histories were used for each simulation. The standard
deviation of all the results from MCNPX was within 1.2%, with most of them below 0.5%. The
scenarios where the error is higher than 0.5% happens when the size of the organ is very small,
for example, eye lenses, because for such cases the number of photons that enters the organ can

be small.
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7.4 Discussion

In this work, Monte Carlo simulations were used to investigate the effect of the tube start
angle on organ dose in several patient models. While current MDCT systems do not allow the
user to control the start angle, this study investigated the feasibility of exploiting this sinusoidal
behavior to reduce the dose to a specific organ by varying the tube start angle, especially for a
small peripheral organ on small patients. Results were presented showing the magnitude of organ

dose reduction possible if the ability to choose the tube start angle were to be provided.

The results demonstrate a range of dose reduction for various organs in various phantoms
undergoing a full body scan. This dose reduction can be large, for example, for Baby phantom
the maximum reduction of the breast dose could be as high as 33%. For pediatric patients, the
dose reduction to breast, testes, thyroid and eye lenses is considerable (20% or more) while the
dose reduction to ovaries and uterus is lower (10%). For adult patients, the dose reduction is only
considerable for the eye lenses. For pregnant patients at early gestational stage (<10 weeks), the

dose reduction to fetus can be up to 17-18%.

The organ dose variation resulting from varying the tube start angle depends on the scan
parameters, especially pitch and nominal collimation. Chapter 6 showed that if the scanned
object is a large (32 cm diameter) cylindrical homogeneous phantom, the dose distribution at the
isocenter would be uniform, no matter what the pitch and nominal collimation are. However, if
the region of interest is at a peripheral or surface position (for example, breasts), instead of the

isocenter, the longitudinal dose distribution could have large variations. This is because at
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peripheral positions, some areas are exposed to entrance, exit and scattered radiation, while other
areas may be exposed to either only exit and scatted radiation (e.g. pitch 1.5) or they may be
exposed to an overlap region where they receive entrance radiation from two successive rotations

(e.g. pitch 0.75).

The magnitude of organ dose reduction resulting from varying tube start angle is highly
related to the location of the organ, size of the organ and anatomy in the vicinity of the organ in
question. If the organ is perfectly at the isocenter, the organ would have very minor dose
variation from varying tube start angle because the dose distribution at isocenter is nearly
uniform. If the organ is relatively large, such as lung or liver, it also will not have significant
variation because its dimension in longitudinal direction is much larger than the period of the
dose distribution (which is basically table feed per rotation), and the organ dose integrated over
several periods will not be able to reflect the peaks and the valleys. For example, the organ dose
of F31 pregnant patient phantom does not have considerable variations depending on the tube
start angles because the organ (fetus) is relatively large. The anatomy in the vicinity of the organ
in question is also an important factor. For example, the eye lens is surrounded by more bone
than the breasts, so it has a higher magnitude of dose variation. In addition, although fetus is
almost at the isocenter, it may be surrounded and protected from radiation by pelvis, except for

the anterior direction. This will also result in some dose variation as a function of tube angle.

Since the table feed per rotation is the product of pitch and nominal collimation, these

two parameters determine how ‘continuous’ the surface (or peripheral position) is covered by the
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primary beam. For example, if the table feed per rotation is much larger than the actual beam
width (as in pitch larger than 1.0), there may be considerable area on the surface that is not
covered by the primary entrance beam and hence the longitudinal dose distribution will have
higher variation. So theoretically, as the pitch and nominal collimation increase, the organ dose
would have larger dose reduction. This was illustrated in Table 7.3 where the maximum dose
reduction is higher for pitch 1.5 than that for pitch 1 for all cases, and it is slightly higher for

40mm nominal beam width than that for 28.8mm nominal beam width.

However, the dose reduction of pitch 1 is not higher than that for pitch 0.75. This is
because as the pitch decreases to a certain value, the overlap of the adjacent radiation beams
occurs, resulting in an overlap peak. As illustrated in Figure 7.6, this scenario creates a new
mechanism of organ dose variation, where inside the overlap region the organ receives higher
dose and outside the overlap region the organ receives lower dose. Therefore, there is a
“threshold” pitch for each organ in each phantom, such that the larger the difference between the
pitch used in scan and the threshold pitch is, the higher the achievable dose reduction could be. It
is expressed in equation 3.

d

iso

A .
Pthreshold = (1 - ) X E Equatlon 7.3
,where d is the distance between organ centroid to the isocenter in the A-P dimension, A is the
actual beam width, N is the nominal beam width, and iso is the distance between the x-ray tube

anode to the isocenter. Typically d (less than 10 cm for most of the organs) is much smaller than
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iso (usually 50 cm to 60 cm), so the threshold pitch can be approximated by A/N, which is about

1.1 in this study.
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When the pitch used in the scan is higher than threshold pitch, “cold spots” are created
along the longitudinal direction of the organ (as illustrated in Figure 7.1). In comparison, when
the pitch used in the scan is lower than threshold pitch, then overlap peaks result and “hot spots”
are created as demonstrated in Figure 7.6. If an organ has a relatively small extent in the
longitudinal direction, its dose may be affected by these hot or cold spots, the location of which
can be affected by the tube start angle. Thus two organ dose reduction strategies can be applied
for these two different scenarios. For the first scenario (pitch P > Pinreshold), the dose to an organ
in question can be minimized if the tube start angle were to be selected in such a way that when
the tube passes the organ, it is at posterior side of the patient (assuming the organ is on the
anterior side of the patient); this corresponds to OCTA of 180 degrees. For the second scenario
(pitch P < Preshold), the organ dose can be minimized by selecting a tube start angle such that
when the tube passes the organ, it is at the anterior side of the patient, which corresponds to an
OCTA of 0 degrees. Of course, the effectiveness of both techniques also depends on the anatomy
in the vicinity of the organ in question. From Figure 7.3 it is seen that the optimal angles are

slightly off by about 20 degrees. One reason may be that the Baby model used in this study is in

supine position slightly rolled to its left.

As the cone angle increases, the area of these cold or hot spots will also increase for
helical scans, which causes larger variation of organ dose depending on tube start angle. Since
very wide nominal beam width (>40mm) MDCT scan systems are being introduced, this method

could potentially serve as an important dose reduction technique.
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Most of the investigated organs in this study are relatively small in size and easy to be
anatomically located (e.g. lymph nodes are difficult to locate). These organs happen to be located
close to the anterior surface of the patient body. The dose reduction strategies would have been
different if these small organs were located at the back or at the side of the body. However, all
the posterior and lateral organs have larger size in longitudinal direction comparing to the

nominal collimation and hence the dose strategies being proposed in this study cannot be applied

anyway.

The voxel sizes of all phantoms are considered small enough to accurately represent the
selected organs, with the possible exception of eye lenses. For GSF Baby and Irene, there are 69
voxels and 84 voxels identified as eye lenses, respectively. However, for GSF Child model, there
are only 28 voxels identified as eye lenses. Given the voxel size for GSF Child
(1.54x1.54x8mm), there are not a large number of voxels to represent the eye lenses, which may
make it difficult to estimate the dose reduction accurately. However, because the beam width
used here has a width of 28.8 mm (or 40 mm) and when pitch is great than one, there are large
gaps between adjacent rotations; therefore, we would still expect significant dose reduction for

the eye lenses.

There are several limitations in this study. First, the sample size of the patient models is
relatively small. While the three GSF phantoms and the four pregnant female phantoms do
represent a distribution of the patient size, they cannot represent the whole patient population.

Since the magnitude of the dose reduction depends on the size of the organ, the dose reduction
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should have larger magnitude for smaller sized patients. But GSF Baby (8 weeks) is very small,
so larger magnitude dose reductions would not be expected. For a larger size patient, the dose
reduction may be lower that observed in GSF model Irene, but perhaps not much lower, because

larger patients do not necessarily have much larger organs, e.g., eye lenses.

Second, this technique to reduce organ dose by selecting a specific tube start angle can
only ensure that one organ gets the minimum dose while not controlling the dose to other organs.
But this doesn’t impair this technique to be a useful organ dose reduction strategy because it does
not put other organs at any higher risk than they are currently experiencing under uncontrolled
(i.e. random start angle) helical scans. In addition, the simulations in this study considered
constant tube current only. The effect from tube current modulation (TCM) is not simulated. This
study did not specifically address any issues of image quality, though the impact would be
expected to be insignificant because there is no change in acquisition parameters such as tube
current, rotation time, beam collimation or pitch. Also in order to apply the technique of
reducing dose to certain organ by controlling the tube start angle in practice, there may be some
other practical considerations to take into account. For example, it requires the knowledge of the
location of the organ prior to the CT scan (which could be available from the scan projection
radiograph or planning view); the localization of the organ position should be very accurate; the

organ must not move during the examination, etc.

In currently available commercial CT scanners, the tube start angle is not controlled by

the user and is either a completely random variable (any start angle is possible) or a limited
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random variable (only certain start angles are allowed, but are still not controlled by the user). So
the dose received by the organs investigated in this study using current MDCT scanners would
be randomly distributed on the dose reduction curves shown. The purpose of this study was to
investigate the magnitude of organ dose reduction that might be achieved if the capability to
control the tube start angle were to be provided. This technique may be applied to a small organ
on small patients, fetus on pregnant patients with early gestational stage, or eye lenses on adult
patients. Since tube current modulation (TCM) techniques do not perform very well for pediatric
patients (because they are more circular than elliptical for example), this method could also serve
as a complementary approach to TCM. The clinical realization of this methodology might not be
trivial and would require implementation by scanner manufacturers; however, there are some
current products which do at least take the tube start angle into consideration such as: (a) a dose
reduction method which turns the x-ray beam off over the anterior portion of the patient (X-care,
Siemens Medical Solutions, Forcheim, Germany) and (b) a method not used for radiation dose
reduction but for synchronizing helical source paths between pre- and post-contrast scans
(typically within the head) for the purposes of minimizing artifacts when subtracting the two
scans (Sure Subtraction, Toshiba Medical Systems, Inc., Otawara-shi, Japan). These two
products provide at least some indication that controlling the start angle may be feasible in some

MDCT scanners in the future.
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Chapter 8 Reducing Organ Dose from CT by controlling both Tube Start angle and Table

Height
8.1 Background and overview

The table height during a CT scan has drawn some attention in recent years and it has
implications for both radiation dose and image quality™*****. There are primarily two concerns
regarding the vertical position of the table during CT scans. One is its interference with tube
current modulation; the other concern is that it may cause additional image noise and possible

artifacts. These concerns are explained below.

In modern CT scanners, tube current modulation is used for almost all clinical protocols,
such as thorax and abdomen scans. Its purpose is to deliver only necessary radiation across
patients with different sizes, and across different projection angles for each patient based on the
attenuation. The Topogram (or Scout image, Scanogram), which is basically a radiograph image
of the patient, is usually obtained before the actual scan for the prescription of scan location, and
more importantly, for gathering information about the attenuation of the patient, which will be
used as input to determine the appropriate exposure level at different anatomical locations. Some
topograms are performed in the AP/PA direction, while some other are performed in the lateral
direction. When it’s performed at AP/PA direction, the table height could yield incorrect
information about the size of the patient to the algorithm for the calculation of tube current
modulation schema. For example, in an AP topogram, if the table is raised above the center, the

projected radiograph would be larger than it is supposed to be due to the magnification. This is
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shown in Figure 8.1. Therefore, the algorithm would process the attenuation data as if it was a

larger patient and hence generate incorrect higher tube current®,

@

@

(@) (b)

Figure 8.1 The illustration of the magnification of topogram image when the table is raised. a).
Table is at regular height. b). Table is raised.

Changing the table height may also introduce some potential degradation of image
quality, including the effect on noise and CT number. Because the shape of the bowtie is
designed to compensate for the in-homogeneity of x-ray intensity at detector when the patient is
positioned at center (shown in Figure 8.2a), the x-ray intensity can differ significantly across the
detector when the patient is off-center (shown in Figure 8.2b). At the location where the x-ray
intensity is lower and with less number of photons, the noise would be inevitably higher due to

the Poisson statistical distribution of the photons™*. In addition, the beam may be more hardened
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for the rays that travel through more bowtie filtration. Therefore the CT number may also be not

accurate.

a) b)

Figure 8.2 The x-ray intensity when the patient is centered (a) and off-center (b). The lines
illustrates the relative intensity of x-ray beam.

Although the adjustment of table height in CT scans could potentially have some adverse
effect on image quality, it could also potentially help reducing the radiation dose to the
peripheral organs. The aim of this chapter is to investigate the reduction of organ dose in CT
scans by combining the adjustments of both tube start angle and table height. This technique is
proposed in this dissertation to reduce dose while maintaining image quality. As discussed above,
since the adjustment of table height may have complications for scans with TCM, the dose
reduction for using fixed tube current and using TCM were investigated separated. First, the
mechanism of dose reduction by adjusting table height is discussed. Then, the dose reduction
from the combination of adjusting tube start angle and table height was investigated for constant
tube current scenario using measurements on phantoms, as well as simulations on voxelized

patient models. Subsequently, the dose reduction was studied for TCM scans using both phantom
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measurements and Monte Carlo simulations. Next, since a lot of simulations were conducted for
the simulation of controlling tube start angle and table height, the Monte Carlo model was
validated by benchmarking simulated results and measurements at various tube start angles and
table heights. Finally, the effect to image quality from adjusting tube start angle and table height

was studied. The overview of this Chapter is illustrated in Figure 8.3.

Mechanism of reducing dose by adjusting table height

Reducing dose by controlling tube start angle and table
height for scans with constant tube current

Reducing dose by controlling tube start angle and table
height for scans with TCM

Validation of the modeling of tube start angle and table
height in UCLA Monte Carlo CT Simulation Package

Effect to image quality from controlling tube start angle
and table height

Figure 8.3 Overview of Chapter 8.

8.2 The mechanism of dose reduction by adjusting table height

In order to investigate the effect of table height on the dose delivered to the patient,
especially to the peripheral or surface dose of the patient, a series of simulations for single axial
scans were performed to monitor the exposure to the 12:00 position (very close to the suface) of

a 32 cm CTDI phantom using Monte Carlo simulations. The simulated CTDI 12:00 was plotted
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as a function of tube start angle at a variety of table heights, as shown in Figure 8.4. It should be
noted that the bump around tube start angle of O degree is due to a small over-scan when the
single axial scan start because of the ramp up of the tube potential. Since the location of the ion
chamber (12:00 position) corresponds to the tube angle 0, this effect is only perceivable when the
tube start angle is 0. The reason that the bump is more prominent when the table is higher is that

the ion chamber is closer to the x-ray source.

CTDI100 12:00 for 200mAs scans as a function of tube start
angle at various verticle table positions
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Figure 8.4 Simulated CTDI 12:00 as a function of tube start angle at a variety of table heights.
Figure 8.4 showed that as the table is raised, the CTDI 12:00 decreased, while as the table

is lowered, the CTDI 12:00 increased. This fact seems counter-intuitive because as the table is

raised, the ion chamber is closer to the source at 12:00 position, however, the exposure is lower
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for a single axial scan. In order to investigate the mechanism of this effect, mesh tally in
MCNPX was used to study the 3D radiation dose distribution within the CTDI phantom for a
single axial scan. Figure 8.5 shows the dose distribution at two different table heights: at
isocenter and 12 cm above the isocenter. Difference images between dose maps at each these two
table heights were also shown. In these figures black color corresponds to lower dose, while
white color corresponds to higher dose. It showed that when the table was raised (at 12 cm above
isocenter), the upper part of the phantom received lower dose comparing to when it’s at isocenter
(black on the upper part of the difference image), and the lower part of the phantom received

higher dose (white on the lower part of the difference image).

isocenter

o

12cm above 12cm above - isocenter
B

Figure 8.5 Dose distribution maps within a 32 cm CTDI phantom for single axial scans at two
different table heights (isocenter and 12 cm above isocenter), as well as the difference image
between dose distribution maps.

To investigate the physics behind this fact, a separate set of simulations were performed
with the bowtie filter taken out. The results are shown in Figure 8.6, which showed that the
change of dose distribution when the table is raised is the opposite of the scenario where the
bowtie filter was in. In other words, the upper part of the phantom received higher dose, and the

lower part of the phantom received lower dose when the table is raised. Therefore, it was
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demonstrated that the non-intuitive behavior of the dose change at different table heights was
caused by the bowtie filter. Because of the shape of the bowtie filter, when the area of interest is
pushed closer to the isocenter in the CT gantry, it always receives lower filtration from the
bowtie filter from each projection and hence has higher intensity (shown in Figure 8.7a), while
when the area is moved away from the isocenter, it receives more filtration caused by the bowtie

filter and hence has lower intensity (show in Figure 8.7b).

isocenter 12cm above 12cm above - isocenter

&y 250

Figure 8.6 Dose distribution maps within a 32 cm CTDI phantom for single axial scans at two
different table heights (isocenter and 12 cm above isocenter), as well as the difference image
between dose distribution maps. Bowtie filtrations were deliberately taken out for these
simulations.

a) b)
Figure 8.7 lllustration of the additional attenuation from bowtie filtration when for a point further
away from the isocenter.
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Therefore, the shape of the bowtie filtration and the nature of the circular moving pattern
of the x-ray source in CT have determined that a part of the object being scanned would receive
lower radiation dose if it is moved away from the isocenter. Meanwhile, another part of the
object which is moved closer to the isocenter would receive higher radiation dose. In other
words, the dose distribution within an object could be manipulated by raising or lowering the
table during CT scans. This phenomenon may be applied to patients to alleviate radiation dose to
organs that are more radio-sensitive in clinical CT scans. Furthermore, the effect of adjusting
table height could be combined with the control of tube start angle discussed in Chpater 7 to
achieve even larger dose reduction to critical organs. In order to achieve this goal, a series of
measurements and simulations were performed to study the potential use for dose reduction from

these techniques and their potential impact on image quality.

8.3 Reducing Radiation Dose by Controlling Table Height and Tube Start Angle Under

Constant Tube Current

The effects from both techniques were first investigated for scans with constant tube
current. Although TCM is used for most of the scan protocols to deliver less radiation dose to
patients, a few protocols still use constant tube current, such as some head scan protocols, since
the shape of head is rather round and there is very little difference of attenuation across
projections. Furthermore, it is crucial to start with relatively simple to explore the physics

mechanism by leaving out TCM, which could be a complicating factor.

8.3.1. Methods (Constant tube current)
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8.3.1.1 Methods - Exposure Measurements on a Thorax Phantom at Various Table Heights
and Tube Start Angles (TCM off)

A Radcal 0.6 cc ionization chamber was placed on the surface of the chest of an

anthropomorphic phantom developed by Radiology Support Device Inc**

to study the effect of
both tube start angle and table height on the radiation dose to a small volume at the patient
surface, shown in Figure 8.8. Helical CT scans using clinically routine chest protocols were
performed for a Siemens Sensation 64 scanner using 28.8mm collimation, 120kVp, 150 mAs,
and pitch 1.5. The table was set to a variety of heights to investigate the effect of table height on
dose. Since the tube start angle is random and it is not under the user’s control for helical scans,
24 helical scans were performed under each table height to yield a variety of tube start angles.
The exposure of the ionization chamber and the tube start angle were recorded for each scan. In
order to obtain the tube start angle for each scan, the raw projection data was extracted from the

scanner console and was read in with a MATLAB subroutine which calls several proprietary

dynamic link library provided by Siemens.
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Figure 8.8 The setup of the experiment: a Radcal small ionization chamber was placed on the
anterior surface of an anthropomorphic thorax phantom.

8.3.1.2. Methods - Organ Dose Reduction to GSF Patient Models by Adjusting Tube Start
and Angle Table Height (TCM off)

In order to investigate the magnitude of the reduction of radiation dose to individual
organs, Monte Carlo simulations were performed using the GSF family patient models. In
addition to Baby, Child, Irene, Donna, Frank, and Golem that were used in the previous chapters,
the remaining four models Helga, Visible Human, Rex and Regina were also include in the
simulations to represent a reasonable cohort of patient population with a distribution in age,

gender and size*****”. The information for each model in the GSF family is shown in Table 8.1.
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Table 8.1 Age, gender, and size descriptions of GSF models used in this study.

Model Age Gender Weight Height
(kg) (cm)
Baby 8 weeks Female 4.2 57
Child 7 years Female 21.7 115
Irene 32 years Female 51 163
Donna 40 years Female 79 170
Helga 26 years Female 81 170
Golem 38 years Male 69 176
Frank 48 years Male 95 174
Visible Human 39 years Male 103 180
Rex 38 years Male 70 176
Regina 43 years Female 59 167

In the light of the potential larger dose reduction from wider beam width and higher
pitch, a Siemens Definition Flash scanner was modeled, which has a Flash Mode of dual source,
with the widest collimation of 38.4 mm and the largest pitch of 3.2. With the wider collimation
and higher pitch, the table travels very fast in the Flash Mode, which yields very quick scans
with more advantages in terms of cardiac imaging and the tolerance of patient motion. In the
same time, the high pitch (effectively 1.6) and wide collimation result in much wider gaps
between adjacent x-ray beams. Therefore, the dose reduction brought by controlling the tube

start angle would potentially be more significant.

152



For each GSF model, the radiation dose to each radiosensitive organs with the weighting
factor higher than 0.01 (including gonads, breast glandular tissue, lung, thyroid, colon, stomach,
bladder, esophagus, and liver) were estimated at 18 tube start angles with 20 degrees apart at
each specific table height**. Dose to eye lens and kidneys were also included although they have
lower weighting factors, because there has been concerns about dose to eye lens, as discussed in
Chapter 4. Kidneys are included because they are located towards the posterior side of the body
which could be used to demonstrate the concept in the results that will follow. These simulations
were performed for five different table heights (center, 6cm above center, 12cm above center,
6cm below center, and 12cm below center). It should be noted that although in practical
environment the gantry is usually not large enough for positioning the center of the patient to be
12cm above the isocenter, this table height was still included in the study to illustrate the

concept.

The equivalent source method was used to obtain spectra and bowtie filtration
information for both x-ray tubes with 95 degree apart from each other. Instead of simulating two
sources in the same MCNPX run, 2 separated runs with each corresponding to one source were
performed, and the results were combined in the end. The results were reported on a per 100mAs
basis, so that radiation dose to each organ for scans with other mAs values can be obtained by
scaling since dose is proportional to mAs. The simulations were performed using Flash mode on
the Definition Flash CT scanner with dual source, 120 kVp, 64 x 0.6mm (38.4mm) nominal

collimation, 43mm actual beam width, and a pitch of 3.2.
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8.3.2. Results (Constant tube current)

8.3.2.1. Results - Exposure Measurements on a Thorax Phantom at Various Tube Start
Angels and Table Heights

The exposure measurements were plotted as a function of tube start angle for various
table heights in Figure 8.9. The selection of tube start angle and table height results in significant
changes in radiation dose at the patient surface. At each table height, the sinusoidal behavior as a
function of tube start angle can be observed, same as the simulation results shown in Chapter 7.
As the table is raised (dosimeter closer to the top of gantry), the exposure decreases, while as the
table is lowered (dosimeter closer to the bottom of the gantry), the exposure increases. Compared
to the worst case start angle (dose is the highest) when the patient is centered, the radiation dose
can be 36% higher or 65% lower by adjusting the table height and the tube start angle while

keeping all other scanning parameters (kVp, mAs, pitch) the same for the Sensation 64 scanner.
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Figure 8.9 Exposure measured at the surface of an anthropomorphic phantom versus tube start
angle at a variety of table heights for the chest protocols of a Siemens Sensation 64 CT scanner

under constant tube current.

8.3.2.2. Results - Organ Dose Reduction to GSF Models by Adjusting Tube Start Angle and

Table Height

The organ doses were plotted as a function of tube start angle for different table heights.

Since there are in total 10 GSF models, and the dose to 11 organs, whenever available, were

reported for each model, there are in total more than 100 plots. They are too many to be included

in the dissertation. Therefore only a series of examples are shown. Specifically, the breast dose

reduction for Irene, the eye lens dose reduction for Frank, the liver dose reduction for Donna,

and the kidney dose reduction for Rex are shown here in Figure 8.10(a) — 8.10(d). Comparing to

a small volume ion chamber on the surface of an anthropomorphic phantom used in the

measurements, an organ sits in a much more complex radiation attenuation environment with
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varying sizes. Even though, Figure 8.10 shows similar dose variation pattern as it is in Figure

8.9.
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RexKidneyDose VS. TSA at 5 Table Heights
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Figure 8.10. Exemple organ dose as a function of tube start angle at various table heights: isocenter
(Table0), 6cm above isocenter (Table+6), 12cm above isocenter (Table+12) , 6cm below isocenter
(Table-6), 12cm below isocenter (Table-12). (a) the breast dose for Irene, (b) the eye lens dose
reduction for Frank, (c) the liver dose reduction for Donna, and (d) the kidney dose reduction for
Rex.

8.3.3. Discussion (Constant tube current)

The effect of tube start angle remains the same as what was discussed in Chapter 7: as the
tube start angle changes, there is significant organ dose variation. The magnitude of dose
variation, however, is larger than that from a Siemens Sensation 64 scanner. Previously it was
concluded that the technique to control the tube start angle to reduce organ dose only works for
pediatric patients, or very small organs for adults patients, such as eye lens. However, with the

much larger beam width and higher pitch on Siemens Definition Flash CT scanner, the technique
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can essentially be applied to any organ, regardless of the patient and organ size. For example,
Table 7.3 showed that the potential dose reduction from adjusting the tube start angle on a
Sensation 64 CT scan for Irene is only 4%, while Figure 8.10a showed that the dose reduction
can be as high as 45% (when the patient is centered) if the scan is performed under Flash mode
on Definition Flash CT scanner. Even for organs as large of liver, the dose reduction from
adjusting the tube start angle can be 20%, as shown in Figure 8.10c when table is centered. For
small organs such as eye lens, the dose reduction is dramatic: 80% as shown in Figure 8.8b when

table is centered.

Raising or lowering the table changes the radiation dose to individual organs. For
example, Figure 8.10a shows that the breast dose to Irene is reduced by about 40% when the
table is raised by 12cm. Compared to the measurement results shown in Figure 8.9, the results
for organ doses are not as self-explanatory. For example, it is very clear in Figure 8.9 that as the
table is raised, the radiation dose to the small ion chamber decreases. However, Figure 8.10c
shows that the dose to liver decreases no matter if the table is raised or lowered. By reviewing all
the results for all the organs and all the patients, it could be concluded as follows: for organs
that are in the anterior side of the patient, such as eye lens and breast, the organ dose
decreases as the table is raised. For organs that are in the posterior side of the patient, such
as kidneys, the organ dose decreases as the table is lowered. For organs that are in the
middle, such as gonads, lungs, thyroid, colon, stomach, bladder, esophagus, and liver, the

organ dose decreases as the table moves either up or down.

159



The rule of the thumb is that as the table moves up and down, the further away an organ
of interest is from isocenter, the lower radiation dose it would receive. This explains why in
some cases such as what is shown in Figure 8.10a for breast glandular tissue, that lowering the
table would sometimes also reduce the radiation dose. While lowering the table first make the
breast glandular tissue closer to isocenter and therefore increase the radiation dose to it, if the
table is lowered so much that the breast glandular tissue is past the isocenter, the radiation dose
will start decreasing again. In order to demonstrate this in a clearer fashion, another set of
simulations with finer samples of table heights were performed just for Irene at a single tube start
angle. The relative differences of radiation dose to several organs were plotted as a function of
table height and shown in Figure 8.11. For anterior organs such as breast glandular tissue and eye
lens, the radiation dose always decreases as the table is raised (higher table height value); while
when the table is lowered (lower table height value), the radiation dose first increases and then
decreases when the organ passes the isocenter. Similarly, for posterior organs such as kidneys
and rectum, the radiation dose always decreases as the table is lowered; while when the table is
raised, the radiation dose first increase and then decreases. For organs in the middle, such as
liver, the radiation dose decreases no matter the table is raised or lowered. This is a general rule,
although the absolute “turning point” still depends on the specific organ size and patient

anatomy.
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Figure 8.11 The relative difference of radiation dose to several organs for Irene at different table
heights.

8.4 Reducing Radiation Dose by Controlling Table Height and Tube Start Angle Under

Tube Current Modulation

After investigating the effects under constant tube current, it is necessary to study these
effects when tube current modulation is used. Since when the tube current is modulated, the
photon fluence would be different when the x-ray tube is irradiating the patient across
projections. This may cause the behavior or the magnitude of the dose reduction from adjusting

tube start angle and table height to be different.
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8.4.1. Methods (TCM on)

8.4.1.1 Methods - Exposure Measurements on a Thorax Phantom at Various Table Heights
and Tube Start Angles (TCM on)

Using the same methods as described in 8.3.1.1,exposure measurements were performed
on the surface of a chest anthropomorphic phantom at different tube start angles and table
heights, except that in this set of measurements the tube current modulation was turned on, as
what’s routinely prescribed in clinics. As discussed in 8.1, when TCM is used, the mis-
positioning of a patient during the topogram can cause the magnification of the projection image
and therefore influence the calculation of the attenuation of the patient during the TCM planning.
In order to circumvent this, the topograms were performed at the center position, and then
the table was moved to different heights while every scan uses the same topogram for the
TCM planning. To demonstrate the larger dose savings from the Flash mode, another set of
measurements were performed using a Definition Flash CT scanner (120kVp, 140 Quality

Reference mAs, 38.4mm collimation, dual source, 3.2 pitch).

8.4.1.2 Methods - Validation of the TCM Schema When Topogram is Performed at a
Different Table Heights

In the previous section, in order to get rid of the magnification effect on TCM scheme, it
was proposed to adjust the table height after the topogram is performed at center. However, it is
unclear if changing the table height after topogram would still affect the TCM schemes. In order
to verify that it would not interfere with the TCM schemes, a MATLAB subroutine was used to

plot the TCM schemes (tube current versus table position) for each scan performed in the
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previous session, including both scans on Sensation 64 scanner and scans on Definition Flash
scanner, and compared to the TCM scheme with the table positioned at the center to study

differences.

8.4.1.3 Methods - Organ Dose Reduction to Clinical Patient Models by Controlling Tube
Start Angle and Table Height (TCM on)

Section 8.3.2.2 showed the organ dose reduction by adjusting table heights and tube start
angles under constant tube current. However, this is not the case for the majority of clinical
practices. Therefore it is necessary to study the behavior, as well as the magnitude of organ dose
reduction when tube current modulation is used. Since TCM scheme depends on attenuation
information for each specific patient, it is necessary to use clinical patient models with known
tube current functions, which is not the case for the GSF Family of voxelized models. As a
result, new patient models were generated based on images obtained from actual exams
performed at UCLA. Since smaller patients could potentially receive more dose reduction from
adjusting tube start angle, 2 pediatric patient models were created. The first patient is a 15 year
old female, while the second patient is a 4 year old female. These two patients both underwent a
CT chest exam acquired on a Siemens Definition Flash CT scanner with CareDose 4D turned on.
Flash thorax protocol was used for both patients with 120kVp, 128 x 0.6 collimation, dual
source, and pitch of 3.0. Patient-specific and exam-specific tube current scheme functions were
then extracted from raw projection files of each patient, and they were used as input in the Monte

Carlo simulations to obtain organ dose estimates.
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For each patient, a voxelized model was created from image data using the methods
developed previously*®*°. This process for a particular organ (glandular breast tissue) is
illustrated in Figure 8.12. First, the contours of a region that fully encompass breast glandular
tissue were explicitly drawn on each slice using manual and semi-automatic contouring
techniques. Then a threshold technique was used to identify true glandular breast tissue within
the region. The density and material composition for this organ was defined based on the
corresponding description in the ICRU Report 44 composition of body tissue tables™. In addition
to glandular breast tissue, lungs were also segmented in a similar approach. For regions on the
images that were not explicitly contoured, they were assigned to one of six tissue types (lung, fat,

water, muscle, bone or air) and one of 17 density levels based on their Hounsfield Unit (HU)

|119.

value on a per voxel basis, as described in DeMarco et a

Figure 8.12 Generation of a voxelized model: (a) original patient image, (b) Contour of the breast
region, (c) threshold image to identify glandular breast tissue and (d) the resulting voxelized model.
Reprinted from Angel, et al*®,
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For each of these two patient models, dose to glandular breast tissue and lungs were
estimated using Monte Carlo simulations under a variety of combinations of table heights and
tube start angles for a Definition Flash CT scanner. The table was set to be at center, 5cm above
center, 10 cm above center, 5¢cm below center, and 10cm below center. Similar to 8.2.2, at each
specific table height, 18 simulations were performed with different tube start angles, and the
results from tube A and tube B were combined to yield total radiation dose to organs. Since TCM
scheme was used as input in Monte Carlo simulations, and the scheme obtained from the raw
projection data has one specific tube start angle, different TCM schemes were generated by
shifting the original scheme in the angular domain (e.g., a shift in the x-axis if tube current is
plotted as a function of tube angle). It should be noted that the relationship between tube current

and table position is kept unchanged in this process.

8.4.1.4. Methods - Validation of the TSA Change on TCM

In the previous section, the tube current modulation schema for different tube start angles
were generated by adding angular ‘phase shift” onto existing tube current modulation scheme
obtained from raw projection data. However, it is unclear that if tube current modulation scheme
with different tube start angles can be approximated using this approach. In order to validate this
methodology, a thorax anthropomorphic phantom was scanned for 10 times with TCM turned on
to yield a number of different tube start angles. The tube current modulation schemas for each of
these scans were obtained using the MATLAB subroutine, and they were compared to each

other.

8.4.2. Results and Discussions (TCM on)
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8.4.2.1. Results - Exposure Measurements on a Thorax Phantom at Various Table Heights

and Tube Start Angles (TCM on)

The measured exposure was plotted as a function of tube start angle for a number of table
heights and it is shown in Figure 8.13 for the Sensation 64 CT scanner. The results are shown in

Figure 8.14 for the Definition Flash CT scanner.

Similar to the cases where the tube current was kept constant, the selection of tube start
angle and table height results in significant changes in radiation dose at the patient surface.
Compared to the worst case start angle when the patient is centered, the radiation dose can be
35% higher or 70% lower by adjusting the table height and the tube start angle while keeping all
other scanning parameters (kVp, mAs, pitch) the same for the Sensation 64 scanner; for the
Definition Flash scanner with a wider nominal beam width and higher pitch, this range increases
to 72% higher or 79% lower. Generally, as the table moves higher (dosimeter closer to top of
gantry), the exposure decreases. However, there is one exception where when the table is moved
from 100mm to 145mm below isocenter for the Definition Flash scanner, the radiation dose
decreased, as opposed to increase. This is because the ion chamber was moved down far enough
to pass isocenter, and therefore the measured exposure started to climb up again because of the

attenuation from the bowtie filtration edges. This was also explained in 8.3.3.

166
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Figure 8.13 Exposure measured at the surface of an anthropomorphic phantom versus tube start
angle at a variety of table heights for the chest protocols of a Siemens Sensation 64 CT scanner.
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Measured exposure using various Tube Start Angle at different Table
Height for a Siemens Definition Flash scanner
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Figure 8.14 Exposure measured at the surface of an anthropomorphic phantom versus tube start
angle at a variety of table heights for the chest protocol of a Siemens Definition Flash CT scanner.

8.4.2.2. Results - Validation of the TCM Schema When Topogram is Performed at a
Different Table Heights

The results for Sensation 64 scanner for validation are shown in Figure 8.15, while the
results for Definition Flash scanner are shown in Figure 8.16. For Sensation 64 scanner, there are
tube current modulations both in xy plane (in plane) and in z direction (along the table
movement). Figure 8.15 shows that all TCM scheme curves more or less overlap with each other

along table position. Therefore it demonstrates that there is no significant difference in the
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modulation in z direction. In Xy plane, there are some slight off-phase behaviors between
different curves. This can be explained by the differences in the tube start angle for each scan,
since tube start angle is random. For the Flash mode of Definition Flash scanner, there is only z
direction tube current modulation. Figure 8.16 shows that the scans at center and at 20mm above
center have almost the same TCM schemes, while scans at other four table heights have almost
the same TCM schemes. However, the tube current of the latter group is about 5% higher than
the former group. It is suspected that this 5% difference comes from experiment setup

differences such as accidental movement of the phantom between scans.

TCM schemes for scans at different table height
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Figure 8.15 TCM schemes for a chest anthropomorphic phantom under scans at different table
height after the topogram at center for Siemens Sensation 64 CT scanner.
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TCM schemes for scans at different table height
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Figure 8.16 TCM schemes for a chest anthropomorphic phantom under scans at different table
height after the topogram at center for Siemens Definition Flash CT scanner.

8.4.2.3. Results - Organ Dose Reduction to Clinical Patient Models by Controlling Tube

Start Angle and Table Height (TCM on)

Dose to the lungs and glandular breast tissue for both patients is shown in Figure 8.17.
The results were reported on a per 100mAs basis. It is shown that the tube start angle does not
have much of an effect to dose to lungs, even to patient 2 with the age of 4 years. However,
raising or lowering the table could reduce dose to lungs by up to 30%, as shown in Figure 8.17a
and Figure 8.17c. This is consistent with the results shown previously in Chapter 7 and 8.3.2.2:
large organs do not benefit from adjusting tube start angles, but they benefit from adjusting table
height. For small organs such as glandular breast tissue, there is significant dose reduction from

controlling both tube start angle and table height. For example, for larger patients such as patient
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1, the dose reduction is on the order of 30% from tube start angle. For smaller patients such as
patient 2, who has only very small amount of glandular breast tissue, the dose reduction is on the
order of 50%. For both patients, the dose reduction is about 25% when the table is raised by

10cm. Overall, when the TCM is used, the behavior of dose reduction to organs is very similar to

that without TCM.
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Figure 8.17 Lung and breasts dose as a function of tube start angle at various table heights:
isocenter (Table0), 5cm above isocenter (Table+10), 10cm above isocenter (Table+10) , 5cm below
isocenter (Table-5), 10cm below isocenter (Table-10). (a) the lung dose reduction for patient 1, (b)
the breast dose reduction for patient 1, (c) the lung dose reduction for patient 2, and (d) the breast

dose reduction for patient 2.

8.4.2.4. Results - Validation of the TSA Change on TCM

Figure 8.18 shows the tube current as a function of tube angle for each of the 10 scans.
Since the tube start angle is random and it is not under control, the modulation schemes start with
different angle. However, the shape and the magnitude of the schemes barely change for scans
with different tube start angles. Therefore, it could be concluded that the method used in 8.4.1.3

to generate tube current modulation scheme at different tube start angles is valid.
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Figure 8.18 Tube current as a function of gantry angle for scans with different tube start angles. It
could be concluded that the differences in tube start angle do not cause effect to the modulation
schema.

8.5 The Validation of The Modeling of Tube Start Angle and Table Height in MCNPX

In the UCLA CT Dose Simulation Package, tube start angle and table height were
specifically modeled as input parameters which the users can specify. These were used in the
simulations description throughout this chapter. Since the validation methods described in
Chapter 3 compares the measured and simulated CTDI, which does not take the tube start angle
and table height into account, it is necessary to validate the model in a more complex radiation
transport environment where tube start angle and table height play critical roles. The small ion
chamber measurement on the surface of an anthropomorphic phantom is a perfect candidate for
such set of validation experiments. Therefore, Monte Carlo simulations were performed for the
measurement series using Sensation 64 CT scanner for every single scan at each table height, and

the simulated results were compared to the measurements.
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8.5.1. Methods

A voxelized model of the thorax phantom was created from the image data from one of
the scans using the methods described in 8.4.1.3. The wall of the ionization chamber and the air
inside the ionization chamber were manually contoured. Since the ion chamber has very small
volume (0.6cc), the original resolution (512 x 512) of the CT images was retained in order to
obtain sufficient resolution to tally within the air portion of the ionization chamber. Since the
purpose of this set of simulations is to validate the tube start angles, and from Chapter 6 it was
learned that any displacement of scan start location along z-axis would have significant effect on
the distribution of the dose profile on surface, the over-scan range was carefully selected by
examining the tube current scheme in the raw data in order to assure that the x-ray beam on starts
at the exact correct location and the exact correct tube start angle. Simulations for each scan were
performed and post-processed to be in the unit of mGy, and they were compared to the
measurements. At each table height, the percent error of the simulated dose was calculated for

each tube start angle relative to the dose measured with the ionization chamber.

8.5.2. Results and Discussions
Table 8.2 shows the measured dose, simulated dose, as well as their relative difference
for each table height. Figure 8.19 shows the doses as function of tube start angle for each table

height.
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Table 8.2 Measured dose, simulated dose, as well as their difference in the unit of mGy for

experiments of helical scans on a Sensation 64 CT scanner irradiating a small ion chamber on the
surface of a thorax phantom.

Center (mGy) 30mm above center (mGy) 60mm above center (mGy)
Measure  Simulate  Differenc | Measure  Simulate  Differenc | Measure  Simulate  Differenc
d d e d d e d d e

10.07 9.09 -9.7% 8.05 7.17 -10.9% 7.61 6.95 -8.7%
11.36 11.51 1.3% 15.98 15.87 -0.7% 6.63 5.97 -10.0%
17.70 18.04 1.9% 7.73 6.97 -9.8% 11.48 11.19 -2.5%
12.01 12.59 4.8% 9.56 9.51 -0.5% 9.58 9.27 -3.2%
10.42 9.26 -11.2% 8.21 7.31 -11.0% 9.21 9.04 -1.8%
14.24 12.90 -9.4% 9.22 9.09 -1.5% 7.19 6.82 -5.2%
11.72 10.25 -12.5% 11.54 11.69 1.4% 14.50 14.78 1.9%
17.07 17.42 2.0% 9.98 8.98 -10.0% 8.08 7.42 -8.2%
14.50 12.99 -10.4% 10.37 10.53 1.5% 7.24 6.82 -5.8%
16.38 14.74 -10.0% 12.49 11.51 -7.9% 8.19 7.64 -6.7%
10.30 10.01 -2.8% 8.33 7.98 -4.2% 6.41 5.63 -12.1%
17.96 17.33 -3.5% 11.80 12.04 2.1% 7.04 6.19 -12.1%
11.51 11.76 2.2% 8.82 8.75 -0.9% 12.21 12.06 -1.3%
18.22 18.55 1.8% 7.96 7.63 -4.2% 12.31 12.04 -2.2%
17.78 18.04 1.4% 8.09 7.11 -12.1% 13.60 13.51 -0.6%
15.77 14.11 -10.5% 9.39 9.40 0.1% 8.40 8.17 -2.7%
15.28 14.22 -6.9% 8.03 7.08 -11.9% 11.09 10.86 -2.1%
11.41 11.67 2.3% 11.89 10.92 -8.1% 11.97 11.72 -2.1%
13.96 12.55 -10.1% 13.80 14.04 1.8% 13.78 14.04 1.9%
13.32 12.07 -9.4% 12.99 13.43 3.4% 6.98 6.40 -8.3%
18.05 18.36 1.7% 9.07 8.09 -10.8% 12.32 12.07 -2.0%
11.00 9.53 -13.4% 15.71 15.33 -2.4% 13.05 13.01 -0.4%
13.26 13.42 1.2% 12.48 11.51 -7.8% 9.30 8.61 -7.5%
13.44 13.71 2.0% 8.87 7.84 -11.6% 12.40 12.84 3.5%
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(Continue Table 8.2)

95mm below center (mGy)

Measured Simulated Difference

40mm below center (mGy)
Measured Simulated Difference
21.72 21.07 -3.0%
15.10 13.73 -9.1%
17.37 17.72 2.0%
14.31 14.20 -0.8%
14.32 12.97 -9.4%
21.81 22.20 1.8%
22.25 22.60 1.6%
21.29 22.09 3.8%
16.29 14.92 -8.4%
13.78 13.07 -5.2%
21.29 22.09 3.8%
16.21 16.54 2.1%
21.99 22.36 1.7%
14.38 14.45 0.5%
15.27 15.79 3.4%
18.75 17.34 -71.5%
14.96 13.47 -10.0%
22.25 22.23 -0.1%
13.47 13.33 -1.1%
14.53 13.24 -8.9%
20.06 18.74 -6.6%
21.99 22.16 0.8%
18.31 18.85 3.0%
19.80 18.50 -6.6%

17.78
17.87
24.62
18.83
20.15
23.13
19.45
24.62
18.92
19.80
23.39
24.62
17.87
18.66
21.99
18.40
24.53
19.36
19.97
24.44
20.94
22.34
24.79
17.96

17.56
18.00
25.19
18.04
19.50
24.32
20.59
25.40
18.19
21.05
24.81
25.40
18.07
18.11
21.28
18.81
25.77
18.50
21.08
24.56
20.60
21.78
25.40
18.48

-1.3%
0.7%
2.3%

-4.2%

-3.2%
5.2%
5.9%
3.2%

-3.9%
6.3%
6.1%
3.2%
1.1%

-3.0%

-3.2%
2.2%
5.0%

-4.4%
5.6%
0.5%

-1.6%

-2.5%
2.5%
2.9%
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Measured and Simulated doses to small ion chamber on the surface of a

w thorax phantom for scans at different tube start angle and table height
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Figure 8.19 Measured and simulated doses versus tube start angles at different table heights for
scans using a Siemens Sensation 64 scanner for the validation of the modeling of tube start angle
and table heigh.

These results illustrated that, putting apart other factors such as spectra, bowtie filtration,
particle transport, patient modeling, etc., it is possible to obtain simulation accuracies with a root
mean square error of less than 10% even by taking into account the delicate details of tube start
angle and table height. It has been suggested that for simulations as complex as CT dose, which
include a large number of parameters that could influence the results, simulation with errors of
up to 20% can be considered accurate®. The maximum absolute error reported in Table 8.2 was
13.4%, which is well below 20%. Figure 8.19 shows that there is a consistent a phase shift

between the simulated and measured values as a function of tube start angle. This may attribute
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to a lateral displacement between the geometry in measurements and that in simulations. This in
another way illustrates the importance of exactly matching all the intricate and detailed

conditions for a validation study.

8.6 Effects on Image Quality

It has been demonstrated in the previous sessions that organ dose can be significantly
reduced by adjusting the tube start angle and table height in helical CT scans, especially when
the collimation is wide, and when the pitch used is high. Before these two techniques are
proposed to be used in practice, however, it is crucial to investigate how much the image quality
would be compromised. The purpose of this session is to study how the change of tube start
angle and table height may influence the image quality. Measurements on different phantoms
under a variety of scanning protocols are proposed using a Siemens Sensation 64 MDCT

scanner.

8.6.1. Effect from Tube Start Angle

The change of tube start angle has no influence to image quality of CT images because in
all clinical MDCT systems, the tube start angle is a random variable. If tube start angle had any
effect on image quality, the quality assurance of CT scanners has to take it into account. The fact
that it is random in current clinical practice proved that it does not have any effect on image

quality.

8.6.2. Effect from Table Height

8.6.2.1. Methods

179



The effect to image quality from changing table height was investigated both under

constant tube current and under tube current modulation.

For constant tube current, the ACR accreditation physics testing procedures**® were
performed at various table heights. These include the assessments of CT number accuracy, low
contrast resolution, homogeneity and high contrast resolution. Scans were performed at different
table heights (3cm above isocenter, 6cm above isocenter, 4cm below isocenter, and 9.5cm below
isocenter) using 120kVp, 200mAs, 24 x 1.2 mm collimation, and pitch of 1. For the assessments
of CT Number accuracy, ROIs were drawn for each of the four inserts with different materials
(bone, polyethelyene, acrylic, and air), as well as for water at the CT Number module of the
phantom. This was performed on 3 consecutive slices and it is illustrated in Figure 8.20. For the
assessment of low contrast resolution, two ROIs were drawn at the insert and the background at
the low contrast resolution module of the phantom. Contrast to Noise Ratio (CNR) was
calculated as (Meansignal - Meangackground)/Standard Deviationgackground: CNR was calculated for 3
consecutive slices on the low contrast module and this process is illustrated in Figure 8.21. For
the assessment of homogeneity, 5 ROIs were drawn at the homogeneity module of the ACR
phantom at 3 o’clock, 6 o’clock, 9 o’clock, 12 o’clock and center position, respectively. The
maximum difference between the mean CT number of the four peripheral positions and that of
the center position was computed. This process was performed for 2 consecutive slices and it is
illustrated in Figure 8.22. Finally, for the assessment of high contrast resolution, a slice with the
highest spatial resolution was chosen to represent the spatial resolution for images obtain at each

table height. This is illustrated in Figure 8.23.
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Figure 8.20 ROIs were drawn for each of the four inserts with different materials, as well as for
water. Upper left: Polyethelyne; Upper right: Bone; Lower left: Acrylic; Lower Right: Air; Middle
left: Water.

Figure 8.21 ROIs were drawn at the low contrast signal and the background at each slice of the low
contrast module.
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Figure 8.22 Five ROIs were drawn at the homogeneity module of the ACR phantom to calculate the
maximum difference between the CT mean number of any of the four peripheral position to that of
the center position.

Figure 8.23 One slice with the highest spatial resolution was selected to represent the spatial
resolution for image sets obtained at different table heights.
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For tube current modulation, the thorax phantom was scanned at different table heights
(as previously, 3cm and 6¢cm above isocenter, as well as 4cm and 9.5cm below isocenter) using
120 kVp, 200 Quality Reference mAs, 24 x 1.2 mm collimation, and pitch of 1. CT number and
noise were measured in the heart region, which is a relative uniform area of the on images

obtained at different table height. This is illustrated in Figure 8.24.

100002575
Mean/SD: 53.5/14.5

Figure 8.24 CT number and noise were measured in the heart region of an anthropomorphic chest
phantom for images at each table height.

8.6.2.2. Results and Discussion

Table 8.3 shows the results for CT Number measurements of five different materials, as
well as CNR measurements at all five table heights. Both the values for three individual slices
and the average are reported. Comparing to the center location, the CT Numbers at four different
table heights for all five materials are within 25 HU, except for bone at 3cm above isocenter, and

air at 9.5cm below isocenter. This may due to the variation of beam hardening effect when the
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table is raised or lowered, which have a larger effect on materials that have extreme CT numbers,
such as bone (very large) and air (very small). Nonetheless, the CT number change for materials
in soft tissue region is very minor when the table is located at different vertical positions within
the gantry, from the very bottom to the very top. For bone and air, since the contraston a CT
image around these two materials is usually large, it is suspected that the appearance of the
image details would not change even when the CT numbers differ by 20HU. As for CNR, there
is merely any degradation between center and various table heights, except for the table height of
9.5cm below isocenter. At this table height the entire ACR phantom is below the isocenter. In
addition, there are some artifacts around the top of the phantom which caused the inconsistency

of CNR, shown in Figure 8.25.

Figure 8.25 When the table is moved to the very bottom in the gantry, the entire ACR phantom is
below isocenter. There are some artifacts at the top of the phantom.
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Table 8.3 CT Numbers for five different materials on the ACR phantom for scans performed at five
different table heights. Measurements were made on 3 consecutive slices and the average number is
reported as well.

CT Numbers

: - CNR

Bone Polyethlyene Acrylic  Air  Water
6em 854.8 -82.5 128.4 -993.0 -0.5 1.30
above 853.1 -81.9 128.8 -996.0 1.0 1.29
854.8 -82.5 128.4 -993.0 -0.5 1.33
Mean  854.2 -82.3 1285 -994.0 0.0 1.31
3em 831.6 -82.3 1252 -997.2 -1.2 | 1.258
829.3 -82.3 1244 -9955 -2.2 | 1.426

above

834.0 -81.8 1249 -9956 -1.8 | 1.357
Mean  831.6 -82.1 1248 -996.1 -1.7 1.35
855.9 -86.4 122.7 -997.7 -2.2 | 1.155
center  859.1 -86.7 1241 -996.9 -2.4 | 1.145
857.6 -85.6 125.8 -996.6 -24 | 1.117
Mean  857.5 -86.2 1242 -997.1 -2.3 1.14
Aem 863.5 -88.4 126.9 -997.0 -2.2 | 1.016
below 8621 -90.1 1244 -9949 -29 | 1211
861.6 -88.9 1244 -9939 -4.0 | 1.140
Mean  862.4 -89.1 1252 -995.3 -3.0 1.12
9.5cm 859.2 -83.8 128.7 -985.7 15 0.97
below 859.2 -83.7 130.7 -986.3 2.1 0.75
856.7 -83.4 1295 -9826 1.1 0.75
Mean  858.4 -83.6 1296 -9849 16 0.82

Table 8.4 shows the results for homogeneity assessments. This table reports mean CT
number for ROIs at all five different locations and the maximum difference of CT numbers
between peripheral position and center position for five different table heights. Values for 2
individual slices and the mean value are reported. The maximum difference is used to assess the
homogeneity performance of the scan. According to these results, the maximum difference at

any of these 5 table heights is within 4HU. Therefore the homogeneity is within tolerable range

185



for images at all table heights. Finally, the spatial resolution for each of the 5 table heights are all
6 Ip/cm. Raising or lowering the table does not have any effect on the spatial resolution of the

images.

Table 8.4 The mean CT number for ROIs at all five different locations as well as the maximum
difference between peripheral position and center position for five different table heights. Values
for 2 individual slices and the mean value are reported. The maximum difference is used to assess
the homogeneity performance of the scan.

3 6 9 12 Maximum

o'clock o'clock o'clock o'clock center Difference
6cm 2.7 1.9 1.5 1.1 1.6 1.1
above 2.4 1.3 1.9 2.2 1.8 0.6
Mean 2.6 1.6 1.7 1.7 1.7 0.9
3cm -0.1 0.1 -2.7 -0.7 -14 15
above -0.5 -0.5 -1.5 -0.3 -1.5 1.2
Mean -0.3 -0.2 -2.1 -0.5 -1.5 1.4
-0.3 -1.1 -1.8 -0.7 -1.6 1.3
CNIET | 15 23 26 25 27 15
Mean -0.8 -1.7 -2.2 -1.6 -2.2 1.4
4cm -3.1 -1.9 -1 2.2 -2.9 1.9
below -4.3 -2.5 -3.1 -3.4 -3.8 1.3
Mean -3.7 -2.2 2.1 -2.8 -3.4 1.6
9.5cm 0.2 2.2 2.7 2.4 3.4 3.2
below | -0.2 1.9 1.5 2.7 3.1 3.3
Mean 0.0 2.1 2.1 2.6 3.3 3.3

Table 8.5 shows the mean CT number and noise for a homogeneous region on the thorax
anthropomorphic phantom at all 5 table heights. Both mean CT number and noise remain about
the same when the table is raised by 3cm, 6¢cm, or lowered by 4cm. However, when the table is
lowered by 9.5cm, the image noise increased dramatically. For example, the standard deviation

of the ROI changed from 14.5 when the phantom is centered to 70.2 when the phantom is at the
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lowest position in the gantry. Figure 8.26 shows that there is significant artifact and deterioration
of the image quality when the table is lowered by 9.5cm. Figure 8.26 also shows that when the
table is so low, the entire phantom is below the isocenter, and there are some severe artifacts
around the upper part of the phantom, where the isocenter is located. This is consistent to the
decreased CNR values when the table is lowered to the very bottom position in the gantry. The
reason may due to the large imbalance of the detector response within a row: at certain
projections, half of the detectors receive very large amount of photons since there is no
attenuation at all from the object being scanned, and the other half row of the detectors receive
relatively low amount of photons. This imbalance might trigger some compensation algorithm in

the raw data process flow and therefore resulted in degraded image quality.

Table 8.5 The mean CT number and noise for a homogeneous region on the thorax
anthropomorphic phantom at all 5 table heights.

Mean CT
number Noise
6cm above 50.6 14.1
3cm above 54.7 13.6
isocenter 53.5 14.5
4cm below 54.9 16.2
9.5cm below 59.3 70.2
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Figure 8.26 The image quality decreased dramatically when the table is positioned at the very
bottom position in the gantry.

8.7 Conclusion and Discussion

With the results from both physical measurements and computational simulations, this
study demonstrated that organ dose can be reduced significantly by adjusting tube start angle and
table heights in CT scans, whether TCM is turned off or on. Depending on the acquisition
parameters of the scan, including collimation width, pitch, and the table height, radiation dose
can be reduced by up to 80%. Currently, the control of tube start angle is not enabled in

commercial CT scanners. However, the adjustment of table height is easily accessible.

Due to the fundamental principle of dose reduction from controlling tube start angle, this

technique aims for reducing radiation dose to only one specific radiosensitive organ. This organ
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has to be identified by the user before the CT scan, so that the distance between the scan start
location and organ location could be used as input to calculate necessary tube start angle that
would yield lowest radiation dose to the organ. Therefore, in clinical practice, the potential
paradigm could be as follows. After topogram is performed, and before the CT scan is acquired,
the technologist needs to identify the organ of interest on the radiograph, such as eye lens or
breasts for pediatric patients. It should be noted that only this organ of interest is assured to
receive minimum dose. The radiation dose to other organs would remain uncertain within its
dose range, which means the dose can be anywhere in that range, depending on the scan
acquisition parameters (collimation, pitch) and patient anatomy. However, this is just the same as

current clinical practice, where tube start angle and the exact organ dose in the range are random.

Unlike controlling tube start angle, adjusting the table height could achieve dose
reduction to multiple organs. However, it still does not universally reduce radiation dose to all
the organs. Instead, dose to anterior organs decreases as the table is raised, while dose to
posterior organs decreases as the table is lowered. Since most of the radiosensitive organs are
located more or less toward the anterior side of a patient, it is recommended to raise the table to
achieve overall dose benefits. At a higher table height, since the distance between an anterior
organ (such as glandular breast tissue) to the isocenter is further, the dose benefit from
controlling tube start angle is even larger, as discussed in 7.3.1. In other words, raising the table
‘magnifies’ the dose reduction effect from controlling the tube start angle for anterior organs.
This was demonstrated in Figure 8.10a, where the magnitude of dose variation from changing

tube start angle is the largest for the table height of 12cm above isocenter. In clinical practice, in
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order to avoid the effect of magnified radiograph to the TCM planning, the paradigm could be as
follows. The table height is adjusted so that the patient is center in the gantry before the
topogram. After the topogram is obtained, the technologist then identifies the location of the
organ of interest that would receive minimum dose from controlling tube start angle. Then the

table is raised to a higher location in the gantry, followed by the CT scan.

Controlling the tube start angle does not have any effect on image quality. Adjusting the
table height does increase image noise and cause some artifacts when the object being scanned is
pushed completely to be within the lower half of the gantry. However, since all the CT
manufacturers have limitations for the highest location of the table to accommodate patients with
large size, the table cannot be raised so high that the entire patient is above the isocenter. Since in
this dissertation it was suggested to raise the table for dose reduction purpose, the image quality
would not be seriously affected. It was demonstrated in 8.6.2.2 that the assessments of CT
numbers, noise, homogeneity and spatial resolution were all within the range of acceptance when
the table is raised by 6¢cm. In fact, this is the highest allowed location of the table for this
particular CT scanner model (Siemens Sensation 64 scanner). At this range of table raise, the
resulting dose reduction to glandular breast tissue can still be about 20% according to Figure

8.13, Figure 8.14, and Figure 8.17.

To conclude, controlling the tube start angle (not currently available but may be available
in future) and raising the table height (available today) within the allowable table range are two

viable tools to reduce individual organ dose. Depending on the location and size of the organ, the
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dose reduction could be up to 60% to 70%. For CT scanners other than the ones investigated in
this dissertation (Siemens Sensation 64 and Siemens Definition Flash), the exact dose reduction
numbers may not agree with the numbers reported here. But the general principle should apply to

all CT scanners.

Rather than changing the overall radiation output (such as changing kVp or mAs), these
two technique ‘customize’ the distribution of the radiation within patient body to minimize the
risks from CT scans by taking the radio-sensitivity of different organs into account. They serve
as two new methods to reduce patient radiation dose while maintaining image quality. In the next
Chapter, method to reduce dose that affects image quality, but preserves diagnostic performance

will be investigated.
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Chapter 9 Observer Performances at Reduced Dose Levels for a Challenging Clinical Task

In previous chapters, dose reduction techniques that do not require the change of x-ray
tube output have been investigated, such as adjusting the scan location (Chapter 4), controlling
tube start angle and table height (Chapter 7 and 8). These techniques minimize radiation dose to
target organs and do not reduce dose universally to all organs. This chapter instead, focuses on
reducing dose by directly decreasing tube output, specifically the mAs value. Radiation dose
decreases proportionally to mAs, since mAs is proportional to the number of photons, which
determines the radiation dose. Unlike the previous techniques, which do not directly affect image
noise, reducing mAs results in an increase of the image noise. This will degrade image quality.
However, the degradation of image quality does not always lead to the degradation of diagnostic
outcome. Therefore, it is necessary to consider radiation dose in the context of image quality, and

eventually in the context of the ultimate endpoint of medical images — diagnostic performance.

9.1 Introduction

The tradeoff between image quality and radiation dose is a long standing dilemma.
Numerous studies have been performed to assess either image quality, or radiation dose, or both,
for various clinical indications and CT scanners. Simple image quality metrics such as noise or
contrast-to-noise ratio (CNR) have been used to assess the performance of CT scanners.
However, these metrics obtained in phantoms are too simple to predict the actual diagnostic
outcome from CT images, considering the variety of the nature of the clinical tasks (e.g., high

contrast task versus low contrast task) and the clinical subtleties involved in each task. Therefore,
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it is imperative to investigate image quality in the context of a specific clinical task, by

investigating the actual end point of the use of CT images — diagnostic performance.

As for radiation dose, CTDI or DLP has been used widely as metrics for dose
assessments. However, as discussed in Chapter 1, these metrics only quantify the output of the
CT scanners, and they do not represent the radiation dose actually delivered to patients, which
varies based on factors such as patient size and anatomical characteristics. Therefore, it is
essential to use organ dose, which is a more meaningful and useful dose metric that could even
be used to assess risk, as radiation biological models continue to evolve. This study investigates
the tradeoff between diagnostic performance for a specific clinic task and radiation dose to the
patients by seeking the answers to the following questions: 1) How does mAs level affect the
relative diagnostic performance level? 2) How much absolute organ dose is needed for an
absolute diagnostic performance? Figure 9.1 summarizes the innovation of this study by
advancing simple image quality metric to diagnostic performance, and advancing simple CT

dose metric to organ dose.
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Available Descriptors
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Figure 9.1 Advancing from basic image quality metrics to diagnostic performance, and advancing
from CTDI to organ dose are the innovations of this study.

9.1.1. Diagnostic Performance

The fundamental difference of the nature of various diagnostic tasks determines that their
tolerances of image noise are different. For example, a task to seek lung nodule could endure
much higher noise than a task to identify liver lesion, since the difference in attenuation (and
therefore contrast) between soft tissue (nodule) and air (lung) is high, as shown in Figure 9.2.
The tradeoff between image quality and radiation dose refers to the determination of the
minimum dose level which still ensures the required diagnostic performance for each specific
diagnostic task. On one hand, image quality cannot be sacrificed so much that the benefit of the

exam is negated. On the other hand, target image quality should be appropriately defined for
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each specific diagnostic task, so that no radiation higher than necessary is delivered to patients
for diagnostic purposes. This optimization process is very challenging due to the complexity of
the clinical indications for CT and the variations in observer preferences. The gold standard for
determining the target image quality that just yields an acceptable diagnostic outcome is to
perform trained human observer studies for a clinically relevant diagnostic task. For the purpose
of this study, this diagnostic task was determined to be CT diagnosis of appendicitis, which will

be introduced in 9.1.4.

Figure 9.2 Example CT image of a high contrast task for the detection of lung nodules.

Depending on the resource and available data, different strategies to evaluate the lowest
acceptable dose can be used. For example, in some studies, the evaluation of “image quality” or
“diagnostic acceptability” was used as the criteria for the determination of the diagnostic
performance®®, without considering the correct diagnosis as the “diagnostic truth”, based on

which diagnostic accuracy could be calculated. In the design of these studies, the images were
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rated, or determined to be clinically acceptable or not at each dose level. However, this is not the
same as, and may not even correlate with diagnostic performance (whether the radiologist detects
the condition accurately and reproducibly). The results of this process are heavily dependent on
the experience level and preference of the interpreting physicians, and limited in validity due to
the lack of “diagnostic truth” for each case. This dissertation, however, adopts the other type of
evaluation which uses the “truth” of the diagnoses (medical diagnosis including surgical or
pathological results) as an end point in analysis**°**. Using this approach, the diagnostic
accuracy could be calculated; therefore the actual diagnostic performance could be analyzed at
different dose levels. Based on the relationship between the diagnostic outcome (in terms of
sensitivity and specificity) and the radiation dose level, the lowest acceptable dose level that can
yield acceptable diagnostic performance could be determined. This approach is closer to clinical

reality for investigating the tradeoff between diagnostic outcome and radiation dose.

9.1.2. Simulating Lower Dose Images

Some studies used images at different dose levels from different patient cohort and
investigated the diagnostic performances**. This approach is limited by the potential patient-
specific variables between different patient cohorts, such as age, size, area, and so on. In
contrast, a number of studies have investigated the diagnostic performance at difference dose
levels by scanning the patients multiple times™***42#* This approach eliminates the variations
from different patient cohorts. However, it has several limitations. First, the study may not be
reproducible since patients were exposed to radiation multiple times, which may add to their

potential risks. Second, due to the same reason, the number of scans is usually limited to two (a
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regular scan and a low technique scan), which limits the studies to investigate the performance
across a larger dose range. Finally, since there are intervals between scans, the patient may move
and therefore the anatomy may be slightly different, which adds another factor to the

performance difference between the scans.

To overcome these limitations, a very valuable approach has been proposed which
simulate images at various reduced dose levels based on existing clinical data. This approach
allows several datasets at multiple radiation dose levels without patient variation or movements.
After generating a number of image sets at lower dose levels, the investigators can compare the
diagnostic gquality between these images using the same patient data by removing patient-specific
variables. This approach also makes it possible to determine the lowest acceptable dose level

without additional patient scans™*4>14.

Studies have been done to simulate low dose images by directly adding uniform noise
images in image domain'*. However, due to the nature of CT reconstruction process, in order to
accurately simulate lower dose images, the artificial noise should be directly added to the raw
projection data. This is one of the biggest obstacles for widespread use of this approach due to
two reasons. First, the raw projection data used for reconstruction is not usually accessible,
although it exists on CT scanners. Second, it would be ideal to insert artificial noise on the data
which represents the original output of the detectors. However, a number of processing steps,
which are highly proprietary, are applied and represent pre-processing to this data to generate the

‘raw’ projection data for reconstruction. Therefore even when the raw data is obtained, it is very
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challenging, if not impossible, to recover the unprocessed raw data. Due to these reasons, most

noise-insertion tools were developed by manufacturers*>

. These tools are only available for a
few scanner models. In addition, they are only distributed to a few users under research
agreements. Several reverse engineering efforts have also been made to develop noise-insertion
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tools™". This dissertation uses a combination of manufacturer provided codes and self-developed

methods to generate a noise insertion package. This will be discussed in detail in 9.2.2.

9.1.3. Assessment of Image Quality

Performing observer studies under different combinations of scan technique parameters is
the gold standard to investigate the tradeoff between radiation dose and image quality. However,
this approach is also very time consuming and expensive. Although these types of studies are
essential to the field and will always be required to establish estimates of actual human

performance, they are simply too expensive to perform routinely for optimization purposes.

Alternatively, a more efficient method is to develop image quality metrics that can be
quantitatively measured and are highly correlated with human performance for a specific
diagnostic task. These image quality metrics can potentially be developed based on the
measurements on patient images, or on phantoms, or on both. The lowest acceptable dose level
which still provides sufficient diagnostic information could be determined with the help of such
metrics. However, this is an extremely challenging task due to the complexity and variation of
the clinical indications in CT imaging, as well as the intricacy of the interpretations of these

indications by human. Some metrics are currently being explored to quantify various aspects of
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CT image quality. These include noise, Contrast to Noise Ratio (CNR), Modulation Transfer
Function (MTF), Noise Power Spectrum (NPS), and Slice-Sensitivity Profile (SSP)**%*>,
However, these metrics still cannot provide comprehensive description of CT image quality and
do not perfectly correlate with diagnostic performance. An example is that the low contrast

detectability is not improved as CNR increases by using different reconstruction kernels®*®.

9.1.4. Appendicitis

Abdominal pain is the most common reason for Emergency Room (ER) visits, with up to
8 million visits per year for this complaint in the USA. Right lower quadrant (RLQ) pain
accounts for a large percentage of these cases. RLQ is one of the most challenging clinical
presentations, with a vast list of different diagnoses. Differential diagnosis for RLQ pain includes
conditions affecting multiple anatomic structures in the region, including ileum, cecum,
appendix, ascending colon, mesentery, omentum, and adnexal region. Among these diagnoses,
appendicitis is the most common condition (14%) which requires surgery in patients with RLQ
pain™>®. Appendicitis is caused by the inflammation due to obstruction of the lumen. It usually
happens to people in their second and third decade of life. Pathologically, appendicitis starts with
luminal obstruction, followed by bacterial infiltration and white cell diapedesis. Vascular

compromise leads to ischemia and perforation, which may progress to phlegmon (inflammatory

mass) and abscess (fluid collection) formation.

MDCT has emerged as the modality of choice for evaluation of patients with right lower
quadrant pain, with sensitivity and specificity for diagnosing appendicitis around 90% to

100%""*%8_ It is used in up to 90% of patients before appendectomy. Various protocols are used
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for evaluation of RLQ pain and possible appendicitis, with comparable accuracies. Most
institutions perform abdominal and pelvis CT following administration of intravenous and oral
contrast, although recent literature supports the use of intravenous contrast only with similar
accuracy™®®. IV contrast highlights inflammation in the wall of the appendix, while oral contrast
helps differentiate the appendix from adjacent bowel and anatomical structures. Contrast
administration is especially helpful in thin patients who lack sufficient mesenteric fat, which
makes identification of the appendix and periappendiceal fat stranding more difficult. Diagnosis
may also be difficult in elderly and female patients, in the latter population due to significant
prevalence of gynecologic etiologies for right lower quadrant pain. Because acute appendicitis
commonly affects young adults, the high amount of radiation dose delivered by abdominal CT
raises concerns regarding its use as a first-line examination tool in this patient population.
Furthermore, some patients present to the ER with recurrent abdominal pain, and receive
multiple CT scans of the abdomen and pelvis. In summary, appendicitis is a common disease,
with significant radiation exposure for the general population given the incidence of RLQ pain

and increasing use of CT for diagnosis.
9.1.5. The Focus and Scope of This Study

The general purpose of this study is to study diagnostic performance in a challenging CT
clinical task (appendicitis) by investigating its tradeoff with radiation dose. As discussed in 9.1.1,
a well-designed observer study, which is the gold standard, was used to approach this problem.

Due to the expensive nature of a human observer study, it was proposed to perform a pilot study
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using a relative small number of patient cases in order to demonstrate the mechanism of the
study, as well as to get some preliminary results about the diagnostic performance of different

observers at various dose levels. This dissertation focuses on the pilot study.

In order to perform observer studies which are necessary to obtain comprehensive
information about diagnostic performance, a noise-insertion tool to simulated images with lower
radiation dose was developed and validated. For radiation dose, the UCLA CT Dose Simulation
Package (described in Chapter 3) was used to estimate patient specific organ dose to the patients
undergone these CT scans. The diagnostic performances at different radiation dose levels were
compared to determine the radiation dose that is enough for the diagnosis of appendicitis. The
results of the study seek to answer the following questions. 1) For the diagnosis of appendicitis,
what mAs level could yield the same diagnostic performance as the original dose level? 2) For
the diagnosis of appendicitis, how much liver dose can be reduced in order to achieve the same
diagnostic performance as original acquisition? In addition, in order to explore image quality
metric, the relationships between diagnostic performances and a simple objective image quality
metric (noise), as well as subjective image quality rating were investigated. Another purpose of
this pilot study is to find out any potential limitations of the design of the experiments by going

through the mechanism of the data collection, observer study and data analysis.

9.2 Methods

9.2.1. Case Collection and Selection
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The raw projection data of CT examinations performed for suspected appendicitis cases
(i.e. patients who presented with RLQ pain and clinical suspicion of appendicitus) were collected
from a collaborating clinical site. These exams were performed on a Siemens Sensation 64 CT
scanner, using the same imaging protocol: 120kVp, 24 x 1.2mm collimation, pitch of 1; Siemens
TCM (CareDose4D with 250 Qual. Ref mAs, corresponding to CTDlI, of 16 mGy) was
employed for each scan. Either intra-venous contrast alone or intra-venous and oral contrast was

used for these patients. About 100 patient cases have been collected.

A clinical review committee consisting of two experienced senior radiologists was
formed to be consultants for the general design of this study. They were excluded from being
observers in this study. For the pilot study, 20 patient cases were selected, representing 10
positive and 10 negative cases of appendicitis. The selected cases demonstrate a range of
distribution of CT appearance relative to suspected diagnosis of appendicitis. Accordingly, the
selection criteria for the 20 patient cases was to include obvious positive cases, subtle positive
cases, obvious negative cases, and subtle negative cases, resulting in a mix of obvious and subtle
cases for each category. Several cases with alternative diagnosis causing abdominal pain were
also included, in order to represent clinical practice. For example, cases of diverticulitis (which
are negative for appendicitis) were included. Since locating the appendix itself is a challenging
task in abdominal CT, one case where the appendix is not visible at the baseline dose level was

also included as a negative case.
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Medical records were reviewed by the reviewing committee for presence or absence of
appendicitis to establish diagnostic truth. This allowed the estimates of diagnostic accuracy,
sensitivity, and specificity for statistical analysis. The processes of case selection and medical
records reviews were performed by a radiologist from the reviewing committee who is a major

contributor to the study.

9.2.2. Noise Insertion Tool and Its Validation

A previously published methodology was utilized for the development of a software
package which takes the raw projection data of a CT scan and inserts a specified amount of noise,
in order to simulate raw projection data at lower mAs level*®!. In this method, air scans at
various mAs levels were performed first to obtain the fluence of the x-rays at different mAs
levels. Look up tables of mAs versus fluence were then created, which also included the
attenuation information of the bowtie filter along the fan-angle dimension. Based on the original
mAs and the desired lower mAs values, the look up table is used to obtain the desired fluence
level. In addition, phantom scan was performed to create intensive attenuation to estimate the
electronic noise of the CT system. Finally, a noise model which assumes an inverse relationship
between noise and the square root of photon fluence was used to guide the amount of Gaussian
noise to be added to the raw projection data based on the look up table, the original and the
desired lower mAs, and information about the electronic noise. This process is illustrated in

Figure 9.3.
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Figure 9.3 The workflow of the noise insertion tool.

Using this method, a MATLAB subroutine was developed based on some proprietary
dynamic function (.dll) files containing information about the proprietary data structure of
Siemens raw projection data. These files were obtained from Siemens under research agreement.
A series of validation efforts were made in the original publication from Whiting, including
noise measurement, analysis of NPS, as well as an observer study™*. Although that same
fundamental method was used, in the realm of this dissertation, some additional validation were
performed to ensure the performance of this noise-insertion tool under both constant tube current
and tube current modulation mode. A homogeneous elliptical phantom and a thorax
anthropomorphic phantom were used to validate the algorithm. Baseline scans at
250mAs/Qualify Reference 250mAs (with CareDose4D) were obtained for both phantoms under

both constant tube current and tube current modulation mode. Simulated and actual images at
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200mAs, 150mAs, and 100mAs were generated. For the elliptical phantom, a ROI was placed at
the position shown in Figure 9.4, and then the standard deviation (noise) was compared under
each scenario with the results summarized in Table 9.1. For the thorax phantom, a ROl was
placed at a homogeneous area shown in Figure 9.5, and the noise was compared in a similar

fashion, with the results summarized in Table 9.2.
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Figure 9.4 ROI in the elliptical phantom for the benchmark between simulated images and actual
images.

Table 9.1 Comparisons of the standard deviation of ROI between simulated and actual images for
three mAs levels under both no TCM and TCM mode for the homogeneous elliptical phantom.

200mAs 150mAs 100mAs
Sim actual %diff | Sim actual %diff | Sim actual %diff
slicel | 85 8.5 00% | 9.7 102 -49% [124 121 25%
slice2 | 8.7 8.7 0.0% | 9.9 9.7 21% | 115 118 -25%
slice3 | 8.8 89 -11% [101 96 520% |125 121 3.3%
slicel (117 116 09% |138 13 6.2% | 169 164 3.0%
TCM |slice2 [ 11.8 113 44% |[13.7 134 22% | 16 16.6 -3.6%
slice3 (109 112 -27% |(135 137 -15% |16.2 16 1.3%

no
TCM
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Figure 9.5 ROI in a homogeneous area in thorax phantom for the benchmark between simulated
images and actual images.

Table 9.2 Comparisons of the standard deviation of ROI between simulated and actual images for
three mAs levels under both no TCM and TCM mode for the anthropomorphic thorax phantom.

—
(\ J Tin e A7)
SR S

200mAs 150mAs 100mAs

Sim actual %diff | Sim actual %diff | Sim actual %diff

slicel | 86 82 49% | 93 96 -31% |115 116 -0.9%

Ton |Slice2| 85 86 -12% |92 93 -L1% |[1L5 119 -34%
slice3 | 87 88 -11% | 95 94 11% |113 117 -3.4%
slicel | 134 134 00% |156 153 2.0% |188 196 -41%

TCM |slice2 | 138 13 6.2% |156 156 00% |184 187 -1.6%
slice3| 13 129 08% |156 156 00% | 18 178 11%

between simulated and actual images are within 4%, with the maximum of 6.2%. 14 out of 18

data points are less than 4% for the elliptical phantom, and 15 out of 18 data points are less than

206

As shown in Table 9.1 and Table 9.2, most of the percent difference values of the noise




4% for the thorax phantom. Considering the random nature of the measurement of noise, this

level of agreement is well within the range of acceptance.

In a separate effort, a 20cm water phantom was scanned at baseline dose of 120mAs.
Simulated and actual images at 100mAs, 80mAs, 60mAs, 40mAs, and 25mAs were obtained.
Two ROIs were placed in the phantom image, with one at center and the other at peripheral
position. The standard deviation (noise) was compared under each scenario with the results
summarized in Table 9.3. Again, the differences between actual scanned and simulated low dose
images were very small, even down at 25mAs level. This indicates the robustness of the

algorithm even at very low dose level range.

Table 9.3 Comparisons of the standard deviation of ROI between simulated and actual images for
5 mAs levels for the water phantom.

actual  simulated difference

100mAs 16.5 16.4 -1%

80mAs 18.1 17.9 -1%

Center 60mAs 19.3 20.5 6%
40mAs 27.7 26.7 -4%

25mAs 325 32.7 1%

100mAs 14.3 145 1%

80mAs 15.8 16.3 3%

Peripheral  60mAs 16.9 17.8 5%
40mAs 22.9 22.9 0%

25mAs 27.8 28.9 4%

Figure 9.6 shows an example case of images in axial view at 100%, 70%, 50%, 30%, and

20% dose levels, respectively.
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Figure 9.6 A series of exemple images. a) original 100% dose; b) 70% dose; ¢) 50% dose; d) 30%
dose; e) 20% dose.
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9.2.3. Case Processing

Preliminary review for 2 cases at 100%, 90%, 80%, 70%, 60%, 50%, 40%, 30%, 20%,
and 10% dose levels were performed within the reviewing committee to investigate the number
and the magnitude of dose levels for the study. After careful discussion and reviewing of these
example images, the proposed simulated reduced dose levels were chosen to be 70%, 50%, 30%,
and 20% of the original dose. A total of 5 dose levels were selected, allowing sufficient
discrimination of change in diagnostic performance for this pilot study. In addition, it was
determined that 20% dose level was sufficiently low to yield unacceptable image quality for
diagnosis. The selection of low dose levels (70%, 50%, 30 % and 20% of the original dose) was
intended to generate a sharp change in reader diagnostic performance in diagnosing appendicitis

so that the lowest possible dose level that maintains diagnostic performance could be identified.

The noise-insertion tool which accounts for TCM was used to add noise to the raw
projection data of each of the selected 20 cases to simulate new raw data files as if they were
scanned at lower dose levels (70%, 50%, 30%, and 20% of the original mAs). These generated
raw data files were then taken to the CT scanner console for the reconstruction of images in both
axial and coronal views at 5 mm intervals. This resulted in 100 image sets (20 patient cases X 5
dose level for each case). The slice thickness of 5mm reflects the clinical practice at the site
where the patient cases were collected. All the image sets were anonymized, so that all the

patient-specific and exam-specific information was removed from the images.

9.2.4. Observer Study
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Six observers with a range of levels of experience in interpreting abdominal CT images
were recruited to participate in this study. All of the observers are attending physicians in their
institute and they all have experience reading CT images for appendicitis. Each observer had 5
reading sessions with 20 image sets for each session, which results in 100 image sets per reader.
Each reading session comprised 20 image sets from non-repeating patients, so that 1 data set
from each patient was included in each session. Since the same patient data (at different dose
levels) were seen by the observers multiple times, in order to minimize the potential observer
bias from remembering the individual patient cases, at least a 2 week wash out interval was

required between sessions for each reader.

Another effort to minimize the bias from the observers was randomization of the order of
the patient case and the order of the dose level presented to the observer. For the same patient,
the observers would be less likely to remember the case if they saw the lower dose level images
(noisier) prior to the higher dose level images (less noisy), since it would allow less recognition
of anatomical details to facilitate case recollection. However, putting the lowest dose images
(noisiest images) for all the patients in the first several sessions might make the reading
frustrating due to the increased noise in the images. Therefore, the general randomization
strategy was to present the lower dose images more often in the earlier sessions (but some will
appear in later sessions), while presenting higher dose images for interpretation more often in the

later session (but some also appeared in earlier sessions).
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In order to further minimize observer bias, very limited information was given to the
observers before all the reading sessions were finished. Specifically, the observers were only told
the following information: 1) This was a study about reading abdominal CT images for
appendicitis. 2) It concerns radiation dose and the ability to detect and diagnose appendicitis. 3)
The overall effort would entail 5 sessions of 1 to 2 hours duration for each session. The observers
were not told about any of the following information: 1) The number of patient cases, number of
dose levels, or randomization of the cases. 2) That we even had the ability to simulate different
levels of mAs for each case. Although there was a wash out period, as the experiment carried on,
the observers were able to discover that they had seen the same patient at different dose levels.

However, hiding some information from them helped to keep the bias to a minimum.

In order to obtain the diagnostic confidence, observer’s subjective assessment of image
quality, as well as some understanding of what are the different individual findings that guided
them to their ultimate diagnosis, each observer was required to make a complete diagnosis of
each image set in each session by rating their confidence for each image set (e.g., each patient
case at each specific dose level). The answer to each question was based on a 5 point scale

(unless otherwise indicated):

1 - Definitely not,

2 - Probably not,

3 - Indeterminate,

4 - Probably yes, and
5 - Definitely yes.
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These questions are listed as follows:

1) Is the Appendix Visualized from origin to tip? (Yes or No)
2) Is the appendix pathologically dilated (over 6 mm)?

3) Is there fat stranding?

4) Is there increased enhancement/hyperemia?

5) Is there periappendicial fluid in the RLQ?

6) Is there bowel wall thickening?

7) Is there Phlegmon and/or Abscess?

8) Is there free air?

9) Is there an alternative diagnosis? (The choices are: No alternative diagnosis, Colitis,
Diverticulitis, Ovarian cyst, Others)

10) Is there Appendicitis?

11) Rate Image Quality. The choices are:

- Poor, not diagnostically acceptable for interpretation;

- Suboptimal, worse than routine images with excessive image noise;

- Acceptable, diagnostic interpretation possible but noiser than routine images;
- Good, noise similar to routine dose images;

- Excellent, no image noise.

These questions were determined to be critical and appropriate clinical relevant questions during

the diagnosis of appendicitis by the reviewing committee.

9.2.5. Viewing Platform Implementation

An experiment was developed on a java based software package called QIWS
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(Quantitative Imaging Work Station)™ to implement the functions for viewing the images and
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selecting the answers to each of the questions for the observers. It incorporates basic DICOM
viewer functions such as the ability to adjust the window/level, scroll through images, and so on,
so that the observers can imitate their routine clinical practice. In addition, it provides a marking
tool for the observer to identify the diameter of the appendix, and a worksheet which contains all
the questions and answers in the format of multiple choices. Both axial and coronal views of
each image set were displayed for all the sessions using a two monitor system, although the
software does not “link” coronal images with axial images (automatically changing slice location
in one view according to the selected location in the other view). Before each observer’s first
session, he/she received a training session to help them get familiar with the platform. Figure
9.7a shows a screenshot of the platform, and Figure 9.7b shows the worksheet the observers used

to provide the answer to each question.
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9.2.6. Simple Image Quality Measurements

In order to investigate how the image quality changes with radiation dose, and how the
diagnostic performance changes with image quality, for each patient’s images at each dose level,
simple ROIs were placed in relative uniform regions of the anatomy. From these ROIs, the
standard deviation was extracted and served as a first order estimate of the noise. Three different
locations were chosen for the estimation of noise: liver, bladder, and body fat. Figure 9.8 shows

an example of a measurement of ROI noise in the liver.

[ﬂ Quantitative Imaging Workstation - 1

File View Di Zhang last login on

E Patient Browser | 43232-0
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o

Figure 9.8 The measurement of ROI noise in the liver.

9.2.7. Monte Carlo Simulation for Organ Doses
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The approach described in 8.4.1.3 was used to accurately estimate organ dose for this
group of patients as well. Three organs, including liver, kidneys and spleen, were contoured for
each of the 20 patients for organ dose estimations. TCM schema for each patient was extracted
from the raw projection data and used as input for Monte Carlo simulations. Using this method,
the dose to liver, kidneys and spleen was obtained for the original 100% dose level. Since organ
dose is proportional to mAs, the organ dose at 70%, 50%, 30%, and 20% were obtained by
scaling by the factor of mAs. Therefore, organ dose was obtained for 100 CT scans in total,

including 20 original scans and 80 simulated virtual CT scans.

9.2.8. ROC methodology

Receiver Operating Characteristics (ROC) analysis methodology has been used in the
field of medical imaging successfully to evaluate observer performance in terms of their abilities
to use image data to classify patients as “positive” or “negative” for a particular disease'®* %, If
a case is correctly diagnosed as positive, it is defined as a true positive case. If a case is
incorrectly diagnosed as positive, it is defined as a false positive case. If a case is correctly
diagnosed as negative, it is defined as a true negative case. If a case is incorrectly diagnosed as
negative, it is defined as a false negative case. The basic concepts to evaluate the assessment of a
binary diagnostic test (disease or non-disease) or an imaging system are sensitivity and

specificity. Sensitivity refers to true positive fraction (TPF) which stands for the percent of the

diseased population that is correctly diagnosed. Therefore, sensitivity can be calculated by:

number of true positive

Sensitivity =
Y = number of true positive + number of false negative
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Specificity refers to true negative fraction (TNF) which stands for the percent of non-

diseased population that is correctly diagnosed. Therefore, specificity can be calculated by:

number of true negative

Sensitivity = - -
4 number of true negative + number of false positve

Sensitivity and specificity defines the performance of an observer on a specific diagnostic
task using a specific modality. Ideally sensitivity and specificity shall all be 1. In this case every
single case would be correctly diagnosed. In reality however, there is a tradeoff between
sensitivity and specificity. During the diagnosis to make a binary decision (positive or negative),
as the “decision criteria’ (confidence threshold) changes, both sensitivity and specificity changes
accordingly. For example, when the decision criterion is the least aggressive, all the cases are
called negative. In this case the sensitivity is 0, and the specificity is 1; when the decision
criterion is most aggressive, all the cases are called positive. In this case the sensitivity is 1, and
the specificity is 0. Therefore, there is a tradeoff between sensitivity and specificity as the criteria
gradually changes. This is shown in Figure 9.9. The bell-shaped curves represent probability
density distribution of a radiologist’s confidence in a positive diagnosis for a particular
diagnostic task. A confidence threshold, represented by the vertical line, separates “positive”
decision from “negative” decisions. As the location of the confidence threshold changes, the TPF

and FPF changes accordingly, resulting in a tradeoff between sensitivity and specificity.
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Figure 9.9 The tradeoff between sensitivity and specificity as the confidence threshold gradually
changes. Reprinted from Metz 1986'%,

ROC curve is a plot of sensitivity versus 1-specificity as the confidence threshold varies.
In other words, it is a plot of true positive fraction (TPF) as a function of false positive fraction
(FPF). Therefore it always starts at (0,0) and ends at (1,1). ROC analysis takes into account the
false positive and the false negative cases and it gives an overall spectrum of diagnostic
performance as the decision criteria changes. It is also independent of disease prevalence,
overcoming the limitations of other performance metrics such as diagnostic accuracy. In
addition, Readers adjust their mind-set or level of aggressiveness as a function of the imaging
context and available information; thus, the entire ROC curve (or a large region of it) is
necessary to characterize diagnostic performance. Therefore, ROC analysis is widely used in

160,162,163

medical imaging field in the applications of comparing one modality against another or

evaluating the value of Computed Aided Diagnosis (CAD)*%.
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Various figures of merit of ROC performance, including the partial area under the curve
in a particular region of interest or the area under the entire ROC curve (AUC), are commonly
used in studies to assess overall diagnostic performance. AUC also offers a statistical power
advantage compared with using a single sensitivity-specificity pair, because these summary
measures effectively average over multiple “noisy” estimates Of the sensitivity-specificity pairs

that result from finite data sets.*

Since ROC shows TPF as a function of FPF, if a reader were to random guess, the
probability between diagnosing a positive case correctly and incorrectly would be approximately
the same. Therefore TPF would be more or less equal to FPF. That translates to a unity ROC
curve with the AUC value of 0.5. On the other hand, if the reader performs perfectly, TPF would
be high (with the value of 1) for all FPF values. That translates to a square ROC curve with the
AUC value of 1. A regular ROC curve usually falls in between these two extreme conditions,
with the AUC value from 0.5 to 1. A higher AUC value generally indicates a better performance.
Figure 9.10a shows the examples of a regular ROC curve, as well as the two ROC curves with
the worst (AUC value of 0.5) and the best (AUC value of 1) performance. Figure 9.10b shows

the corresponding AUC value for each of these three ROC curves.
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Figure 9.10 a) Example ROC curves for regular condition, random guessing condition, and perfect
performance condition. b) The AUC value for a regular ROC curve is between 0.5 and 1.
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AUC as a figure of merit has several advantages. In addition to the stronger statistic
power described above, it also provides a more comprehensive representation of the overall
performance of the modality to be investigated. When comparing two modalities, there is often
ambiguity if only one single sensitivity-specificity pair is available, since the ‘decision criteria’ is
a variable. For example, if two modalities has the (sensitivity, 1-specificity) points shown in
Figure 9.11a, there is not enough information to conclude which modality is superior, since
modality B represent a higher TPF, but at the cost of a higher FPF. Figure 9.11b illustrates one
possible scenario, where modality B is superior to modality A at all FPF values. Figure 9.11c
however, illustrates another possible scenario, where the ROC curves for the two modalities
coincide. Therefore, the information provided by sensitivity-specificity pairs is not sufficient to
evaluate the overall system performance. On the other hand, AUC value provides the capabilities

for overall system performance evaluation.
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Figure 9.11 Examples to show the advantages and disadvantages of AUC metric. Reprinted from
Wagner* and Metz'®.

1.0

Although AUC is a great figure of merit to assess the overall performance of a modality,
it is only a single value, which obviously does not offer all the information contained in a

complete ROC curve. Figure 9.11d showed an example where two different ROC curves have
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the same AUC value. In this case, the AUC metric fails to provide comprehensive comparison
between these two modalities. Nonetheless, with this limitation keeping in mind, AUC will be

used as the figure of merit to compare systems in this dissertation.

9.2.9. ROC Analyses

In the context of this dissertation, the answer of the question about the final diagnosis of
appendicitis has a five point scale. Assume “definitely not” corresponds to 1, “probably not”
corresponds to 2, “indeterminate” corresponds to 3, “probably yes” corresponds to 4, and
“definitely yes” corresponds to 5. Therefore using different decision criteria by changing the
threshold of calling a case positive (>=1, >=2, >=3, >=4, >=5, >5), there was in total 6 data

points on the ROC curves, including the anchor points of (0,0) and (1,1).

Using the procedures to generate ROC curves described above, the ROC curves were
created for each observer at all dose levels (6 plots with each showing 5 ROC curves, one for
each dose level). These ROC curves were averaged over all 6 observers to generate the averaged
diagnostic performance across all the observers as a first step. Corresponding AUC values were
calculated to evaluate the changes of diagnostic performance as a function of radiation dose.
Furthermore, due to the fact that the six observers have different levels of experience in
interpreting abdominal images, additional analysis was performed by separating the six observers
into three different groups. Out of the six observers, two of them were abdominal trained
radiologists who routinely read abdominal CT images (referred to as “abdominal trained, routine
CT readers” in this dissertation). Two of them were non-abdominal trained radiologists who

routinely read abdominal CT (referred to as “non-abdominal trained routine CT readers” in this
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dissertation), and two of them were non-abdominal trained radiologists who occasionally read
abdominal CT (referred to as “non-abdominal trained occasional CT readers” in this
dissertation). For each of these subgroups, there were 20 patients x 5 dose levels x 2 observers =
200 observation events. And for each dose level, there were 40 observation events. In order to
investigate the difference of diagnostic performance for observers with different levels of
experience, the 2 ROC curves within each of these three sub reader groups were averaged to
yield the average diagnostic performances for each sub reader group, and corresponding AUC

values were calculated.

In this dissertation, ROC analyses were performed in order to answer several
fundamental questions: 1). As the mAs level is decreased, at what mAs level is there no
significant difference in terms of relative diagnostic outcome between dose levels? 2). How
much can the organ dose be reduced before compromising diagnostic performance? 3). How

much noise is allowed before diagnostic performance is compromised?

For the first question (diagnostic performance versus dose level), in order to find out how
diagnostic performance is affected by relative mAs level, ROC curves were generated for each of
the dose levels. AUC for each mAs level was calculated and compared. For the second question
(diagnostic performance versus organ dose), in order to find out how much absolute organ dose
is needed for an absolute diagnostic performance, the organ dose (e.g. dose to liver) was
calculated first for each patient at each specific dose level. Although TCM, which intends to

compensate for the patient size, was used in all scans, the organ dose will be different among
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patients scanned at the same nominal Quality Reference mAs level because of the complexity of
the TCM schemes (for example, the tube current may be maxed out for some really large
patients). Second, the image sets were stratified based on the organ dose into several groups.
ROC analysis was performed for each of these groups to compare their diagnostic performance.
For the third question (diagnostic performance versus image noise), the image sets were stratified
based on the image noise followed by similar ROC analysis to investigate the differences in

diagnostic performance.

9.2.10. Standard error estimation using Bootstrapping method

There is, of course, uncertainly in estimating the AUC from a small sample size. In order
to obtain the estimations of standard error of AUC for each scenario (dose level, reader
combination, etc.), a bootstrapping method was used. This method was implemented by
constructing a large number of resamples of the patient cases with an equal size to the original
dataset. For example, for each resample, 20 patient cases were randomly selected from the
original 20 patient cases (which possibly repeats cases). And the AUC was calculated based on
the current 20 patient cases. This process was repeated for 2000 times to obtain a distribution of

AUC, so that the standard error of AUC could be estimated.

In addition to the estimation of standard error, a statistical test was used to analyze if
reader performance at 20% mAs level, 30% mAs level, 50% mAs level, and 70% mAs level are
statistically significant different than the performance at the original 100% mAs level. A p value
of less than 0.05 was considered to be statistically significant, and the tolerance for AUC

difference was determined to be 0.05.
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Due to the relatively small sample size of the patient, the power calculation was
performed in order to obtain an estimated sample size for a large study that would achieve

statistical significance for an AUC difference of 0.05.

9.3 Results

9.3.1. ROC Based on Dose Levels

On all patients, Tube Current Modulation was performed (Siemens CareDose4D) using a
standard setting of Quality Reference mAs =250. The original and corresponding simulated

lower dose settings are shown in Table 9.4.

Table 9.4 Quality Reference mAs and CTDI,, of 32 cm phantom for original and corresponding
simulated lower dose settings.

Percent of Original Qual Ref mAs CTDlyo
100% 250 16.0 mGy
70% 175 11.2 mGy
50% 125 8.0 mGy
30% 75 4.8 MGy
20% 50 3.2 mGy

ROC analysis provides a complete description of the effects on sensitivity and specificity
as the decision criteria changes. The ROC curves averaged over all 6 observers are shown in
Figure 9.12a for all five different dose levels with each curve representing a dose level. Figure
9.12b shows the corresponding AUC values for each dose level, with the error bars showing the
standard deviation of the AUC values at each dose level obtained from the bootstrapping

method. There is only a very small difference between the AUC values across 100%, 70%, and
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50% dose levels. Although the 30% dose level has a slightly lower AUC compared to the three

higher dose levels, the AUC at 20% dose level actually increased compared to 30% dose level.

At 20%, 30%, 50%, 70% dose levels, the p values for an AUC difference of 0.05
compared to the original 100% dose level are all higher than 0.5. Therefore AUC differences
between each these four lower dose levels and the original dose level are not statistically

significant.

The power calculation indicated that 332 samples of appendicitis subjects (161 positive
cases and 161 negative cases) is needed in order to detect a difference of 0.05 between a
diagnostic test with an AUC of 0.96 and another diagnostic test with an AUC of 0.91 using a

two-sided z-test at a significance level of 0.05.
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ROC curves averaged over 6 observers at each dose level
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Figure 9.12 a) ROC curves averaged over 6 observers for all five dose levels. b) AUC averaged over
6 observers for all five dose levels.
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Figure 9.13 shows the ROC curves at different dose levels for the 2 abdominal trained
routine CT readers and the corresponding AUC values. For this group of 2 readers, the AUC at
100% dose level is 1. This corresponds to ideal performance, e.g., at any operating point, either
sensitivity or specificity is 1. As the dose level decreases, the diagnostic performance degraded a
little. However, the AUC is still as high as 0.986 even at 20% dose level. This corresponds to a

sensitivity of 90% at a specificity of 95% on the ROC curve.

Figure 9.14 shows the averaged ROC curves at different dose levels for the 2 non-
abdominal trained routine CT readers and the corresponding AUC values. For this sub group of 2
readers, the AUC value is 0.995 at 100% original dose level, which includes an operation point
on the ROC curve at sensitivity of 99.5% with a specificity of 91%. As the dose level decreases,
the diagnostic performance does not decrease dramatically. For example, at 70% and 50% dose
level, the AUC values 0.987 and 0.989 compared to that of 0.995 at 100% dose level. There is
some degradation of diagnostic performance at 30% dose level and further degradation at 20%

dose level.

Figure 9.15 shows the averaged ROC curves at different dose levels for the 2 non-
abdominal trained occasional CT readers and the corresponding AUC values. For this sub group
of 2 readers, as the dose level decreases from 100% to 70% and 50%, the performance does not
change much. There was an obvious drop of AUC value at 30% dose level, but there was a large

increase of AUC value at 20% dose level.
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ROC curves averaged over the 2 abdominal trained, routine CT
observers at each dose level
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Figure 9.13 ROC curves and AUC values for all five dose levels for the 2 abdominal trained routine
CT readers.

230



ROC curves averaged over the 2 non-abdominal trained, routine CT
readers at each dose level
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Figure 9.14 ROC curves and AUC values for all five dose levels for the 2 non-abdominal trained
routine CT readers.
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ROC curves averaged over the 2 non-abdominal trained, occasional
CT readers at each dose level
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Figure 9.15 ROC curves and AUC values for all five dose levels for the 2 non-abdominal trained
occasional CT readers.
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9.3.2. ROC Based on Organ Doses

In order to investigate the change of diagnostic performance when actual organ dose
changes, Monte Carlo simulation was used to accurately estimate the organ dose from these CT
examinations, including the simulated lower dose virtual CT scans. Out of the three organs
(liver, spleen, kidneys), liver was selected to represent the radiation dose to an organ since liver
is the largest organ, which makes it less susceptible to geometric factors such as tube start angle

during CT scans, as discussed in Chapter 7.

Estimated liver dose values ranged from 10.2 to 22 mGy for patients scanned under the
original (100%) conditions which reflect our current clinical techniques. Simulated lower doses
ranged from 2 mGy (smallest patient, 20% of original) to 15.4 mGy. Therefore, the radiation
dose to liver to all 100 scans (including 20 original patient scans and 80 simulated virtual scans
at lower dose levels) ranges from 2.04mGy to 22mGy. Table 9.5 shows the dose settings and the
range of estimated liver doses for the original and the simulated dose levels. It should be noted
that the CTDI, shown in Table 9.5 corresponds to the CTDlI,, at the Quality Reference mAs,
instead of the effective mAs reported for each patient after each scan. The CTDI,, after the scans
have a range of values and depend on the size of the patient, just like the liver doses shown in
Table 9.5. More results regarding the relationship between patient size and radiation dose when

TCM is used will be shown in 9.3.5.
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Table 9.5 Quality Reference mAs, CTDlI,q and range of estimated liver doses for original and
corresponding simulated lower dose settings.

Percent of Original  Qual Ref mAs CTDlyl Range of Liver Doses
100% 250 16.0 mGy 10.2 to 22 mGy
70% 175 11.2 mGy 7.1to 15.4 mGy
50% 125 8.0 mGy 5.1t0 11.0 mGy

30% 75 4.8 mGy 3.1t0 6.6 MGy

20% 50 3.2 mGy 2.0t0 4.2 mGy

Based on liver dose values, the 100 scans were stratified into five groups in a manner that
the number of scans in each group is the same, so that the comparison of diagnostic performance
between these groups can be statistically meaningful. Therefore each group has 20 scans. These
ranges are: 2.0 to 4.0mGy, 4.0 to 6.3mGy, 6.3 to 9.6mGy, 9.6 to 13.4mGy and 13.4 to 22.0mGy.
Since there are six observers, the number of observations in each group is 20 x 6 = 120. It should
be noted that by using this stratification strategy, each liver dose range may have repeated cases
at different dose levels. For example, for the 2.0 to 4.0mGy liver dose range, one patient case
appears twice, with once at 20% dose level (2.0mGy), and once at 30% dose level (3.1mGy).
This is because for each specific dose level, the patient size variation causes a range of liver

dose, as shown in Table 9.5.

ROC curves averaged over all 6 readers for all five different liver dose ranges and
corresponding AUC values are shown in Figure 9.16, with each curve representing a liver dose
range. The AUC values are the same between 13.4-22.0mGy and 9.6-13.4mGy dose groups.

When the liver dose is further decreased, the performance is slightly degraded but similar to the
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results observed in section 9.3.1, as the liver dose is decreased to the lowest liver dose range

(2.0-4.0mGy), the performance slightly increased again.

Figure 9.17 shows the ROC curves averaged over the 2 abdominal trained routine CT
readers at different liver dose ranges and the corresponding AUC values. For this group of 2
readers, the AUC values at both 13.4-22.0mGy liver dose range and 9.6-13.4mGy liver dose
range are 1, meaning ideal performance. As the liver dose decreases, the diagnostic performance
is only slightly degraded. The AUC value remains as high as 0.986 even at 2.0-4.0mGy liver
dose range. This corresponds to a performance point with a sensitivity of 95% at a specificity of

90% on the ROC curve.

Figure 9.18 shows the ROC curves averaged over the 2 non-abdominal trained routine
CT readers at different liver dose ranges for and the corresponding AUC values. For this group
of 2 readers, when the liver dose is above 9.6mGy, the AUC values are very close to, if not equal
to 1 (0.995 for the first liver dose range and 1.0 for the second liver dose range). As the dose
level continues to decreases, the diagnostic performance gradually decreased, too. For example,
the AUC value decreased to 0.984 and 0.962 at the next two liver dose ranges. At 2.0-4.0mGy
range, the AUC value is 0.929. This includes an operation point on the ROC curve with a

sensitivity of 90% at a specificity of 90%.
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ROC curves averaged over all 6 observers at each liver dose group
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Figure 9.16 ROC curves averaged over all 6 readers and corresponding AUC values for all five
liver dose ranges.
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ROC curves averaged over the 2 abdominal trained, routine CT
observers at each liver dose group
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Figure 9.17 ROC curves and AUC values for all five liver dose ranges for the 2 abdominal trained
routine CT readers.
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Figure 9.18 ROC curves and AUC values for all five liver dose ranges for the 2 non-abdominal

trained routine CT readers.
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Figure 9.19 shows the ROC curves averaged over the 2 non-abdominal trained occasional
CT readers at different liver dose ranges for and the corresponding AUC values. For this group
of 2 readers, the overall diagnostic performance is much lower compared to the previous two
subgroups. As the dose level decreases from 13.4-22mGy to 9.6-13.4mGy, the performance does
not change. But in the ranges of 6.3-9.6mGy and 4.0-6.3mGy, there were noticeable changes of
the AUC values. However, when the liver dose is in the range of 2.0-4.0mGy, the AUC value

increased again, similar to what was shown in Figure 9.15.
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ROC curves averaged over the 2 non-abdominal trained, occasional
CT observers at each liver dose group
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Figure 9.19 ROC curves and AUC values for all five liver dose ranges for the 2 non-abdominal

trained occasional CT readers.
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9.3.3. ROC Based on Image Noise

Measured image noise obtained from the standard deviation within a homogeneous
region in the liver ranged from 9.6 to 23.7 for patients scanned under the original (100%)
conditions which reflect the current clinical techniques. Simulated lower dose images had noise
values ranging from 11.8 to 54.8. Therefore, the noise to all 100 image sets (including 20
original patient image sets and 80 simulated image sets at dose levels) ranges from 9.6 to 54.8.
Table 9.6 shows the range of measured liver noise for the original and the simulated dose levels
(100 image sets in total). The Quality Reference mAs and corresponding CTDIvol values are
also shown in Table 9.6 to provide comparison between nominal CTDI dose and measured

image noise.

In order to investigate the difference of diagnostic performance across different image
noise ranges, the 100 image sets were again stratified into five groups based on image noise
obtained from a homogeneous region on the liver of each individual image set, with 20 images
sets within each image noise group. The stratified noise ranges are: 9.6 to 14.15, 14.2 to 17.25,
17.3t021.1, 21.3 t0 25.9, and 25.95 to 54.8. Similar to the stratification strategy based on liver
dose, some image noise groups may contain the same patient case at different dose levels. Again
there were 120 observation events in each group (20 image sets x 6 observers). In order to give
an example of the appearance of these images for each image noise group, Figure 9.20a to Figure
9.20e shows the same slice image for a patient case for different image noise groups, from the

group with the lowest noise (9.6 to 14.15) to the group with the highest noise (25.95 to 54.8).
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Table 9.6 Dose level, Quality Reference mAs, CTDI, and range of measured image noise

for original and corresponding simulated lower dose settings.
Qual Ref mAs

Percent of Original
100%
70%
50%
30%

20%

250
175
125

75

50

CTDlyol
16.0 mGy
11.2 mGy
8.0 mGy
4.8 mGy

3.2 mGy
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Range of Liver Noise

9.6 to 23.7
11.81t029.1
14.1t0 34.6
17.2to 44

20.7t0 54.8



Figure 9.20 Example images at different image noise groups from low to high.

243



ROC curves averaged over all 6 readers for all five different image noise groups and
corresponding AUC values are shown in Figure 9.21, with each curve representing an image

noise group. These AUC values are almost the same across all the image noise ranges.

Figure 9.22 shows the ROC curves and the AUC values at different image noise groups
for the 2 abdominal trained routine CT readers. For this group of 2 readers, the AUC values at
9.6-14.15 image noise range is 1, corresponding to ideal performance. As the image noise
increases, the diagnostic performance is nearly constant. The AUC value remains as high as
0.992 even at 25.95-54.8 image noise range. This corresponds to a performance point with a

sensitivity of 100% at a specificity of 90% on the ROC curve.

Figure 9.23 shows the averaged ROC curves at different image noise ranges for the 2
non-abdominal trained routine CT readers and the corresponding AUC values. For this group of
2 readers, as the image noise increases, the AUC values kept about the same until the image
noise is higher than 21. For example, at 25.95-54.8 image noise range, the AUC value is 0.930.
This includes an operation point on the ROC curve with a sensitivity of 90% at a specificity of

90%.

Figure 9.24 shows the averaged ROC curves at different image noise ranges for the 2
non-abdominal trained occasional CT readers and the corresponding AUC values. The overall
diagnostic performance for this subgroup is lower compared to the previous two subgroups. In

particular, the performance is worst at the least noisy group of image sets (9.6-14.5). The
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increase of image noise does not seem to affect the overall diagnostic performance. For example,

the AUC value at 25.95-54.8 noise range is actually higher than that at 21.3-25.9 noise range.
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Figure 9.21 ROC curves and AUC values for all five image noise groups.
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ROC curves averaged over the 2 abdominal trained, routine CT

observers at each image noise group
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Figure 9.22 ROC curves and AUC values for all five image noise groups for the 2 abdominal
trained routine CT readers.
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Figure 9.23 ROC curves and AUC values for all five image noise groups for the 2 non-abdominal

trained routine CT readers.
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ROC curves averaged over the 2 non-abdominal trained, occasional
CT observers at each image noise group
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Figure 9.24 ROC curves and AUC values for all five image noise groups for the 2 non-abdominal
trained occasional routine CT readers.
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9.3.4. The Interrelationships Between Organ Dose, Noise and Patient Size

In order to investigate the relationship between radiation dose (organ dose) and image
quality (simple noise metric in this case), liver dose and the noise of the ROI obtained from liver
were studied. Figure 9.25 shows the noise as a function of liver dose in the unit of mGy for 20
patients at all five different dose levels. There are in total 100 data points in this plot (20 patient
cases X 5 dose levels). For each patient at different dose levels, the noise should decrease in an
exponential manner as the dose increases. This behavior can be observed from Figure 9.25,
which basically demonstrated that the algorithm to simulate lower dose images performs within

expectation.

Since these patients have different size, the shape and location of the exponential curve
for each patient varies in this plot. For example, the data points toward the right lower corner of
the graphs represent the image sets with relatively higher dose and relatively lower noise,
corresponding to the images at higher dose levels (100% or 70%). In order to emphasize the
relationship of the absolute values between noise and liver dose for patients with different sizes,
the same plot of noise versus liver dose is shown in Figure 9.26 but with only the 100% dose
level data points, with one data point for each of the 20 patients. This graph reveals a complex
relationship between liver noise and liver dose, with a couple of outlier data points. It appears
that the liver noise increases initially as the liver dose increases. When the liver dose is

approximately above 17mGy, the liver noise started to slightly decrease.
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Figure 9.26 Liver noise as a function of liver dose for all of the 20 patients at the 100% dose level.

In order to deconstruct this relationship, liver noise as a function of patient perimeter, as

well as liver dose as a function of patient perimeter, are shown in Figure 9.27 and Figure 9.28,

respectively. Figure 9.27 shows there is general trend of increased liver noise as the patient size

increases, with 2 outlier patients with exceptional large size (Patient 1 and Patient 3). The
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relationship between liver dose and patient size shown in Figure 9.28 is even more intriguing: for
patients with regular sizes (perimeter lower than 120cm), liver dose increases as a function of
patient size. However, the liver dose decreased for the two exceptionally large two patients
(perimeter higher than 140cm). This is most likely due to the fact that the tube current has
reached its maximum for these two patients and cannot be increased to accommodate their size;
essentially at this size, the behavior of the TCM is reverting to that of a constant tube current

situation, where dose decreases with patient size.
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Figure 9.27 Liver noise as a function of patient perimeter for all of the 20 patients at the 100% dose
level.
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Figure 9.28 Liver dose as a function of patient perimeter for all of the 20 patients at the 100% dose
level.

9.3.5. Relationship Between Subjective and Objective Image Noise

The image noise was subjectively rated by the observers on a 5 point scale for each case

at each dose level during each reading session, as described in session 9.2.4. These choices were:
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1. Poor, not diagnostically acceptable for interpretation;

2. Suboptimal, worse than routine images with excessive image noise;

3. Acceptable, diagnostic interpretation possible but noiser than routine images;
4. Good, noise similar to routine dose images;

5. Excellent, no image noise.

Additionally, the image noise was measured on each case using ROIs on liver, bladder,
and fat. In order to investigate the relationship between subjective and object image noise, the
subjective rating was plotted as a function of measured noise at different regions. Figure 9.29
shows the rating as a function of liver noise; Figure 9.30 shows the rating as a function of
bladder noise; Finally, Figure 9.31 shows the rating as a function of fat noise. Since there were
100 image sets (20 patients x 5 dose levels) and 6 observers, the total number of data points on

each graph was 600.
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Figure 9.29 Subjective image noise rating as a function of liver noise.
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Figure 9.31 Subjective image noise rating as a function of fat noise.

The rating of 5 point indicates excellent image quality, while the rating of 1 indicates

unacceptable image quality. Therefore a rating of 5 should correspond to lower measured noise
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values, while a rating of 1 should correspond to higher measured noise values. Figure 9.29 to
Figure 9.31 demonstrate that there were in fact only a few numbers of observations that were
rated as excellent or unacceptable. The majority of the observations were rated from 2 to 4,
which correspond to suboptimal, acceptable, and good, respectively. There are significant
overlaps of the coverage of noise for these three rating levels for noise measurement at all three
locations, although there are several outlier data points that yields higher measured noise value

for lower image noise ratings.

9.4 Discussion and Conclusion

This work investigated the tradeoff between image quality and radiation dose by studying
the diagnostic performance across different radiation dose levels for a specific CT clinical task —
diagnosis of appendicitis. An observer study was conducted using 20 patient cases which were
carefully selected in order to represent a patient population. Six observers with a variety of
experience participated in the study and they were required to provide answers to a number of
carefully designed clinical relevant questions, including their overall diagnostic impression. In
addition to the estimate of diagnostic performance, estimates of the radiation dose to individual
organs were obtained using Monte Carlo simulation methods to provide thorough information
about the radiation dose to patients. The relationships between diagnostic performance and dose

level, organ dose, as well as image noise were investigated.

9.4.1. Diagnostic performance at various dose levels
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The results of ROC analysis showed that the diagnostic performance averaged over all 6
observers does not decrease dramatically as the radiation dose decreases, at least not over the
dose levels used in this study. This can be demonstrated in Figure 9.12, which shows that the
differences between AUC values for all five dose levels are very small. The AUC values at
different dose levels were all above 0.9. These results are surprisingly informative: the diagnostic
performance is reasonably robust even at significantly lower radiation dose levels, e.g., 30% and
20% of the original dose. Statistical analysis demonstrated that there is no significant difference

of the AUC values between any of the four lower dose levels and the original 100% dose level.

Nonetheless, these results are based on the averaged performance across all 6 readers
with various levels of experience. A more complete understanding about the performance as a
function of radiation dose can be obtained by separating subgroups of readers with different

experience.

It was demonstrated in Figure 9.13 that for abdominal trained routine CT readers, the
AUC values remain consistently high across all dose levels, even when the dose level is 30% and
20% of the original. This performance is surprisingly good given that the radiation dose is only
20% of what is used routinely in clinical practice. This corresponds to CTDlI, of only 3.2mGy
at the Quality Reference mAs level. It should be noted that the diagnostic reference level (DRL)

for adult abdominal scan is 25mGy*°®.

For the non-abdominal trained routine reader group, Figure 9.14 showed the averaged

ROC curves and AUC values at different dose levels. It was demonstrated that this group of
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observers overall had a slightly lower level of diagnostic performance compared to the previous
abdominal specialists group. In terms of the relative diagnostic performance between dose levels,
unlike the previous abdominal specialists group, the performance started to degrade at 30% dose
level as the radiation dose decreased. Nonetheless, the performance at 50% dose level was very

close to the original dose level. This corresponds to CTDlI, of 8.0mGy.

For the 2 non-abdominal trained occasional CT readers who had much less experience in
interpreting abdominal CT images, it was demonstrated in Figure 9.15 that the overall diagnostic
performance is much lower than the previous two subgroups (abdominal-trained routine CT
readers and non-abdominal trained routine CT readers). For example, at the baseline of 100%
dose level, the AUC value was 0.901, compared to 0.995 and 1 for the other two groups.
However, in terms of the relative diagnostic performance between dose levels within this group
of readers, the relative differences between the original 100%, the 70%, and the 50% dose level
were still very small. At lower dose levels such as 30%, the AUC value was much lower.
However, as the dose level continues to decrease to 20%, there was an increase in the AUC
value, which was counter-intuitive. In fact, the performance at 20% was the best for this
subgroup, even exceeding the performance at 100% dose level. It is not completely clear the
mechanism behind this fact for this subgroup of observers. One possible explanation is that they
spent more time and efforts in the diagnosis of the 20% dose level images, which mostly
happened during the first and second reading sessions throughout the study. It should be noted

that since the number of patient cases is relatively small in this study (20), the consistent bias on
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the rating to only a few patients could affect the result of the diagnostic performance. Clearly this

requires further study to determine if this phenomenon is reproducible for this group of readers.

After the investigations above which analyzed the observers by different subgroups based
on their level of experience in reading abdominal CT images, the results shown in Figure 9.12
could be viewed in a more comprehensive manner: this performance is an average of all 6
observers together, including observers with a variety of experience levels. The small difference
in diagnostic performance between original 100%, the 70% and the 50% dose levels applies to
all readers. However, the data at the two lowest dose levels, especially at 20% dose levels was
largely affected by the unexpected results from the two non-abdominal trained occasional CT

readers.

In order to minimize this bias from the two non-abdominal trained occasional CT readers,
the ROC curves were averaged over the 4 routine CT readers (2 abdominal trained and 2 non-
abdominal trained) to generate the diagnostic performance at each dose level for this larger
reader group. This is shown in Figure 9.32. In this larger sub-group consisting of 4 readers, there
were 20 patients x 5 dose levels x 4 observers = 400 observation events in total and there were
80 observation events for each dose level. Figure 9.32 demonstrates that for this group of 4
readers, as the dose levels decreases, diagnostic performance starts to degrade at the 30% dose
level. At the 20% dose level, the diagnostic performance is noticeably lower than the other dose
levels. It should be noted that this represents the results averaged over all the routine CT readers

that participated the study. This reader group is probably closest to the settings in a clinical
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environment. Similar statistical analysis was performed for this group of readers: the p values for
an AUC difference of 0.05 between each of the lower dose levels and the original 100% dose
level were also all higher than 0.5. Therefore, based on the results from the cases and the four
routine CT readers in this study, there is no statistically significant difference in the diagnostic
performance between the original dose level and any of the lower dose levels, including the 30%
and 20% dose level. Although a trend of AUC decrease can be observed for 30% and 20% dose
level, the statistical analysis results suggested this decrease was not statistically significant,

partially due to the small sample size.

For this group of readers, the power calculation indicated that 34 samples of appendicitis
subjects (17 positive cases and 17 negative cases) is needed in order to detect the difference of
0.05 between a diagnostic test with an AUC of 0.998 and another diagnostic test with an AUC of

0.95 using a two-sided z-test at a significant level of 0.05.

In summary, there is no difference between diagnostic performance of 100%, 70%, and
50% dose level for all 6 observers. For abdominal-trained routine CT readers, the diagnostic
difference is not substantially compromised even at 20% dose levels. This includes an operation
point at the ROC curve with a sensitivity 0.95 of and a specificity of 0.9. The corresponding
CTDl, at the Quality Reference mAs level is only 3.2mGy. For non-abdominal trained CT

readers, the performance is noticeably reduced at 30% and 20% dose levels.
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Figure 9.32 ROC curves and AUC values for all five dose levels for the 4 routine CT readers
(including 2 abdominal trained and 2 non-abdominal trained readers).
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9.4.2. Diagnostic performance for various organ dose groups

In this analysis, the patient cases were stratified into groups based on the liver dose to
investigate the diagnostic performance as a function of absolute organ dose. Similar to Figure
9.12, Figure 9.16 also demonstrated that the diagnostic performance averaged over all 6
observers does not decrease dramatically as the liver dose decreases. The first two groups (13.4-
22mGy and 9.6-13.4mGy) had almost the same AUC values. The next two groups (6.3-9.6mGy
and 4-6.3mGy) also had very close AUC values but they are lower than that of the first two
groups. The AUC value slightly increased for the last group (2-4mGy). The AUC values for all
liver dose ranges were all above 0.9. Again, these results are based on the averaged performance
across all 6 readers with various levels of experience. The results were further analyzed by

separating different reader groups with different levels of experience.

For abdominal trained routine CT readers, the AUC values were 1 when the liver dose is
higher than 9.6mGy. As the liver dose decreases, the diagnostic performance remained
consistently high across, even at the lowest liver dose range. This performance is surprisingly

good given that the radiation dose given to liver is only between 2.0-4.0mGy.

For the non-abdominal trained routine reader group, Figure 9.18 showed that when the
liver dose is higher than 9.6mGy, the diagnostic performance is nearly perfect (the AUC values
very close to 1). In terms of the relative diagnostic performance between dose levels, unlike the
previous abdominal specialists group, where the performance remained consistent at the three
lower liver groups, the diagnostic performance for 2 readers started to degrade at 6.3-9.6mGy

liver dose range, and continues to degrade as liver dose decreased.
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For the 2 non-abdominal trained occasional CT readers who had much less experience in
interpreting abdominal CT images, it was demonstrated in Figure 9.19 that the overall diagnostic
performance is much lower than the previous two subgroups (abdominal-trained routine CT
readers and non-abdominal trained routine CT readers). For example, at the baseline of 100%
dose level, the AUC value was 0.927, compared to 1 and 0.995 for the other two groups. In terms
of the relative diagnostic performance, the performance is still about the same as long as the liver
dose is higher than 9.6mGy. When the liver dose is between 4.0mGy to 9.6mGy, the AUC values
are much lower. However, as the liver dose continues to decrease to 2-4mGy, there was a
counter-intuitive increase again in the AUC value. This effect was observed previously and
analyzed in 9.4.1. This phenomenon is observed again here because the majority of patient cases

contained in 2-4mGy liver dose range belong to the 20% dose level virtual scans.

Therefore, the similar diagnostic performance for the 13.4-22mGy and 9.6-13.4mGy liver
dose ranges applies to all readers. However, high performance at 2-4mGy liver dose range was
largely affected by the unexpected results from the two non-abdominal trained occasional CT
readers. In order to minimize this bias, the ROC curves were averaged over the 4 routine CT
readers (2 abdominal trained and 2 non-abdominal trained) to generate the diagnostic
performance at each liver dose range for this particular reader group. This is shown in Figure
9.33, which demonstrates that when the liver dose is above 9.6mGy (the top two groups), the
diagnostic performance is very good, with an AUC value of 0.99 or higher. When the liver dose
decreased below 10mGy, the performance started to degrade. While the dose range of 6.3 to

9.6mGy still has an AUC value of 0.986, which corresponds to an operation point with a
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sensitivity of 98.7% and a specificity of 90%, as the liver dose decreases to below 6mGy, the
performance also degrades noticeably. For example, at the liver dose range of 2.0 to 4.0mGy, the
AUC value is 0.928, which corresponds to an operation point with a sensitivity of 92.5% and a

specificity of 90%.
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In summary, this is the first study to demonstrate a methodology to provide a direct
relationship between diagnostic performance (which can be interpreted as benefit) and radiation
dose to individual organs (which can be interpreted as risk). The results demonstrated that there
is no difference between diagnostic performance using 13.4-22mGy of liver dose and the
performance using 9.6-13.4mGy of liver dose for all 6 observers. For abdominal CT specialists,
the diagnostic difference is not substantially compromised even using 2-4mGy of liver dose. This
includes an operation point at the ROC curve with a sensitivity of 0.95 and specificity of 0.9. In
terms of acquisition protocol, this corresponds to the lower end of the liver dose delivered to a
patient using 120kVp and 50 effective mAs. For non-abdominal trained CT readers, the

performance does decrease when liver dose is lower than approximately 9mGy.

9.4.3. Diagnostic performance for various image noise groups

The patient cases were stratified into groups based on the image noise to investigate the
diagnostic performance as a function of noise in the images. Figure 9.21 showed that the
diagnostic performance averaged over all 6 observers seems to be uncorrelated with image noise.
The AUC values for all liver dose ranges were all above 0.9 and no trend of AUC values could
be perceived as the image noise changes. Again, results were further analyzed by separating

different reader groups.

For abdominal trained routine CT readers, the AUC values are reasonably consistent
across all the image noise ranges, and they are all high. For the non-abdominal trained routine
reader group, the AUC value started high. But as the image noise increased to be above 21.1, the

diagnostic performance started to degrade. For the 2 non-abdominal trained occasional CT
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readers, Figure 9.24 showed that that the overall diagnostic performance is much lower than the
previous two subgroups. In terms of the relative diagnostic performance, there was not any clear

trend that could be observed.

By excluding the 2 non-abdominal trained occasional CT readers, the ROC curves
averaged over the 4 routine CT readers (2 abdominal trained and 2 non-abdominal trained) are
shown in Figure 9.34. It showed that the image noise range of 9.6-14.15 has ideal performance.
As the noise increases to the range of 14.2-17.25, the performance decreases slightly. It increased
back to ideal performance as the image noise continues to increase to the range of 17.3-21.1.

And from that point on, the performance gradually decreases as the image noise increase.

In summary, for abdominal trained routine CT specialists, the diagnostic performance
does not change across all image noise levels. For non-abdominal trained, routine CT readers,
the diagnostic performance starts to degrade when the image noise is higher than 21. For non-
abdominal trained, occasional CT readers, the diagnostic performance seems to be unrelated to
the image noise. Overall, the correlation between diagnostic performance and image noise is
weaker than the correlation between diagnostic performance and dose level/liver dose. This
indicates that in an image, there are other factors besides noise that determines the diagnosis of

appendicitis.
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Figure 9.34 ROC curves and AUC values for all five image noise groups for the 4 routine CT
readers (including 2 abdominal trained and 2 non-abdominal trained readers).
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9.4.4. The interpretation of the magnitude of the change of AUC values

As described in 9.2.8, AUC is a more comprehensive descriptor than a single sensitivity-
specificity point on the ROC curve to evaluate the overall observer performance as the decision
criteria changes. However, examining one sensitivity-specificity point may still be of interest to

evaluate the change of performance across different dose levels.

In order to provide a rough estimate to interpret changes of AUC value in terms of the
change of sensitivity or specificity, one single sensitivity-specificity pair (the operating point
closest to the left upper corner on a ROC plot) was selected. Figure 9.35a shows two ROC
curves: one original ROC curve and a ROC curve with an AUC that is 0.02 lower. The second
AUC value is obtained by reducing the sensitivity for each operating point. The sensitivity-
specificity pair of (0.933, 0.9) was changed to (0.903, 0.9) when the AUC value was reduced by
0.02. Figure 9.35b also shows two ROC curves: the original ROC curve and another one with
0.02 lower AUC value achieved by reducing the specificity for each operating point. In this
scenario the pair (0.933, 0.9) was changed to (0.933, 0.827) when the AUC value was reduced by
0.02. Therefore, it could be concluded that with a decrease of 0.02 in AUC value for the ROC
curve, the sensitivity for a specific operating point could be decreased by 0.03, or the specificity
for this specific operating point could be decreased by 0.073. Similarly, a reduction of AUC
value by 0.01 corresponds to a reduction of sensitivity of 0.014 or a reduction of specificity of
0.037; a reduction of AUC value by 0.05 corresponds to a reduction of sensitivity of 0.075 or a

reduction of specificity of 0.182. This result is summarized in Table 9.7.
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Figure 9.35 The original ROC curve and another ROC curve with 0.02 lower AUC value
achieved by: a) decreased sensitivity at each operating point; b) decreased specificity at
each operating point.
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Table 9.7 The reduction in sensitivity or specificity resulted by the reduction in AUC.

Reduction in Reduction in Sensitivity | Reduction in Specificity
AUC at 0.9 Specificity at 0.933 Sensitivity
0.05 0.075 0.182
0.02 0.030 0.073
0.01 0.014 0.037

9.4.5. Interrelationships Between Organ Dose, Image Noise and Patient Size

For a fixed tube current CT scan, if all the scan parameters are kept the same (kVp, mAs,
collimation, pitch, etc.), patient dose decreases in an exponential fashion as patient size increases
because of excessive self-attenuation'®’. This observation led AAPM TaskGroup 204 to develop
the Size-Specific Dose Estimate (SSDE) which describes to develop a radiation dose metric that
accounts for patient size. In addition, AAPM on-going TaskGroup 220 is investigating the
appropriate patient size metric to allow wide deployment of patient size corrections, including
SSDE. While these efforts have made good progress towards the direction to develop dose
metrics that reflect patient size, however, they assume the scans to be traditional constant tube
current scan, which does not address the complexity and subtleties of the effect on radiation dose
from TCM. TCM has a very strong interplay with patient size and patient anatomy. This
interplay eventually affects patient dose. For example, for chest-abdomen scans, the attenuation
in chest region is less than that in the abdomen region. Therefore the tube current is lower in the
chest region for a TCM scan, resulting in lower radiation dose. SSDE dose metric is obtained by
applying patient size specific conversion factors to a single CTDIvol value This approach does

not taken into account the dose difference to different areas within a scan introduced by TCM.
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Since TCM is used in majority of today’s scan protocols, it is imperative to investigate the

relationship between patient dose and patient size when TCM is on.

In a TCM scan, as the patient size increases, the required tube current is also increased. In
some schemes the mAs is increased to maintain constant image noise (for a water phantom with
equivalent attenuation), while in other schemes, the function between mAs and patient size may
not be purely based on equivalent noise, but some other metrics. In either scheme, the tube
current is increased for larger patients. Therefore the dose may actually increase with increased
patient size. This may offset the decrease of patient dose when size increases at a constant mAs
setting. Figure 9.27 shows that as the patient gets larger, the organ dose actually increases almost
in a linear fashion. This is because the increase of mAs outweighs the increase of self-attenuation

as the patient gets larger. This result is consistent with previously published results*®*°.

There are 2 outlier data points in Figure 9.27 which correspond to two extra-large
patients (perimeter > 140cm). Instead of higher dose, these patients actually received lower liver
dose compared to the group of patients with smaller sizes. This is because as the patient size
increases, the mA increases until the maximum output of tube current is reached. If the patient
size continues to increase, the tube current cannot be increased further, and therefore self-
attenuation effect dominants, which results in lower patient organ dose. Figure 9.35 shows the
tube current as a function of table position for patient 1 (with a perimeter of 140cm), which is
one of these two large patients. It shows that the tube current was maxed out at the peak of xy

modulation through almost the entire scan. There is essentially no z modulation and hence no
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increase of average tube current around the abdomen region, which is the reason that radiation
dose to liver does not increase as patient size increases. In contrast, Figure 9.36 shows the tube
current scheme for patient 7 (with the perimeter of 97cm), which shows that the tube current is

not maxed out.
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Figure 9.36 TCM scheme for a very large patient (patient 1). The tube current is maxed out at the
peak of xy modulation throughout the whole scan.
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Figure 9.37 TCM scheme for a regular size patient (patient 7). There is no tube max out for this
patient case.

Therefore, to conclude the behavior of organ dose as a function of the patient size, as the
patient size increases, the organ dose also increases since the increase of mAs outweighs the self-
attenuation, shown in the trend line in Figure 9.37. However, when the patient size increases to a
certain point, the mAs cannot be increased further due to the tube limit. Therefore from that
‘threshold’ size up, the self-attenuation effect dominates again and organ dose should decrease
accordingly. Unfortunately this threshold size cannot be directly observed from Figure 28
because the distribution the sample of patient size is not continuous. However, it can be seen that
the organ dose is decreased for the two extra-large patients. Figure 9.37 overlays a curve of
SSDE values on top of Figure 9.28 for fixed current scans. When the tube current is maxed out,

the organ dose behavior as a function of patient size should be similar to that under fixed current

276



scans. Therefore, the data points should line up with this curve after the threshold patient size is

reached. From this plot it appears the threshold perimeter is approximately 110cm.
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Figure 9.38 Liver dose and SSDE as a function of patient perimeter for all of the 20 patients at the
100% dose level.
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If all the scan parameters are kept the same, the noise in the image increases with patient
size in an exponential fashion. A main goal of TCM is to take into account the difference in
attenuation for patient with different sizes by controlling the mA automatically (Automatic
Exposure Control). Therefore, mA is usually higher for larger patients. Each manufacturer has its
own strategy to control the mA as a function of patient size. For example, GE and Toshiba use
Noise Index (NI) and Standard Deviation (SD) as image quality metric to guide the change of
mA so that these metrics have the similar value across patients with different sizes*®. NI and SD
are both image noise based metrics. Therefore, these two manufacturers believe the image noise
should be kept consistent in order for diagnosis to be on the same level. Siemens however uses
another approach by increasing mA slower relative to the increase of image noise as the patient
size increase, so that the images of larger patients have relatively higher noise. This is based on
the empirical observation that larger patients have more fatty tissue, which makes the low
contrast tasks easier. Therefore they can tolerate higher noise. Figure 9.27 exactly shows this
mechanism: as the patient size increases, the image noise slightly increases as well. For example,
as the patient perimeter increased from 80cm to 110cm, the liver noise gradually approximately
increased from 10 to 15. Similarly to the dose plot (Figure 9.28), there are several outlier data
points in Figure 9.27 because of tube reaching maximum mA for excessively large patients. As a

result, these large size patients (Patient 1 and Patient3) had very high noise (higher than 20).

Since both organ dose and image noise are nearly linearly related to patient size when

TCM is on, organ dose and image noise shall also have a nearly linear relationship as the patient
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size changes; this was shown in Figure 9.26. Again, there were a few outliers due to the tube

current maximum limitation.

As the dose changes, Figure 9.25 showed that the relationships between image noise and
organ dose have different behavior for patient with different sizes. For the largest patients such
as patient 1 and patient3, the noise-dose curves sit on the top of all the curves. For patients that
are fairly large such as patient 6 and patient 13, the curves sit in the middle. And or smallest
patients such as patient 2 and patient4, the curves sit at the bottom. Therefore it can be concluded
that even when TCM is on, for patient with larger size, more organ dose is needed in order to

achieve the same image noise level.

9.4.6. Summary and Future Work

This study investigated the tradeoff between diagnostic performance and radiation dose
in the CT imaging for ruling out appendicitis. An observer study was designed rigorously in
order to minimize bias through the careful selection of the cases, the randomization of the cases
for each session, the detailed questions to force observers to perform an actual diagnosis, and so
on. Radiation dose to individual organs was accurately estimated to yield a more meaningful
picture from a dose perspective. In addition, the interrelationship between image noise, organ

dose and patient size under CT scans with tube current modulation was explored.

The results showed that for all the observers, the diagnostic performance is very similar
at original, 70% and 50% dose levels. At the dose levels of 30% and 20%, the diagnostic

performance behaved different from expectations. For example, it decreased at 30% dose level,
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but increased again at 20%. After excluding 2 observers who do not read cross-sectional images
on a routine basis, as the dose level goes down, the performance starts to degrade at 30% dose
level: the AUC value is lower than the three highest dose levels (100%, 70%, 50%). And the
AUC value decreased again from 30% to 20% dose level. Therefore, the results of this study
suggest that for this limited sample of patients using this scan protocol, reducing the radiation
dose by 50% does not impair the diagnostic performance significantly for all the observers.
When the radiation dose is reduced to as low as 30% and 20% of the original scan, one must take
comprehensive considerations to balance the tradeoff between the benefits from lower dose and
the loss of diagnostic performance in order to achieve maximum benefit to risk ratio. For
abdominal trained routine CT readers, the results suggested that the diagnostic performance at

20% dose level is not very different than that at 100%.

This study also for the first time demonstrated that the diagnostic performance is nearly
perfect for routine CT readers as long as the radiation dose delivered to liver is higher than
10mGy (including the 13.4-22mGy and 9.6-13.4mGy ranges) in the diagnosis of appendicitis
using CT. This is an essential improvement of the current knowledge between diagnostic
performance and radiation dose since it directly linked the performance with organ dose, which
is a truly meaningful metric to quantify absorbed dose, and even risk to individual patients. As
the liver dose goes below 10mGy to the range of 6 to 10mGy, the performance started to degrade
slightly. As it continues to decrease to be in the range of 2 to 6mGy (including the 4-6.3mGy

range and the 2-4mGy range), there is some considerable loss of diagnostic performance. For
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abdominal trained routine CT readers however, the diagnostic performance is good even at the

range of 2-4mGy of liver dose.

The diagnostic performance has a weaker correlation with image noise. This indicates
that image noise is not the only factor that determines the clinical decision. Other factors such as
the amount of fatty tissue also play important roles. When image noise is higher than 21
(including 21.3-25.9 range and 25.95-54.8 range), the diagnostic performance degraded for the 4

routine CT readers.

In summary, the results from this pilot study suggested a lot of opportunities to reduce
radiation dose to the patients in today’s clinical practice. At least 50% percent dose reduction
could potentially achieved by just lowering the mA of the CT scans. This represents the dose
reduction achievable from techniques that reduce image quality but maintaining diagnostic
outcome. Although this study focuses on the reduction of liver dose in abdominal-pelvis scans, it
demonstrates the feasibility to achieve large organ dose reduction in other CT scans types, such
as the reduction of eye lens dose in head scans, the reduction of thyroid dose in neck scans, the

reduction of breast dose in chest scans, and the reduction of gonads in pelvis scans.

There are several limitations of this study. First, the patient sample size is small.
Although tremendous efforts have been put on the selection of the cases to incorporate a wide
variation of the phases of the disease and the body habitus of the patients, 20 patients may not
represent the clinical image of appendicitis for a much larger population. This is also the reason

that this study is served as a pilot study to provide some initial evidence to carry out another full
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study on a larger scale of patient cases. Due to the small sample size of the study, the standard
errors estimated for all the AUC values are relatively large. Therefore the conclusions in this
study are based the trends of the data. But many of them are not statistically significant. Second,
the criteria to select the observers may need to be improved. Although in this study we tried to
include observers with various years of experience, either currently or in the past, it appeared
that there was a large gap of performance between observers who are routinely reading cross-
sectional images and observers who are not. It should be a more accurate representation of
clinical reality to include only the observers who read cross-sectional images on a routine basis.
This issue shall be addressed in the future full study. Third, almost all the observers complained
that the viewing platform did not have the function to link coronal view images with axial view
images (e.g., once the user click a location on an axial view image, the coronal view images
would automatically change to the corresponding slice and location.). They had to manually
scroll between slices in both axial and coronal views. It is unclear that how much the lack of this
functionality would affect the performance of the observers. But it should definitely be

implemented in the future full study.

Future work should include a full study with a much larger sample of patient cases with a
more appropriate selection of observers and a better implementation of the viewing platform. For
a study with larger sample size, multi-reader, multi-case (MRMC) methodology should be used
to account for the components of variation, including within-reader variation (variation of the
results based on the same cases and the same readers), reader-sample variation (variation of the

results based on the same cases but different readers), and case-sample variation (variation of the
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189 Also, some data collected in the

results based on different cases but the same readers)
observer study could be further analyzed. For example, efforts could be made to investigate if the
decrease of radiation dose associates with more reading time, and to investigate the correlation
between the final diagnosis and each specific finding. In addition, in order to further explore the
correlation between diagnostic performance and absolute organ dose, the amount of simulated
dose can be adjusted based on the patient’s organ dose for the original scan, so that all the patient
cases would receive the same amount of organ dose in each organ dose group. For example, for
patient 1 and patient 2 with different sizes, their organ doses are different when the same Quality
Reference mA was used. By adding different amount of noise into the raw data files for these
two patients, it can be achieved that two image sets for these two patients both have 15mGy.
From that point, further noise insertion processes could be performed to generate image sets that

have 10mGy, 5mGy, 2mGy, and so on. Using this method, there would not be repeating cases in

each dose category, so that potential bias could be avoided.

Furthermore, since in this study only the simple noise metric was investigated as an
image quality indicator, task-based image quality metrics using mathematical model observers
could be explored (80, 81). These model observers have been applied to many other imaging
modalities to improve the efficiency of system optimization (82), including nuclear medicine
imaging (83-85), mammography (86-89), x-ray dual-energy imaging (90), tomosynthesis and
flat-panel cone-beam CT (91-93), and MRI (94). However, relatively few studies have been done

in clinical CT (95, 96). Once a set of task-based image quality metrics is determined, they can be
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used clinically to efficiently and accurately optimize scanning protocols and radiation dose levels

in CT, without the conduct of expensive observer studies.
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Chapter 10 Dissertation Summary and Conclusions

The purpose of the work presented in this dissertation was: 1). to extend the current
knowledge of CT dosimetry by introducing detailed dose estimations such as surface dose and
peak dose in order to accommodate the emerging needs including dose estimations for
deterministic effects; 2). to exploit this detailed dose knowledge to reduce radiation dose for
patients without compromising image quality. This include reducing dose to eye lens by varying
scan location and gantry angle, as well as reducing dose to specific organs by adjusting tube start
angle and table height; 3). to evaluate the technique to reduce radiation dose and image quality
while maintaining performance of a diagnostic task by investigating the tradeoff between organ
dose and diagnostic outcome. In this dissertation, Monte Carlo simulations were intensively used
to obtain detailed and accurate dose quantities to provide thorough perspectives for radiation

dose from CT exames.

Chapter 3 introduced the principle of Monte Carlo simulations and the details of the
mechanism of UCLA CT Dose Estimation Package. The implementation of the CT source, the
scan, as well as the geometry for radiation transport was described. This comprehensive package
included multiple scan modes which allow all of today’s existing clinical CT exam protocols to
be simulated; including intricate details in the acquisition process such as tube start angle and
table height. Shown in 8.5, the high accuracy of the simulation results of the package was

demonstrated using advanced benchmark strategies within a complex radiation environment.
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Radiation dose from CT perfusion exams raised a nationwide public concern, which in
turn led many practices to examine the radiation dose for their perfusion scans, using CTDl as
the dose metric they examined. However, CTDI, has fundamental limitations in the estimation
of peak dose. As an answer, Chapter 4 and Chapter 5 represent the first work to investigate the
peak skin dose and eye lens dose delivered to patients in brain perfusion exams using Monte
Carlo methods. Look up tables were generated for the estimation of peak doses for any protocol
on selected CT scanners. Eye lens dose reduction techniques such as adjusting scan location and
tilting the gantry angle were evaluated. In addition, various dose metrics were compared with
Monte Carlo results and it was concluded that the TG111 dose metric provides closest estimation

to peak skin dose and eye lens dose compared to CTDlI,, and IMPACT tool.

The study presented in Chapter 6 was conducted in order to investigate the radiation
dose variation on the surfaces of both phantoms and patients in CT scans. This work revealed the
complex behavior of surface dose variation as a function of nominal collimation, actual beam
width, tube start angle, and the pitch value used in the scan. Since the tube start angle is mostly
random in today’s helical CT scans, this behavior could cause significant uncertainties in
measurements on surface using small dosimeters. In order to overcome these uncertainties,
various solutions were proposed and evaluated. It was demonstrated that the FSPP method was a

robust approach to minimize surface dose uncertainties.

In the light of the novelty to shift surface dose profile by adjusting the tube start angle, as

demonstrated in Chapter 6, the work in Chapter 7 investigated the potential to make use of this
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finding to reduce radiation dose to small peripheral organs. Chapter 8 extended this idea to
reduce patient dose by combining the adjustment of the tube start angle and the table height.
Various experiments were conducted to evaluate the effectiveness of this method including
measurements and simulations on both phantoms and patient models under both fixed tube
current mode and TCM mode. It was concluded that depending on the patient size, the organ of
interest, and the scan protocol, dose reduction up to 60%-70% percent could be achieved without
compromising image quality. This proposed a novel method to reduce radiation dose in CT scan

while maintaining image quality.

The pilot study presented in Chapter 9 redefined the goal in CT imaging from
“maintaining image quality” to be “maintaining performance of a diagnostic task” by
investigating dose reductions that reduce image quality, but maintain diagnostic performance for
appendicitis. Although this was a feasibility study with small sample sizes, it was illustrated that
the diagnostic performance does not have noticeable change at 70% and 50% dose levels. This
study also for the first time demonstrated that the performance in the diagnosis of appendicitis
using CT is nearly perfect for routine CT readers as long as the radiation dose delivered to liver
is higher than 10mGy. This finding for the first time established a relationship between
diagnostic performance and organ dose, which facilitates a more comprehensive understanding

between benefits and risks in CT imaging.

In conclusion, the culmination of the work presented in this dissertation demonstrated the

feasibility and potential to achieve significant dose reduction in CT exams. There is plenty of
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room to reduce radiation dose, while reducing image quality but maintaining diagnostic
performance. For example, Chapter 9 suggested that radiation dose from CT could be reduced by
50% to 80% simply by decreasing tube current using current technology. Combined with other
dose reduction techniques that maintain image quality, such as adjusting tube start angle and
table height introduced in Chapter 7 and Chapter 8, the dose reduction could be in the range of
20% to 10% of today’s practice. The demonstration of this feasibility in dose reduction is the

largest contribution of this dissertation.

Besides the scope of this dissertation, there are many emerging dose reduction
technologies, which intend to reduce CT radiation dose while maintaining image quality, such as
organ-based tube current modulation*®, dynamic collimation'™, as well as iterative
reconstruction technologies. Iterative reconstruction technologies are being investigated and
commercialized by all CT vendors and the initial results were very promising. The algorithms
correct for low signals in both raw data space and image space by taking the scanner’s specific
characteristics into account. By using iterative reconstruction techniques, either the image quality
could be improved significantly, or radiation dose could be reduced by additional 60% to 80%
while maintaining image quality. Figure 10.1 shows two images with and without an iterative
reconstruction algorithm called AIDR3D from one of the major CT vendors. Compared to Figure
10.1a, superior image quality could be observed from Figure 10.1b where AIDR3D was used.
This translates to a large dose reduction if image quality is maintained. Therefore, with all the

technologies, either included in this dissertation or beyond the scope of this dissertation, there is
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significant potential to reduce radiation dose in CT by an order of magnitude while preserving

excellent diagnostic performance we have to come to expect through the use of CT imaging.

(@) (b)

Figure 10.1 a) An example image without the use of AIDR3D, an iterative reconstruction
algorithm; b) The same example image with the use of AIDR3D, where the image noise is
significantly reduced.
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