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ABSTRACT

Proton radiation therapy is a new treatment for cancer, in which the
tumor is irradiated using external beams of protons. These beams are
characterized by a finite range and steep distal dose gradient, allowing
more sparing of uninvolved tissue. Because of the highly conformal
dose delivery, accuracy and precision in treatment design is essential.
Because radiation treatment planning is based on X-ray computed
tomography (CT), the treatment may be compromised by artifacts
in the CT scan which occur in patients with metallic implants. A
significant number of cancer patients have such implants near the
tumor because of previous surgical intervention. This indicates a
clinical problem in proton therapy and is the focus of the present
work. Methods were developed to reduce CT metal artifacts and to
quantify their impact on proton therapy.
The optimal method for artifact reduction depended on the implant
material. Titanium implants strongly attenuate the CT X-rays and
cause artifacts due to the mismatch between the monochromatic model
used in image reconstruction and the polychromatic attenuation effects. A first-order model was developed to take into account the
change of the X-ray spectrum, which significantly reduced artifacts in
clinical scans. A different situation arises in case of implants such as
platinum coiling, which almost completely attenuate the X-rays. Metal
artifact reduction then becomes a limited data reconstruction problem. Disregarding the projection measurement through metal, better
images were reconstructed using an iterative method that optimized
measurement consistency subject to smoothness regularization.
A retrospective study was performed to study the impact of the
implants on clinical treatment plans. The proton delivery method and
implant material were shown to be important factors. High-density
implants introduced significant errors in both passively scattered and
intensity modulated proton therapy. Proton range shifts around 1 cm
were observed due to errors the artifacts throughout the image and
the incorrectly estimated size and material of the implant. Treatment
planning for patients with titanium implants was mainly affected by
streak artifacts. Range shifts in the plans for intensity modulated
therapy were on the order of 5 mm. The impact of titanium on
passively scattered therapy was more limited.
It is concluded that the clinical implementation of a CT metal artifact
reduction method is important in view of the increasing conformity of
proton therapy delivery. To obtain maximum clinical benefit, artifact
reduction should be combined with better patient-specific information
about the implant materials, and robust optimization of treatment
plans.
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1

GENERAL INTRODUCTION

Treatment of cancer focuses on the local control of the primary tumor
and systemic treatment of metastatic disease. Radiotherapy is mostly
used in the treatment of the primary tumor when surgical resection is
not a viable approach. It is also combined with surgery as an adjuvant
or neoadjuvant therapy. Radiotherapy delivers ionizing radiation
which results in the damage to DNA bonds. With a sufficient dose of
radiation, irreparable DNA damage causes sterilization of tumor cells.
The chance of successfully sterilizing malignant cells increases with
the radiation dose. Dose delivery cannot however be confined solely
to the tumor itself. This is due to the uncertainty in the location
and boundaries of the tumor, uncertainties in patient position and
motion during therapy, and the physical nature of radiation delivery.
Radiotherapy therefore aims to deliver a sufficiently high dose to the
tumor target while minimizing dose to healthy tissue. These two goals
are interrelated: a technology that delivers less dose to healthy tissue
can be employed to reduce the chance of side-effects or to escalate
the dose on the tumor in order to increase the chance of eradicating
the cancer. Radiation can either be delivery using external beams
or implanted radioactive sources (brachytherapy). The focus of the
present study is external beam radiotherapy with protons.

1.1

proton therapy

External beam radiotherapy has seen many improvements over the last
decades. More conformal delivery has been achieved by improvements
in radiation delivery such as the introduction of linear accelerators
and intensity modulated X-ray radiotherapy (IMRT). The introduction
of computed tomography (CT) for treatment planning has allowed for
more precise tumor localization and dose calculation, and many image
guided radiation therapy (IGRT) techniques have been developed to
improve the accuracy of patient setup and to enable tumor tracking
during treatment.
Proton therapy is a modality which has recently seen more widespread
clinical introduction (Levin et al., 2005). Radiotherapy with charged
particles such as protons or heavy ions is fundamentally different
from X-ray therapy. Unlike X-rays which decay exponentially while
traveling through matter, these particles have a finite range depending
on their energy and deliver most dose just before the end-of-range.
This allows for a dose delivery which is more conformal to the tumor.
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1.2

uncertainties in proton therapy

The conformal dose delivery that can be achieved with protons also
brings new challenges. Proton radiotherapy is sensitive to uncertainties due to the high dose gradient at the distal end. Uncertainties in
the treatment planning and radiation delivery, such as in the beam
attenuation, dose calculation, patient setup and patient motion can
potentially have a big impact on the treatment. It is important to
understand, quantify and reduce all sources of uncertainties in order
to ensure the high-dose area is precisely targeted on the tumor. A
major requirement in proton therapy is the proper estimation of the
range of the proton beam in the patient. This requires knowledge of
the proton attenuation of all tissues in the beam path.

1.3

ct metal artifacts

In modern radiotherapy, treatment planning is based on a CT scan
which is obtained using a special CT scanner in which the patient
positioning and immobilization for the treatment can be reproduced.
On this scan, the location of the tumor and organs-and-risk are determined. The quantitative CT numbers—which are related to X-ray
attenuation—are used to estimate the attenuation of the treatment
beam. They enable the treatment planning system to calculate the
dose delivered to the tumor and surrounding organs. In proton therapy, the CT numbers are converted to proton stopping powers based
on knowledge of human organ composition (Schneider et al., 1996).
Errors in the CT numbers therefore load to errors in dose calculation.
While general CT uncertainties are managed by adding an safety
margin to the proton range, this does not take into consideration the
impact of CT artifacts. A main cause of artifacts are metallic implants
in patients, resulting in metal artifacts. Figure 1 shows an example of
metal artifacts which are common in proton therapy. Approximately
40% of the patients with cancers in the thorax and upper abdomen
at the Francis H Burr Proton Therapy Center, Massachusetts General
Hospital (MGH) have metallic implants inside their body, mainly due
to previous surgical intervention. Nearly all of these implants are
inside the field of the therapy beams.
The presence of metallic implants in radiotherapy patients therefore
indicates a considerable clinical problem for proton therapy. Not only
the implant itself may be imaged incorrectly, the artifacts in surrounding tissue originating from the implants can introduce significant
errors.

1.4 research aims

Figure 1: Metal artifacts in a radiotherapy treatment planning scan (dark
and bright streaks). The artifacts are due to titanium hardware for
stabilization of the lumbar spine after surgical resection of a tumor.

1.4

research aims

The aim of this research is to quantify and reduce the impact of metal
artifacts on proton radiotherapy treatment planning. The mains goals
are to:
• Develop a framework to implement different image reconstruction methods for radiotherapy treatment planning scans, using
data from a clinical CT system.
• Develop image reconstructions methods to reconstruct CT images from raw projection data.
• Design metal artifact reduction (MAR) methods to reduce metal
artifacts in reconstructed CT images.
• Using the MAR methods, study the impact of the artifacts on
proton therapy using phantoms and by retrospectively analyzing
proton treatment plans.
• Compare the impact of the metal artifacts on the two main
delivery methods for proton therapy: passive scattering and
intensity modulated therapy using pencil-beam scanning.
Based on the results of the study, recommendations will be provided
with regard to the impact of metal artifacts on proton therapy and
strategies to reduce errors in treatment planning.
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1.5

outline

This thesis is organized as follows. In Chapter 2 and Chapter 3, the
theoretical background of proton therapy and computed tomography
is reviewed. In Chapter 4, the cause of CT metal artifacts in clinical
scans is studied. Novel artifact reduction methods are presented in
Chapter 5 and tested on actual scan data of phantoms and patients.
Chapter 6 shows the results of a retrospective study of the impact of
metal artifact reduction on proton treatment planning for chordoma
patients. Finally, general conclusions are given in Chapter 7.

2

P R O T O N R A D I AT I O N T H E R A P Y

2.1

introduction

One of the main research aims in radiotherapy is to improve the
conformity of the dose distributions to the tumor, allowing for the
delivery of higher doses to the target or lower doses on organs-at risk.
Proton therapy does so by using a beam of protons instead of X-rays
generated by a linear accelerator.
Highly conformal dose delivery increases the need for accuracy and
precision in treatment planning. Uncertainties need to be minimized
and those that cannot be eliminated need to be fully understood and
quantified in order to apply appropriate margins in the treatment
design.
Uncertainties in the exact position of the proton beam arise from
several sources: setup and anatomical variations, internal motion of
organs into the beam path, dose calculation approximations, CT errors
and biological considerations.
This chapter provides general information about proton therapy
and the differences with conventional X-ray therapy.
2.2

bragg peak

Protons for therapy are accelerated in a cyclotron or synchrotron and
then transported to a gantry. Proton interactions with matter are
fundamentally different from X-rays—this due to the different depthdose distribution, also referred to as Bragg curve. The Bragg curve
shows the dose delivery as particles travel through matter. Photons
show a mainly exponential decay of radiation, while protons have
a finite range of penetration. Just before this end-of-range, protons
release most of their energy. This peak in the Bragg curve of protons
is called the Bragg peak and its location depends on the proton energy.
A comparison of the Bragg curve for photons and protons is shown in
Figure 2.
By focusing the Bragg peak on the tumor location, almost no dose is
delivered distal to the tumor in the beam path. In addition, less dose
as compared to X-rays is delivered proximal to the target. The depth of
the Bragg peak of a monoenergetic proton beam however is too small
to cover most tumors. In order to target larger tumors, the beam has
to be modulated. This involves the creation of a beam with different
proton energies, which results in a dose delivery which is equivalent
to the sum of several Bragg peaks. By selecting appropriate energies
and intensities for these the individual Bragg peaks, the resulting
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Figure 2: Bragg curve in water for 10 MV photons and a series of pristine proton Bragg curves. The spread-out Bragg peak (SOBP) is modulated
to 8 cm and consists of the sum of the pristine peaks.

Bragg curve features a flat spread-out Bragg peak (SOBP) with the
desired depth. While enlarging the depth of target coverage, this also
increases the dose proximal to the target. The total proximal dose
is less than what is delivered by a photon beam, expect for the first
millimeters. The dose distal to the target remains close to zero.
2.3

proton stopping powers

The average range R of protons is described using the continuous
slowing down approximation (CSDA). This range is obtained by integrating with respect to energy the reciprocal proton stopping power
S:

R=

ZE0

S−1 dE

(2.1)

0

Typical proton energies E0 in proton therapy are between 50 and
250 MeV, corresponding to a range in water from a few millimeters
to about 40 cm. The requires energies depend on the location of the
tumor—a deep-seated tumor require a larger proton energy.
Since the proton stopping power varies little with energy in this
range, it can for many purposes be considered constant. Proton stopping powers are commonly expressed relative to the proton stopping
power of water SW :

SR =

S
SW

2.4 dose conformation

2.4
2.4.1

dose conformation
X-ray therapy

Because of the exponential attenuation of X-rays traveling through the
body, a single conventional photon beam cannot provide a conformal
dose to the tumor. With the exception of tumors that are seated
very close to the skin, an individual beam delivers a higher dose to
tissue proximal to the tumor as compared to the tumor volume itself.
Therefore, multiple beams are laterally conformed to the tumor to
spread out dose to normal tissue.
In 3D conformal radiotherapy (3DCRT), all individual beams are laterally conformed to the tumor and deliver a homogeneous dose. In a
modern linear accelerator this is achieved using jaws which shape the
field to a rectangle and a multi-leaf collimator (MLC) which shapes
the field opening to the shape of the tumor.
A more advanced delivery method for X-ray therapy is intensitymodulated radiation therapy (IMRT). By dynamically modifying the
field opening using the MLC, each beam delivers a non-uniform dose
to target. Instead of conforming individual beams, the total dose
delivered by all beams is optimized. This many additional degrees
of freedom that are introduced by allowing position-dependent dose
intensity facilitates a more conformal dose distribution.
2.4.2

Proton therapy

The lateral dose conformation in proton therapy is comparable to
X-ray therapy. Protons having a finite range in addition allow for
distal conformation of the beam.
After being produced and transported to the gantry, the protons
form a narrow fixed-energy beam. In the treatment head the beam
is modified to target the tumor. Two different methods exist for for
this purpose: passive scattering and beam scanning. Figure 3 is an
example of a treatment head supporting both delivery methods.
2.4.2.1 Passive scattering
In passive scattering delivery, the beam is shaped to deliver a uniform
dose to the tumor or a part of the tumor, somewhat similar to 3DCRT.
The energy spectrum of the proton beam needs to be expanded to
obtain the SOBP that covers the entire depth-range of the target. This
is accomplished by a range modulator, typically a rotating device that
interposes different materials in the beam path, delivering Bragg peaks
with different ranges. Depending on the tumor size and depth, an
appropriate range modulator is selected. For lateral conformation a
circular scout is used followed by a patient-specific brass aperture.
MLCs are not currently used in clinical practice due to issues such
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Range Modulator

1st Scatterers
2nd Scatterers
Range
Compensator

Aperture

Scanning Magnets

Figure 3: Proton therapy treatment head at the MGH proton clinic (Gantry 2).
This gantry supports both passive scattering and beam scanning
delivery.

as the radioactivation and the design requirements to prevent proton
and neutron leakage.
The distal end of the beam is shaped to the distal surface of the
tumor using a range compensator. This compensator is designed to
modify the range so the proton beam will stop just distal to the edge
of the tumor. A limitation of this passive scattering system is the
uniform extend in depth of the SOBP, which needs to be set to the
maximum size of the target along the beam direction. Therefore the
high-dose area cannot be fully shaped to the proximal edge of the
tumor. Another disadvantage is the neutron dose produced when
protons are attenuated in the treatment head. Some of these neutrons
reach the patient resulting in a small amount of undesired ionizing
radiation.
While normally each beam delivers a uniform dose to the entire
tumor, the finite range of protons also allows for delivery of a uniform
dose using a combination of two beams. In this case, one of the beams
(the patch beam) has a distal end inside the treatment volume and the
other beam (the through beam) covers the remaining part of the tumor.
Such beams are used in addition to the standard uniform beams when
treating horseshoe-shaped tumors wrapped around an organ-at-risk.

2.4.2.2 Beam scanning
Unlike the broad proton beam used in passively scattered therapy,
pencil-beam scanning employs a narrow beam that is scanned across
the target using magnets. The energy selection takes place in a separate
device before the beam line enters the gantry. This method has several
advantages over the passive scattering method. The narrow beam is
able to “dose paint” the entire volume, providing a dose distribution
that is conformal to both the proximal and distal surface of the tumor.
In addition, neutron dose from scattering in the delivery system is

2.5 treatment planning

eliminated. Similarly to IMRT, pencil-beams also allow for intensity
modulation, providing intensity modulated proton therapy (IMPT).

2.5

treatment planning

The planning of radiation treatment involves computer simulations to
determine the beam configuration that will result in an optimal dose
distribution. The treatment planning software simulates the treatment
machine, the interactions of the particles in the body and the resulting
dose distribution. Treatment design is based on balancing dose to the
tumor and dose to uninvolved tissue in order to maximize the chance
of tumor control while avoiding unacceptable side effects.

2.5.1

CT scan

Proton treatment planning starts with a CT scan of the body section
in which the tumor is located. This scan is obtained in the exact same
position as the actual treatment which is to follow. The patient lies on
a flat couchtop similar to the couch in the treatment gantry and the
same immobilization hardware is used.
Using the CT scan, the locations of the tumor and organs-at-risk
in the treatment position are determined. Sometimes an MRI or PET
scan is used as an additional guidance. The CT numbers provided
by the scan are also used to calculate the attenuation of the treatment
beam for planning and dose calculation. As the same CT number
may correspond to materials with similar CT X-ray attenuation but a
different proton stopping power, information about the composition
of human tissue is incorporated in the conversion (Schneider et al.,
1996).

2.5.2

Contouring

On the CT images, a physician will determine the gross tumor volume
(GTV) that consists of the visible tumor, and the clinical target volume
(CTV) which consists of the GTV plus suspected microscopic disease
extension. When radiotherapy is used as a secondary therapy after
complete surgical resection, no visible tumor volume exits and only a
CTV will be defined based on the location of the surgery and clinical
experience.
In addition, a physician or dosimetrist will contour relevant organsat-risk (OAR) on which the radiation needs be be minimized. Specific
organs are bound to dose constraints that result in a risk which is
considered acceptable.
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2.5.3

Beam design

After defining the target and OARs, optimal beam configurations
needs to be designed to deliver the prescribed dose to the tumor
while the dose on the OARs needs to remain below the defined limits.
The dose calculations in current clinical proton treatment planning
systems are based on the pencil-beam algorithm. Such algorithms use
a large number of computational pencil-beam in order to approximate
the total dose distribution of a beam. Each pencil-beam calculation
takes into account the interactions along its path; empirical scatter
models are also included. The final dose consists of the sum of all
pencil-beams. This method is reliable in proton therapy because dose
is mainly delivered by primary protons.
2.6

uncertainties

Some uncertainties are similar in all forms of highly conformal dose
delivery, such as the need for accurate and reproducible patient positioning. Proton and photon beams are however differently affected
by uncertainties in the radiological path length. Consider for example
a shift of 1 cm of the water-equivalent depth of the distal side of the
tumor. This is equivalent to a shift of 1 cm along the Bragg curves in
Figure 2. The dose of the photon beam changes by a few percent—the
final dose delivered by all beams will therefore only change slightly.
On the other hand, if this would occur in a proton beam, the distal
end of the Bragg peak may not cover a part of the tumor. The impact
of such an error is much greater.
In X-ray radiotherapy, an addition margin around the tumor is
used to take into account uncertainties in the treatment planning.
This concept does not translate to proton therapy, as uncertainties
depend on the range of the beams. Uncertainties are therefore directly
incorporated in the proton range and modulation. A water-equivalent
range uncertainty of 3.5% is often used in the clinic. This number
includes general uncertainties in CT imaging and the error in the
conversion from kV X-ray attenuation to proton stopping powers.
2.7

conclusions

In this chapter, the main principles of proton therapy have been described. X-ray radiotherapy mainly relies on lateral conformation of
the dose to the tumor. Proton therapy also employs distal conformation and some proximal conformation, taking advantage of the shape
of the Bragg peak.
Errors in the CT numbers therefore do not strongly affect the X-ray
therapy dose calculation, while in proton therapy these errors may
have a big impact. This relates to the main topic of this study: metallic

2.7 conclusions

implants in patients lead to artifacts in the CT scan, which are errors
in the CT numbers. This results in an uncertainty in the calculated
range of the protons, indicating a potential clinical problem.
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COMPUTED TOMOGRAPHY

3.1

introduction

The aim of CT imaging is to obtain a 3-dimensional measurement of
tissue density inside the body. The radiodensity is described using the
X-ray attenuation coefficient µ. Because µ cannot be measured directly
in the interior body, the CT scanner measures X-ray projections from
many angles based on which µ is reconstructed.
CT scanners feature an X-ray source and an array of detectors which
are mounted on a gantry rotating around the patient. Figure 4 gives a
schematic overview.

Xe
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Figure 4: CT projection measurements at angle θ using an X-ray source with
intensity I0 , resulting in the detected intensities I (t) on the other
side of the patient.

3.2

x-ray attenuation

A narrow beam of monoenergetic X-ray with incident intensity I0
emerges with intensity I after passing through the patient. These
intensities can be related to material attenuation using the exponential
law:

I = I0 exp − p ,

(3.1)
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Here the projection p is defined as the integral attenuation along a
beam:
p=

Zs


µ s0 ds0 ,

0

and µ is the linear attenuation coefficient:
dI

µ = − ds
(3.2)
I
Attenuation of diagnostic X-rays is determined by scatter (coherent
and incoherent) and photoelectric attenuation which both depend on
the photon energy.
3.3
3.3.1

scanner design
X-ray tube

The X-rays are generated in a vacuum tube which contains filaments,
a cathode and an anode. The filament provides electrons: a current is
generated that heats the filament until electrons break away. Between
the cathode and anode, a high voltage is applied to accelerate the
electrons towards the anode. The electrons collide with the anode
target and thereby generate heat and X-rays. An increase of the
voltage will result in a higher energy of the X-ray photons. Increasing
the current will generate more X-ray photons are thereby reduce
measurement noise. The current and voltage in clinical systems are
expressed in units of mA and kV.
X-rays generated in a tube consist of a spectrum with continuous
bremsstrahlung and characteristic X-rays in the form of peaks. The peaks
are generated when electrons are ejected from inner shells of the atoms
of the anode, which are then filled by electrons from higher levels.
The maximum energy in the spectrum is limited by the voltage that
is applied between cathode and anode, and its shape depend on the
anode material.
In CT scanners, additional filtering is applied to eliminate a part of
the low energy spectrum of the beam. These low energy photons are
mostly absorbed in the body and therefore result in additional dose
without contributing to image quality. This filter has a bow-tie shape
and thereby removes a larger part of the low energy spectrum from the
edges of the beam. This is to improve the uniformity of the spectrum
after the beam passes through the filter and patient, since the center
of the beam usually passes through the largest patient volume.
3.3.2

Detector

Current CT scanners use solid state detectors in which a scintillation
crystal is coupled to a photo-diode that generates an electrical current.

3.3 scanner design

The output signal is therefore approximately proportional to the integrated photon energy. Collimators are used to prohibit most scattered
radiation to reach the detector.
A typical detector consists of an array of around 1000 measurement
bins. Most detectors also features several rows, allowing for a number
of consecutive slices to be scanned simultaneously.
3.3.3

Geometry

The so-called third generation design is dominant in modern CT technology. Both the X-ray tube and detector array rotate around the
patient as depicted in Figure 5. Instead of parallel projections (Figure
6a) a fan-beam geometry is used (Figure 6b). Fan-beam data can
either be reconstructed directly or rebinned to parallel data and then
reconstructed in parallel geometry.
Patients can either be scanned in axial mode by moving the table
intermittently or by continuously moving the table during the acquisition which is known as helical mode. Helical mode is used for most
diagnostic scans. Because scan time is of less relevance in radiation
treatment planning, the use of the axial scanning is still common in
order to maximize image quality and CT number accuracy.
Another design feature of these scanners is the quarter detector offset.
By moving the detector center by a quarter of the detector bin width
relative to the center of rotation, the sampling density is increased by
reducing the redundancy in the projections between the 0–180 and the
180–360 degree angular range.
Scanners designed for radiation therapy planning feature a wider
gantry bore to allow for flexibility in the positioning of the patient
and immobilization hardware. Also, a flat couchtop is mounted on
top of the standard couch. This is because of better reproducibility of
the position. An example of such a setup is shown in Figure 7.

Scan field-of-view

X-ray tube

Gantry opening

Patient
Table

Detector array

Figure 5: Third-regeneration fan-beam CT.
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(a) Parallel beam

(b) Fan beam

Figure 6: Beam geometry.

Figure 7: GE LightSpeed RT 16 wide-bore CT scanner for radiotherapy treatment planning. A flat couchtop is mounted on top of the standard
CT couch.

3.3.4

CT numbers

The CT X-ray attenuation coefficients are normalized to Hounsfield
units (HU), in which the the radiodensity of distilled water is defined
as 0 HU and the radiodensity of air as −1000 HU, both at standard
temperature and pressure. Hence, for a material with linear attenuation coefficient µ, the CT image in Hounsfield units is given by:
f =

µ − µ H2 O
· 1000
µ H2 O − µ air

(3.3)

Because the dynamic range of the Hounsfield scale is too large to
be perceived by the human eye, a window level and window width
are defined when CT images are visualized. The CT numbers in the
defined window are mapped to the available grayscale levels of the
computer display. All pixels below the range are shown as black and
the pixels above the range are shown as white. Depending on the
use of the images, the level and window are adjusted to obtain the
required visual contrast.
Since CT numbers are only calibrated to water and air, the numbers
of other tissues will vary depending on the X-ray energy spectrum.

3.4 image reconstruction

3.4

image reconstruction

The forward transformation R between a two-dimensional image
f ( x, y) and the parallel projection data p (θ, r ) is called the Radon
transform:



p (θ, r) = R f x, y
=

Z ∞
−∞

(3.4)

f (t (sin θ, − cos θ) + r (cos θ, sin θ)) dt

Image reconstruction involves the inverse problem: the recovery of
the X-ray intensity image f from the the projections p. The coordinate
system in this work is defined as (when facing the front side of the
gantry): z towards gantry, x horizontal left-right, y vertical top-bottom.
CT images are also shown in this coordinate system. For a patient
scanned head-first supine, the left side of the image corresponds to
the right side of the body, the top of the image is the anterior side
and the bottom the posterior side. This is the other way around if the
patient is scanned head-first prone.
Two main types of image reconstruction methods exist. Analytic
methods are derived from continuous mathematical theorems. These
can also applied to equally sampled discrete measurements in certain
geometries, assuming a simple attenuation model. Iterative methods
are inherently discrete and allow for more flexibility in the geometry
and modeling of the CT acquisition. The computational complexity of
iterative methods is much higher, but becoming feasible for clinical
use because of modern computer technology.
3.4.1

Projection data

The image reconstruction methods in this study use pre-processed projection data. The raw data that is acquired by the scanner undergoes
several pre-processing steps to take into account calibration, detector after-glow etc. From the pre-processed intensity measurements,
approximate projections p are obtained by inversion of (3.1):

p = − log

I
I0


(3.5)

The set of projection measurements pθ (t) at an angle θ will be
referred to as a view. Stacking together the measured views from
all angles, a 2D set of projection data is obtained. This is called the
sinogram, since a single fixed point in the patient traces a sine wave in
the parallel projection data (see Figure 8).
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Figure 8: Parallel-beam sinogram.

3.4.2

Analytic reconstruction

Analytic reconstruction methods are based on projection-slice theorem,
which relates the projections of a cross-sectional slice to its frequency
space.
Algorithm 1 (Projection-slice theorem).
Consider a cross-sectional slice f of a scan volume. The projection of f on
an axis parallel to the x-axis is given by:
Z∞

p (x) =


f x, y dy,

−∞

and has the Fourier transform:
P (u) =

Z∞

p (x) exp (−2πiux) dx

(3.6)

−∞

Now, consider the 2-dimensional Fourier transform F (u, v) of the entire
cross-sectional image:
Z∞ Z∞

F (u, v) =



f x, y exp −2πi ux + yv dxdy,

(3.7)

−∞ −∞

which is rewritten as:
F (u, 0) =

=

=

Z∞ Z∞

f ( x, y) exp (−2πiux ) dxdy

−∞ −∞

Z∞ Z∞


−∞
Z∞


f ( x, y) dy exp (−2πiux ) dx

−∞

p ( x ) exp (−2πiux ) dx

−∞

Comparing (3.6) and (3.8), the following holds:
P (u) = F(u, 0)

(3.8)

3.4 image reconstruction

This result implies that the Fourier transform of the a projection parallel to
the x-axis is equal to the line in the 2-dimensional Fourier space of the the
image along the u-axis. The projection-slice theorem can also be generalized to
other angles by rotating the image over θ degrees. The rotated image f θ (t, s)
can be obtained from the original image using the transformation:
t = x cos θ + y sin θ
s = − x sin θ + y cos θ
Similarly to the non-rotated image, the Fourier transform of the projection
of the rotated image on the t-axis is:
Pθ u

0



=

Z∞


pθ (t) exp −2πiu0 t dt

−∞

Again, the image is Fourier transformed:
∞ ∞
 Z Z 0

Fθ u0 , v0 =
f (t, s) exp −2πi u0 t + v0 s dtds,

(3.9)

−∞ −∞

leading to an identical result for the rotated axis:


Pθ u0 = Fθ u0 , 0
To relate the rotated projection to the Fourier transform F of the original
image rather than the rotated version, Fθ is transformed back to the original
( x, y) coordinate system using the Jacobian determinant:
dt ds = J dx dy
∂t
∂x
∂t
∂y

=

∂s
∂x
∂s
∂y

dx dy,

which provides the following result:
Fθ u

0



=

Z∞ Z∞



f x, y exp −2πiu0 x cos θ + y sin θ dxdy

−∞ −∞

This is identical (3.9) when substituting the rotated axis:
u = u0 cos θ
v = u0 sin θ
Consequently, the projection-slice theorem also holds for any rotated axis:


Pθ u0 = Fθ u0 , 0

= F u0 cos θ, u0 sin θ

(3.10)

A straightforward application of the projection-slice theorem results
in the Fourier reconstruction method.
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Algorithm 2 (Fourier reconstruction).
The projection-slice theorem proves that all views with θ ∈ (0, π ) can be
Fourier transformed to support the 2D Fourier space F of the cross-sectional
image f . The image is then obtained by inverse transformation:


Z∞ Z∞


1 
f x, y =
F (u, v) exp i2π ux + vy  dudv (3.11)
(2π)2
−∞ −∞

In a real system, the use of (3.11) for image reconstruction gives
rise to a discretisation issue: only a finite number of measurements
is available and hence interpolation in frequency space is required.
The frequency domain is more sensitive to interpolation errors as
compared to image space because an error in a single value will affect
the entire image after transformation to the real space. To avoid this
issue, a technique called filtered back projection (FBP) is used which
is based on the polar version of the two-dimensional inverse Fourier
transform. This will lead to a more stable discretisation.
Algorithm 3 (Filtered back-projection).
A transformation to the polar coordinate system is defined as:
u = k cos θ
v = k sin θ,
and applied to (3.11):


f x, y =

Z2π

dθ

0

Z∞

F (k cos θ, k sin θ) exp i2πk x cos θ + y cos θ



kdk

0

(3.12)
According to the projection-slice theorem in eq. (3.10)), the following holds:
F (k cos θ, k sin θ) = Pθ (k) ,
which is substituted in eq. (3.12) to obtain:


f x, y =

Z2π

dθ

0

Z∞

Pθ (k) exp i2πk x cos θ + y cos θ



kdk

0

Because of the equivalence of projections taken from opposing angles, this
is identical to:
1
f x, y =
2


Z2π
0

dθ

Z∞

Pθ (k) exp i2πk x cos θ + y cos θ



|k| dk, (3.13)

−∞

which is the backprojection of the inverse Fourier transform of Pθ (k ) |k |.
This method is only exact for a continuously sampled infinite crosssectional plane. In practice a discrete number of views is measured in
a finite field-of-view at a finite number of angles. A discrete approximation of FBP follows.

3.4 image reconstruction

Algorithm 4 (Discrete filtered back-projection).
Without loss of generality, we will consider the scan to be supported on the
unit disk and denote the domain of the projections by:
V = {(θ, r )|0 ≤ θ < 2π, −1 ≤ r ≤ 1}
In practice a CT scanner can only measure a finite set of projections. Let
p ( β, γ) be the discredited version of R [ f ( x, y)] (θ, r ), with β = 0, ∆β, . . . , 2π
and γ = −1, −1 + ∆γ, . . . , 1. Define Q β (r ) as the ramp-filtered view from
angle β using discrete Fourier transform with a maximum sampling fre1
quency of 2∆γ
. Replacing the integral in eq. (3.13) with a discrete sum, an
approximate reconstruction is obtained:

f x, y = ∆β

∑ Qβ

x cos β + y sin β



(3.14)

β ∈V

Discrete FBP can be implemented efficiently using the Fast Fourier
Transform (FFT) . Zero-padding is applied to the original sinogram to
reduce spatial aliasing.
For additional noise filtering, the ramp-filter can be modified to
include additional high-frequency filtering for noise reduction. A
trade-off is involved between spatial resolution and noise reduction—
optimal filter design depends on the clinical purpose and viewer
preferences.
3.4.3

Iterative reconstruction

Filtered backprojection is an efficient way to reconstruct CT images. It
however also has limitations. Being derived from a continuous theory,
FBP requires a complete and equally spaced set of projections.
3.4.3.1 Geometrical system matrix
To facilitate iterative reconstruction, the measurement geometry is
modeled using linear equations. The total number number of image
voxels in a slice is denoted by N and the total number of beams by
M. For each voxels labeled j = 0 . . . N, a list of geometric weights
i = 0 . . . M is calculated that corresponds to the part of each beam
that passes through the voxels (see Figure 9). This results in a total of
N · M weights, with each weight aij defined as:
aij =

volume o f j inside beam i
total volume o f j

These weights are stored in the system matrix A, giving a direct
relation between the image f and the projections p:
p = Af

(3.15)
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Figure 9: Beam passing through discrete voxels.

3.4.3.2 Iterative reconstruction algorithms
Due to the vast size of clinical CT data, analytic methods to solve
linear systems like eq. (3.15) are intractable. Instead, iterative methods
are employed. The most simple approach is to consider eq. (3.15) as a
set of linear equations, and iteratively solve for f using the algebraic
reconstruction technique (ART).
Algorithm 5 (Algebraic reconstruction technique).
1. Determine an initial guess of the image finit
2. Set f = finit
3. Calculate the sinogram p0 of the current image f
4. Calculate the residual r = p − p0
5. Update the image by adding f = f + αr, with α a step size
6. Continue to 2 until convergence
Actual CT measurements are never fully consistent. Given a sufficiently small α, ART converges to a minimum norm least square
solution (Natterer, 2001). The advantage of this algorithm over FBP is
the possibility to design a system matrix for any desired geometry or
sampling method.
However, if no fully sampled sinogram is available, the problem is illposed, meaning that a least square solution that minimizes |Af − p|22
does not need to be close to the solution of |Af − p∗ |22 if p is close to
p∗ (Natterer, 2001). In such cases, additional regularization is required
in order to reconstruct a reasonable image. In this context, the system
matrix can be used create a penalty function considering measurement
consistency of an image f:
c = |Af − p|22 ,
and combined with additional regularization to form a cost function
to be optimized.

3.5 sinogram consistency

3.5

sinogram consistency

Any dataset p (θ, r ) ∈ R2 is not guaranteed to be a consistent sinogram
of a physical object. For example, the sum all parallel projections
should be independent of the view angle since it represents the entire
radiodensity of the slice. However, any reconstructed image f ( x, y)
can be Radon transformed to a consistent set of projection data.
A real sinogram is never completely mathematically consistent
due to uncertainties in the measurement and modeling of the X-ray
attenuation. The inconsistencies are annihilated during backprojection
due to the fact that the range of an operator such as the Radon
transform is always orthogonal to the nullspace of its adjoint.
The necessary conditions for a consistent sinogram were proven by
Helgason (1965); Ludwig (1966). Let gk (θ ) denote the k-th moment of
the projection data with respect to r:
ak (θ) =

Z +∞
−∞

p (θ, r) r k dr,

with k = 0, 1, 2 . . . This function must be a homogeneous polynomial
of degree k in cos θ and sin θ. Considering a Fourier series expansion:
∞

ak (θ) =

∑


akl exp jlθ ,

l=−∞

the Fourier coefficients akl must satisfy akl = 0 for |l | > k.
The Helgason-Ludwig conditions are not straightforward to apply
in practice because the functions p (θ, r ) r k dr do not form a set of
orthogonal function over the range of the sinogram. An equivalent
theorem which was derived by Kudo and Saito (1991) resolves this
issue. Given the Chebyshev-Fourier expansion of the the sinogram:
p (θ, r) =

1
π

∞

∞

∑ ∑

bkl 1 − r2
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Uk (r) exp jlθ



k=0 l=−∞

with Uk the kth-order Chebyshev polynomial of the second kind, the
Helgason-Ludwig conditions imply that bkl = 0 for |l | > k or odd
|k| + l.
The explicit representation of the consistency conditions in ChebyshevFourier space facilitates a projection of a sinogram onto the range of
the Radon transform by enforcing bkl = 0 for |l | > k or odd |k| + l.
This expansion can be implemented using the discrete sine transform
(Bortfeld and Oelfke, 1999).
3.6

conclusions

This chapter described the background of computed tomography.
Knowledge of the acquisition physics and image reconstruction methods is relevant in order to understand metal artifacts. The image
reconstruction methods in this chapter can also be extended to incorporate metal artifact reduction.
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C O M P U T E D T O M O G R A P H Y M E TA L A R T I FA C T S

4.1

introduction

Metal artifacts are a well-known phenomenon in computed tomography. In the reconstructed slices containing metallic implants, image
quality can be greatly reduced. The artifacts mostly show as dark and
bright streaks in the area surrounding the rays that are tangent to the
surface in the image for which the corresponding projection data is
incorrect.
The problem of metal artifacts has been known since the first CT
scanners were introduced. The underlying causes are however difficult
to correct, which is illustrated by the fact that the artifacts remain
problematic even after 30 years of technological development.
The physical effects that contribute to metal artifacts are manifold. Beam hardening (Joseph and Ruth, 1997; Meagher et al., 1990;
Shikhaliev, 2005; Zhao et al., 2000), the non-linear partial volume effect
(Joseph and Spital, 1981; Glover and Pelc, 1981), scatter (Glover, 1982;
Joseph and Spital, 1982) and noise (Duerinckx and Macovski, 1979) all
have been described as contributing to artifacts. Motion is also known
to worsen metal artifacts (Glover and Pelc, 1981).
Although the possible causes of metal artifacts are well understood,
fewer information is available about their relative importance in the
clinical setting. The aim of this chapter is to investigate the important
causes of metal artifacts in radiotherapy treatment planning.
4.2

polychromatic x-ray attenuation

As described in §3.3.1, the X-ray tube of the CT scanner generates a
polychromatic beam. A simulated 140 kV spectrum of a scanner used
in radiotherapy treatment planning is shown in Figure 10.
Conventional CT reconstruction assumes a monochromatic projection model as in eq. (3.1). This is clearly a mismatch with the physical
reality. Typically, the interaction cross-sections of X-rays decreases
with energy. This is for example observed in the X-ray attenuation of
water as plotted in Figure 11a. While the beam penetrates the patient,
the attenuation therefore decreases. This effect is known as beam
hardening.
In a clinical scanner, a water pre-correction is applied to reduce the
impact of beam hardening—projection measurements are corrected
for beam hardening assuming the patient consists entirely of water. As
humans consist mostly of water this is relatively accurate. In CT scans
of patients without implants, significant beam hardening artifacts only
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Figure 10: Simulated output spectrum of the X-ray tube with filtration in a
wide-bore GE LightSpeed RT 16 scanner with 140 kV tube voltage
(7.40 mm aluminum equivalent filtration, tungsten anode with a
7 degree angle). Simulated using SpekCalc (Poludniowski and
Evans, 2007; Poludniowski, 2007; Poludniowski et al., 2009).

appear around areas with dense bony structure such as the posterior
fossa. The attenuation of metallic implants is however far greater than
water or bone which results in strong beam hardening artifacts.
4.3

x-ray attenuation of clinical implants

4.3.1

Simulation

Figure 11 shows the energy-dependent X-ray mass attenuation of water
and three common implant materials. Titanium and stainless steel are
used in orthopedic hardware; platinum is used in the form of coiling
for embolization. The total attenuation coefficient of these implant
materials is compared in Figure 12. The attenuation of titanium and
stainless steel implants is more than an order of magnitude higher
as compared to water. Attenuation of platinum coiling is about two
orders of magnitude higher.
According to Williamson et al. (2002), the X-ray output of a clinical
CT system is on the order of 106 times the detector
noise level. An

attenuation coefficient higher than − ln 10−6 ≈ 14 therefore results
for practical purposes in complete attenuation in a centimeter of
implant material.
Given the spectrum simulated in Figure 10, the following can therefore be concluded for 140 kV scans in radiotherapy:
• The lowest part of the energy spectrum up to around 25 keV is
fully attenuated in the patient.

4.3 x-ray attenuation of clinical implants

• Energies up to ∼ 50 keV are fully attenuated by a centimeter of
titanium. Higher energies are strongly but not fully attenuated.
• Energies up to ∼ 75 keV are fully attenuated by a centimeter
of stainless steel. Higher energies are strongly but not fully
attenuated.
• Platinum coiling almost fully attenuates all X-rays. A very small
number of photons with energies in the higher part of the spectrum (around 125–140 keV) may still be detected.
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Figure 11: X-ray attenuation a function of energy (0-200 keV) of water and
three implant materials. The values were calculated using the
NIST XCOM code (Gerward et al., 2001).

4.3.2

Clinical data

The general observations based on the previous simulations were
compared with clinical CT projection data of patients with various
metallic implants. These scans were obtained with a 140 kV peak
energy.
A sinogram of a patient with large titanium hardware is shown
in Figure 13a. The X-rays were not completely attenuated by the
implant—for example a projection through bone and titanium was
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Figure 12: Comparison of energy-dependent total attenuation coefficients of
water and three implant materials (logarithmic plot). The values
were calculated using the NIST XCOM code (Gerward et al., 2001).

more strongly attenuated as compared to a projection that passes
through titanium and soft tissue.
The other denser implants in Figure 13 however did almost fully
block the beam. Little to no contrast is visible in the projections
through the hardware.
Accordingly, viable artifact reduction methods are likely to depend
on the type of implant. Projections through titanium or steel may still
contain useful information which can be incorporated in the image
reconstruction. On the contrary, projections through dense hardware
such as platinum probably need to be considered as missing.
4.4

non-linear partial volume effect

The non-linear partial volume effect occurs when one voxel contains
materials with very different densities, such as on the edge of a
metallic object. Consider a projection that passes through two different
materials and emerges with intensities I1 and I2 . The detector then
measures the average intensity given by:

I=

I1 + I2
,
2

and the attenuation is estimated using eq. (3.2), hence:

µ = − ln

I1 +I2
2

I0

!
(4.1)

4.4 non-linear partial volume effect

(a) Titanium spinal fusion hardware

(b) Ocular prosthesis

(c) Ocular prosthesis

Figure 13: Sinograms of clinical scans with different implant materials.

However, the CT scanner has no information on a sub-voxel level
and the image reconstruction methods assume the measurement to be
true line integral of the attenuation:
µ=

µ1 + µ2
2 

=−

ln

I1
I0

+ ln

 
I2
Io

(4.2)

2

The non-linear partial volume effect is the error caused by the
inconsistency between eq. (4.1) and (4.2). A large error is introduced
when the materials in the voxel are highly different in density.
The importance of this effect in metal artifacts is difficult to asses
because standard CT data is already affected by a finite detector size.
Intuitively, beam hardening may be assumed to result in stronger
artifacts since it affects all projections through metal and not only the
projections through the edge of metallic hardware.
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Previous research by de Man (2001) based on Monte Carlo simulation of CT acquisition showed little impact of the non-linear partial
volume effect in scans with iron rods, and some significant effect in
scans with several small amalgam implants.
4.5

scatter

A large part of the scattered radiation in the scanner will not reach the
detector. The scattered radiation that does reach the detector is mostly
eliminated by an anti-scatter grid. Image construction is therefore
based on narrow-beam approximation in which scatter is ignored.
In reality, the collimator is not able to completely reject all scattered
radiation—especially radiation scattered at narrow angles may still
reach the scintillating material. Projection measurements close to
significant volumes of metal may therefore be somewhat overestimated
because of scattered radiation which is not rejected.
4.6

noise

CT scans with titanium or steel implants are often noisy. This is
because many photons are attenuated in the hardware, leaving fewer
photons to be detected. A lower photon counts results in higher
measurement and quantum noise.
This issue can mostly be resolved by increasing the tube current
while scanning slices containing metal, which results in a sufficient
number of photons to reach the detector. A high tube current does
increase radiation dose to the patient. For diagnostic purposes this
may not be acceptable because of the very small but not negligible risk
of cancer. In radiation therapy, most physicians are likely to consider
it acceptable to increase the CT scan dose in order to improve image
quality. Increased accuracy of the treatment plan will often outweigh
the small risk attributed to the X-ray dose.
4.7

conclusions

Based on simulations and measurements, the problem of metal artifacts is concluded to be twofold:
• Titanium hardware introduces errors in the projection measurements mainly due to beam hardening. The X-rays are not attenuated below the detectable limit.
• High-density hardware such as dental fillings and eye prosthesis
does almost fully attenuate the X-rays. The projections through
these objects have to be considered as missing.
These results indicate that both phenomena need to be taken into
account for effective artifact reduction in clinical scans.

5

M E TA L A R T I FA C T R E D U C T I O N M E T H O D S

5.1

introduction

Metal artifacts reduction methods have received considerable interest
and the methods that have been proposed are manifold. While simple
methods such as optimization of scan parameters or diagnostic viewing settings can provide some improvement, the main issues have to
be dealt with in the image reconstruction process.
Previous work has mostly focused on interpolation methods, in
which the projection measurements through the metal are disregarded
and replaced by artificial data which is determined from nearby projections (Lemmens et al., 2009; Bazalova et al., 2007). In specific cases
some authors report good results with such methods, however severe
newly introduced artifacts have also been reported (Prell et al., 2010).
Based on the results of the previous chapter, such methods may only
be suitable for implants with very high density. In other cases, potentially useful information is disregarded. If a reconstruction based
on limited data is necessary, the use of the full sinogram instead of
interpolation based on surrounding projections may result in better
images. A regularized iterative image reconstruction method was
developed based on this idea.
When implants are present which are not fully radio-opaque, all information in the sinogram may be incorporated. Iterative model-based
image reconstruction methods aim to develop a more complete model
of the physical CT acquisition (de Man et al., 1999; de Man, 2001)
by taking into account the polychromatic X-ray attenuation. Reconstruction of artifact-free monochromatic images is however limited by
the current energy-integrating CT detectors. In order to approximate
polyenergetic processes, additional a priori information is necessary.
Williamson et al. (2002) show that even in simple phantom studies, acceptable metal artifact reduction using a polychromatic model requires
knowledge of the attenuation spectrum of the implant.
In a clinical setting, little a priori information regarding tissue composition is readily available. Complete segmentation of the scan into
different tissue classes is also unpractical. More practical methods
have therefore been developed which approximate attenuation using a
combination of a few base materials, such as water and bone (de Man,
2001; Williamson et al., 2002; Elbakri and Fessler, 2003). These methods
require raw detector measurements and different calibration procedures. The reconstructed images are semi-monochromatic, unlike the
140 kVp polychromatic images which are currently used in the proton
clinic. This gives rises to new questions regarding the type of image
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that should be used for treatment planning, which could be a semimonochromatic image or a combination of such semi-monochromatic
images. It is likely that a new calibration method for CT to proton
stopping power conversion will be needed. For these reasons, modelbased image reconstruction is not directly compatible with current
clinical CT systems and proton treatment planning methods.
The analysis in Chapter 4 however indicates a potential to correct
beam hardening artifacts due to titanium implants without having
to disregard projections through metal. Recently, Kyriakou et al.
(2010) and Prell et al. (2010) proposed an empirical image space beam
hardening correction method. However, without the use of original
projection data and its geometry, the projection based nature of beam
hardening is not fully appreciated. Image space characteristics of
beam hardening artifacts are also difficult to model. A novel method
was therefore developed to correct pre-processed projection data for
beam hardening effects.
5.2

scanner and datasets

All scan data was obtained from a GE LightSpeed RT 16 scanner (GE
Healthcare, Milwaukee WI). The detector features 862 projection bins
and can acquire up to 1968 views per second.
Raw scan and calibration data of four phantom scans and four
patient scans for treatment planning was acquired. This data was
pre-processed by the scanner system and converted to parallel-bin
sinograms. All scans were acquired in axial mode.
The scanned phantom was a Gammex 467 tissue characterization
phantom (Gammex Inc., Middleton WI) consisting of a solid-water
disk with removable tissue-equivalent materials. These materials are
designed to simulate the kV X-ray attenuation properties of the tissues
they represent. Two 0.5” titanium inserts and three 1.0” Wood’s metal
inserts were manufactured to fit into this phantom. The phantom
was scanned with three different sets of inserts and also without any
inserts. For the latter the locations of the metal inserts were filled
with solid water. The scan settings are given in Table 1 and the exact
phantom configurations are shown in Figure 14.
The clinical dataset consists of four CT scans that were previously
acquired for radiotherapy treatment planning of proton therapy. Details of these scans are given in Table 2 and scout views are shown in
Figure 15.
5.3

implementation

The image reconstruction and metal artifact reduction algorithms
in this chapter were implemented using a combination of C++ and
MATLAB (The Mathwoks Inc., Natick MA). The main logic, data I/O
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Table 1: Phantom dataset.

Insert

Rot.

Views

kVp

mAs

Slice thick.

GT

Standard (no metal)

2s

1968

140

305

2.50 mm

P1

Two 0.5” titanium

2s

1968

140

305

2.50 mm

P2

Two 1.0” Wood’s metal

2s

1968

140

305

2.50 mm

P3

Three 1.0” Wood’s metal

2s

1968

140

305

2.50 mm

Table 2: Clinical dataset and scan parameters.

Body site

Tumor type

Implants

kVp

mAs

Rot.

Views

Slice thick.

C1

L spine

Chordoma

Ti fusion
hardware

140

565

2s

1968

2.50 mm

C2

C spine

Chordoma

Ti fusion
hardware

140

590

1s

984

2.50 mm

C3

Skull

Chordoma

Platinum
coiling

140

600

2s

984

2.50 mm

C4

Brain

Trigeminal
cave mass

Ocular
prosthesis

140

600

1s

984

1.25 mm

and optimization routines of the code used MATLAB. C++ was used
for performance critical parts such as the implementation of the backand forward projection.
Figure 16 shows the main process of the image reconstruction. The
newly developed methods are based on the same pre-processed sinogram data as used by the standard reconstruction engine. First, a
filtered back projection reconstruction was obtained using the developed image reconstruction code, which was used to determine the
location of the implant. The FBP images were also used for comparison with the artifact-reduced images instead of the original scanner
images. This is because small differences in the filter kernel may
otherwise introduce a small bias.
All artifact reduction methods that were developed generate a corrected sinogram, which is then reconstructed using FBP to generate the
artifact-reduced images. The artifact reduction methods are described
in detail in the next section.
The metadata and reconstruction settings as defined for the original
scan were also incorporated in the new image reconstruction. Because
the implementation was designed to carefully match the geometry of
the original images, the new images can be used as a drop-in replacement for the original ones. All output was saved in a medical standard
format (DICOM) to facilitate transfer to other clinical systems.
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Figure 14: Phantom scan configurations.

5.4

5.4.1

artifact reduction methods
Metal mask

The metal artifact reduction methods described in this chapter require
the determination of projections which pass though metal. For the
sake of simplicity, the original FBP reconstruction was thresholded
and forward projected to obtain a mask for the sinograms. The choice
of the CT number for thresholding can be verified using the original
projection data in the form of sinograms or reformatted radiographs.
These images are free of most artifacts since they do not rely on image
reconstruction.
Initial results using iterative reconstruction showed severe artifacts
which were attributed to the inconsistencies in the sinogram due to
the attenuation of the flat couchtop which is used in CT scans for
radiotherapy. The edges of this couchtop extend beyond the fieldof-view of the scanner. To correct for this error, the FOV of the
reconstruction was extended from 50 cm to 65 cm and all projections

5.4 artifact reduction methods

(a) C1

(b) C2

(c) C3

(d) C4

Figure 15: CT scout views of metallic implants.

through the couchtop in the extended area were also added to the
mask. Figure 17 shows an example of the complete sinogram mask.

5.4.2

Projection completion

Let Y be the subset of the sinogram domain V consisting of the
projections going through metallic objections, as illustrated in Figure
18. Projection completion method consider the data in Y ∈ V to be
incorrect and remove this information from the sinogram. The aim is
then to obtain the unknown data in Y ∈ V based on the known data
in V ∈
/ Y. The resulting complete and equally-spaced set of projection
data allows for a standard filtered back projection reconstruction.
The missing data can be interpolated solely from neighboring projections in which the consistency for the total sinogram is not taken
into account. Alternatively, the algebraic reconstruction technique or
a similar method can also be employed for projection completion by
creating a geometric system matrix without the disregarded projections (Oehler and Buzug, 2007). By performing iterative updates in
image space, data consistency is ensured. The missing measurements
do however introduce a degeneracy in the problem: a large number of
images may be equally consistent with the provided measurements.
This leads to highly unstable results.

35

36

metal artifact reduction methods

Metadata
(scan settings , patient
info, reconstruction
geometry)

CT

Scanner
calibration

Raw data
(anonymised )
Data preprocessing
FBP
reconstruction
(on scanner )

Sinograms +
metadata

Metal detection

Metal artifact
reduction
(several algorithms )

FBP
reconstruction
(own implemenation )

Corrected
sinogram
FBP
reconstruction

Scanner
images

New images
Standard FBP

New images
Artifact reduced

Figure 16: Scan and image reconstruction process with metal artifact reduction.

(a) Sinogram

(b) Sinogram mask

Figure 17: Example of a projection space mask consisting of projections
through the metallic implants and the projections through the
couchtop outside the field-of-view.

5.4.2.1 2D periodic sinogram interpolation
The most simple approach to projection completion is a direct interpolation in sinogram space, in which the missing data in Y is filled in
using the information on the edge SY . Most current methods perform
interpolation in sinogram space. Various methods do differ somewhat
in the type of interpolation: variants include interpolation along the
r-direction in the sinogram (Kalender et al., 1987), polynomial interpolation along the the r-direction (Bazalova et al., 2007) or even 2D
methods adapted from the field of image inpainting (Oehler et al.,
2008). Common to all interpolation methods is a form of smooth interpolation which implies some a priori knowledge about smoothness in
sinogram space. To our knowledge, there is no clear physical rationale
in the choice of a specific interpolation function. The performance of
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SY
Projection bin (t)

Metal

Y

V
Angle (θ)

Cross-sectional image

Projection data segmentation

Figure 18: Sinogram subsets.

the interpolation methods is typically assessed by inspection of the
reconstructed images or a comparison with a ground truth image.
The method described here is an extended version of these methods
performing interpolation in 2 dimensions considering the periodic
nature of sinogram data.
Algorithm 6 (2D periodic sinogram interpolation).
Interpolation to generate p MAR from p is performed smoothly in both the r
and θ dimensions and with periodic boundary conditions. The masked regions
in the sinogram are filled in using a 2-dimensional diffusion equation:
a

∂2 p MAR
∂2 p MAR
+
b
+ c (p MAR − p) = 0,
∂θ 2
∂r2

which is approximated by a finite difference equation with a 5-point stencil:


1
ap MAR β + ∆β, γ + ap MAR β − ∆β, γ
(2a + 2b)


+ bp MAR β, γ + ∆γ + bp MAR β, γ − ∆γ + cp = 0
with a periodic boundary in θ. Projections not going through methods are
directly taken from the original data: a = 0, b = 0, c = 1 for (θ, r ) ∈
/ Y.
The interpolation parameters for this method were set as a =

1
∆β

1
and b = ∆γ
and c = 0 for (θ, r ) ∈ Y . Figure 19 shows the interpolation
process in sinogram space.

5.4.2.2 2D reformatted radiograph interpolation
A disadvantage of interpolation in sinogram space is the limited ability
to asses the quality of the interpolation. Also, distances between
measurements in sinogram space do not relate directly to the distance
between the measurements itself. Sampling density decreases with
distance from the center of the field-of-view. The second proposed
method is to rebin all parallel-bin sinograms of the scan by aligning
the detector start angles in order to obtain a 3D set of projection data
This is also performed for the masks consisting of the projections
through metal. Two-dimensional (r, z) slices of this volume represent
parallel-bin radiograph like images.
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(a) Original

(b) Mask

(c) Interpolated

Figure 19: Example of interpolation in sinogram space.

This rebinning allows for an interpolation in radiograph space
which has a straightforward geometry. The quality of a radiograph
interpolation can also be directly assessed, which facilitates easier
development and fine-tuning the of interpolation algorithm and metal
detection.
Algorithm 7 (2D reformatted radiograph interpolation).
To interpolate in radiograph space, parallel-bin sinograms p that comprise
the scan volume were rebinned to a start angle of θ = 0, creating prebin .
Interpolation was performed using a similar diffusion equation:
1
a0 p MAR (γ + ∆γ, z) + a0 p MAR (γ − ∆γ, z)
+ 2b0 )

+ b0 p MAR (γ, z + ∆z) + b0 p MAR (γ, z − ∆z) + cprebin = 0

(2a0

in which ∆z is the slice thickness. Projections not going through methods
are directly taken from the original data: a = 0, b = 0, c = 1 for (θ, r ) ∈
/ Y.
1
1
The parameters for the algorithm were set as a = ∆z
, b = ∆γ
and
c = 0 for (θ, r ) ∈ Y and a = 0, b = 0, c = 1 for (θ, r ) ∈ Y. An example
of the interpolation in radiograph space is given in Figure 20.

5.4.2.3 3D total variation regularization
In the direct interpolation methods as described in previous sections,
the missing information is filled based only on the measurements on
the edge of the unknown data subset. Information from other valid
measurements in the sinogram can provide additional support for
the projection completion because of the relations that exist between
projections in the sinogram.

5.4 artifact reduction methods

(a) Original

(b) Mask

(c) Interpolated

Figure 20: Example of interpolation in radiograph space.

The inclusion of global consistency in the projection completion
may result in better quality of the completed data. Limited data
reconstruction is however severely ill-posed problem. In addition to
data consistency, a form of regularization method is needed.
Iterative reconstruction in image space automatically enforces consistency of the projections. Iterations in projection space would require
explicit use of the Helgason-Ludwig conditions. For regularization
purposes, image space has the advantage of being directly related
to human anatomy. An advantage of regularization in projection
space is the possibility to apply conditions specifically to the surrogate
data. Regularization of integrated projection data may however be
less powerful as compared to regularization of cross-sectional images.
The proposed method combines the advantages of both, using regularized iterative reconstruction in image space in order to fill in the
sinogram subset Y, followed by a FBP reconstruction. Measurements
outside Y are left unchanged. This facilitates easier clinical implementation, since the filtering in the image reconstruction can be the same
as used in patients without metal implants. It also enables the use of
strong regularization, since the projections outside the implants are
later replaced by the actual measurements. The iterative reconstruction can be limited to the slices around the metallic implants, thereby
significantly reducing computational complexity as compared to an
iterative reconstruction of the full volume.
Algorithm 8 (3D total variation regularization).
The 3D total variation regularization methods combines measurement
consistency in a least square sense with regularization in an unconstrained
minimization problem:
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o
n
arg min fS ∈ R2 λTV (fS ) + |AfS − p|22
The total variation is defined as:
TV (fS ) =

Z

|∇fS | dxdydz

fs is the S the subset of the reconstructed volume comprising the slices
with metallic implants.
This optimization problem was solved with the NESTA solver which
implements the Nesterov (2005) proximal gradient method. Details of the
this method are found in Becker et al. (2009). Convergence of the iterations is
determined by the relative change in the objective function averages over a
few iterations.
After convergence, the image is projected to sinogram space:
pS = AfS
and p MAR is generated by combining p for (θ, r ) ∈
/ Y and pS for (θ, r ) ∈
Y.
The rationale for this regularization is the observation that the
human body consists of relatively homogeneous tissues. For the scans
studied in this chapter, the parameter λ was empirically determined,
and a relative change of the objective function below 10−3 was used
as stopping condition.
5.4.3

First-order physics correction

In case of hardware that does not fully attenuate the X-rays, projection
completion methods disregard potentially useful information. In order
to retain this information, a correction method was developed that
uses the results of projection completion in order to estimate the error
introduced by beam hardening. This results in a first-order model of
the contribution of the metal to the projection measurement, including
beam hardening errors that are introduced. This correction was then
applied to the original projection data. No information about the X-ray
tube spectrum or implant composition is needed.
A limitation of this first order method is the inability to fully model
beam hardening in projections through both metal and other dense
materials such as bone. Also, the implant material is each projection
needs to be homogeneous and of a single composition.
Algorithm 9 (First-order physics correction).
This algorithm is based on a prior projection completion pinit . fmask is the
metal mask generated by thresholding of the original FBP reconstruction.
1. Determinemetal areas in reconstruction of completed sinogram:
 FBP (p ) i f f
init
mask = 1
fremove =

0
otherwise

5.5 results and discussion

2. Remove forward projection of metal areas from projections:
premove = Afremove , pcomp = pinit − premove .
3. Compute difference between completed and original projections:
d = pcomp − p
4. Compute pass length through metal:
t = A T fmask
5. Fit c (t) to d and t by finding the least-square cubic spline fit which is
positive, increasing and concave down. c (t = 0) = 0 is fixed.
6. Correct original projections: p MAR = pcomp − c (t)
Figure 21 shows an example of the application of this algorithm.
The beam hardening effect is visible in Figure 21e: a monochromatic
attenuation would have resulted in a straight line.
This method required more computational resources as compared
to conventional reconstruction methods. On a fast workstation, the
processing time was on the order of a few hours depending on the size
of the implant. For radiotherapy treatment planning, this is usually
not an issue. Also, the performance will improve as faster hardware
becomes available.
5.4.4

Comparison of methods

In a clinical setting, no scan without metal is available to serve as
ground truth. To asses the performance of different metal artifact
reduction methods, one mainly has to rely on human interpretation.
To provide some quantitative validation, analysis was also performed
based on the known measurements which do not pass through the
metal. For this purpose, the projections corresponding to the reconstructed images were projected onto the range of the Radon transform
using the Helgason-Ludwig consistency conditions in ChebyshevFourier space. This results in annihilation of inconsistencies which
also occurs during image reconstruction.
A residual was defined by comparing the projections as projected
onto the range of the Radon transform with the actual measurements.
In addition the total variation of the reconstructed volume was determined. Both analysis were performed on the slices which contained
the metallic implants.
5.5
5.5.1

results and discussion
Implant volume detection

We found that the true size of the metallic implant can be detected
with good accuracy by thresholding the original reconstruction with
an appropriate CT number.
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(a) Sinogram

(b) Radiograph interpolation

(c) Difference between original and
completed sinogram

(d) Corrected sinogram
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(e) Correction curve plotted on density histogram

Figure 21: Example of a sinogram, the difference between projection completion using radiograph interpolation and the original data, the
correction curve fit, and the corrected sinogram.

An important consideration not directly related to artifact reduction
is the fact that most CT scanners truncate the reconstructed images
to a CT number range of [−1024, 3071]. All metallic implants are
therefore assigned a CT number of 3071. Because of the artifacts
around implants, this may result in an overestimation of the metal
area because these artifacts are also assigned the highest number in
the range. The image reconstruction methods implemented in this
work did not limit the CT number range, allowing higher thresholds.
Figure 22 and Figure 23 show that a segmentation threshold of 3071
HU is reasonable for titanium, but completely incorrect in case of
implants with higher density.
If the size of the implant is of clinical relevance, it is useful to have
access to the original projections rather than only the reconstructed

5.5 results and discussion

images. Because the original projections are not affected by metal
artifacts, they can be used to verify a segmentation of the metal volume.
Unfortunately this data is normally not available in commercial CT
systems.

Figure 22: Sinogram with titanium implant detected by thresholding of initial
FBP reconstruction. 3071 HU threshold (blue line).

Figure 23: Sinogram with ocular prosthesis as detected by thresholding of
initial FBP reconstruction. 3071 HU threshold (blue line) and
10000 HU threshold (red line).

5.5.2

Artifact reduction in phantoms

Because a phantom scan with removable metallic inserts allows for
a ground truth to be established, it can be a useful tool to better
understand metal artifact reduction methods.
Phantom P1 (Figure 25), which contained two small titanium inserts,
showed an important issue with interpolation methods. These methods reduced the primary artifact but also introduced new artifacts in
the images. The first-order physics correction method removed the
primary artifact between the two titanium inserts without introducing
new artifacts in the images. The artifacts between the titanium insert
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and the cortical bone were however not fully removed. Total variation
regularization resulted in an almost perfect image. It should be noted
however that an object with homogeneous materials is not comparable
with human anatomy—the absence of density gradients increases the
effectiveness of the regularization.
Phantoms P2 and P3 (Figure 26 and Figure 27) contained large
Wood’s metal inserts that fully attenuate the X-rays. All projection
completion methods improved image quality in this case. Again, the
3D total variation regularization method was clearly superior.
The analysis in Figure 28 confirms these visual observations. In all
cases, the total variation regularization resulted in an image which is
significantly closer to the ground truth scan.

Figure 24: Tissue characterization phantom, ground truth.

5.5.3

Artifact reduction in clinical scans

The clinical scans C1 and C2 included titanium implants, while the
implants in scans C3 and C4 were made of high-density materials.
The physics correction method was therefore only viable on the first
two scans. All projection completion methods were applied to the
entire dataset.
Figure 29 and Figure 30 show significant artifact reduction using
the first-order physics method. Most streaking artifacts were almost
entirely removed. Interpolation methods showed poor performance.
The newly introduced artifacts strongly degraded image quality. From
Figure 33a and Figure 33b, it follows that both interpolation methods
also reduced sinogram consistency. Total variation regularization
created images that are mostly free of streak artifacts and remain
consistent with the remaining projections. However, all projection
completion methods resulted in an unacceptable loss of information
in the area around the metallic implant. It can therefore be concluded
that projection completion is not a viable method to correct artifacts
due to titanium implants. Beam hardening correction should be used
instead.

5.6 conclusions

If X-rays are almost completely attenuated as in scans C3 and C4,
the projections through the implant have to be considered as missing.
Projection completion is therefore the only possible approach. Fortunately dense implants are typically smaller, reducing the amount of
missing data. Figure 31 and Figure 32 show the results of the projection projection as applied to these scans. In case C3, the interpolation
methods appeared ineffective in reducing artifacts. Total variation
regularization performed much better: the images were almost free
of streaking artifacts. The analysis in Figure 33c shows comparable
smoothness of all images, with TV regularization resulting is the
smaller residual.
In scan C4, all projection completion methods somewhat improved
image quality. TV regularization was again clearly superior, both in
visual image quality as well as in image smoothness and residual
(Figure 33d).
A feature which is not directly visible in the images is the more
accurate size of the implants in all corrected images. This is because
of the initial segmentation of the metal which was verified using the
original projection data.
5.6

conclusions

Several metal artifact reduction methods were developed and tested
on phantoms and clinical scans. The results of this chapter show that
significant metal artifact reduction in clinical CT images is feasible
with the appropriate choice of method.
A relatively simple solution of thresholding the initial filtered back
projection reconstruction using a material-dependent threshold appears to be accurate in order to detect the location of the metallic
implants, which is used as input for the artifact reduction methods.
The original projection data allows for verification of the this segmentation.
In case of titanium implants, beam hardening correction is clearly
a better approach as compared to projection completion. The various projection completion methods that have been assessed show
significant newly introduced artifacts. Even though the measurements
through the metal do not fully match a monochromatic reconstruction
model, the errors that are introduced by replacing this information
with surrogate data is larger than the original error. A novel empirical
physics method has been developed and was shown to significantly
reduce metal artifacts due to titanium. This also indicates that beam
hardening effects are the primary cause of artifacts due to titanium in
clinical scans.
Future model-based iterative image reconstruction methods may
potentially improve these results by incorporating additional prior
knowledge about the X-ray spectrum and tissue composition. All
methods will however be limited by the current CT detector hardware.
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Implants such as platinum which are almost radio-opaque require
the use of projection completion. The smaller size of these implants
improves the ability to obtain reasonable artificial data. The novel
method based on iterative reconstruction with total variation minimization significantly outperformed both interpolation in projection
space and radiograph space.

(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

(e) First-order physics correction

Figure 25: Case P1: Tissue characterization phantom, Two titanium inserts
(Window: width 400, level 40).
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

Figure 26: Case P2: Tissue characterization phantom, Two Wood’s metal
inserts (Window: width 400, level 40).
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

Figure 27: Case P3: Tissue characterization phantom, Three Wood’s metal
inserts (Window: width 400, level 40)
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Figure 28: Quantitative analysis of MAR methods on phantom scans.
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

(e) First-order physics correction

Figure 29: Case C1: Reconstructed images (Window: width 400 / level 40).
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

(e) First-order physics correction

Figure 30: Case C2: Reconstructed images (Window: width 400 / level 40).
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

Figure 31: Case C3: Reconstructed images (Window: width 400 / level 40).
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(a) FBP

(b) 2D sinogram interpolation

(c) 2D radiograph interpolation

(d) Total variation regularization

Figure 32: Case C4: Reconstructed images (Window: width 400 / level 40).

54

1.4
1.4
Rel. residual
Rel. total variation

1.2

1.0

1.0

co

rre
c

tio
n

ul
ar
iz
at
io
n
rp

ra
p
io
g
ad
R

MAR method

MAR method

(a) C1

(b) C2

1.4

ul
ar
iz
at
io
n

la
tio
n
in
te
rp
o

la
tio
n

h
ra
p
io
g
R

ad

ul
ar
iz
at
io
n
re
g

h
ra
p
io
g
ad
R

TV

in
te
rp
o

la
tio
n
in
te
rp
o
gr
am

Si
no

in
te
rp
o

0.0

l

0.2

0.0

gr
am

0.4

0.2

Si
no

0.6

0.4

O
rig
in
a

0.8

0.6

la
tio
n

0.8

l

1.0

O
rig
in
a

Rel. residual
Rel. total variation

1.2

1.0

re
g

Rel. residual
Rel. total variation

TV

1.4

hy
si
cs

h

re
g

in
te
rp
o

Si
no

rp

gr
am

hy
si
cs

co

rre
c

O
rig
in
a

tio
n

ul
ar
iz
at
io
n

R

ad

Fi
rs
t-o
rd
e

io
g

ra
p

TV

h

re
g

in
te
rp
o

la
tio
n

l

in
te
rp
o

O
rig
in
a

gr
am
Si
no

Fi
rs
t-o
rd
e

0.0

TV

0.2

0.0

in
te
rp
o

0.2

la
tio
n

0.4

l

0.6

0.4

la
tio
n

0.6

la
tio
n

0.8

0.8

1.2

Rel. residual
Rel. total variation

1.2

MAR method

MAR method

(c) C3

(d) C4

Figure 33: Quantitative analysis of MAR methods on clinical scans.
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D O S I M E T R I C I M PA C T O F M E TA L A R T I FA C T S

6.1

introduction

In this chapter, the dosimetric impact of metal artifacts on proton
radiotherapy is studied. Both passively scattered proton therapy and
IMPT are considered, using treatment plans designed on CT phantoms
as well as clinical cases.
For the phantom study, proton treatment plans were designed on
images with and without metal artifact reduction. These were then
compared with dose recalculations on the ground truth scan.
To study clinical impact, three chordoma cases were studied in
retrospect. Chordoma is a slow-growing tumor thought to arise from
cellular remnants of the notochord. Because of the radioresistance
of this tumor, proton therapy is often the preferred modality. Metal
artifacts are a particular concern in spinal chordoma treatment because
many patients have titanium stabilization hardware (DeLaney et al.,
2009).
Treatment plans for passively scattered beams were previously designed by MGH dosimetrists for actual therapy, using the XiO (Elekta
AB, Stockholm, Sweden) treatment planning system. In addition to
these plans, IMPT plans were designed using the in-house Astroid
system. These were based on the prescriptions for the original clinical
plans. Two pencil-beams spot sizes were studied: the spot size of the
MGH Gantry 2 system which varies between 4–10 mm depending on
energy and a hypothetical “ideal” machine with a 5 mm spot size.
The latter is relevant because such small spot sizes are likely to be
introduced in clinical practice in the foreseeable future.
The design of the study in shown schematically in Figure 34. A
software application was developed to convert the resulting dose
calculations of the treatment planning systems to a uniform DICOM
RT format. This data was then used for the dose comparison.
6.2
6.2.1

treatment plans
Phantom

The phantom treatment plan was designed on a Gammex 467 (Gammex Inc., Middleton WI) tissue characterization phantom consisting
of a solid water disk with various tissue-equivalent materials. The
phantom configuration is shown in Figure 35. A 40 Gy RBE treatment
plan for passively scattered proton therapy was designed to target a
cylindrical volume around the Lung 450 material using three beams
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Conventional
CT images

Artifact-reduced
CT images

Passive scattering
treatment plan
Beam angles
and doses

Range
compensators

Apertures

Original dose
passive scattering

Recalculated dose
passive scattering

IMPT
treatment plan

Beam fields
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Figure 34: Study design to analyze dosimetric impact of metal artifacts.

from the top side with a 65◦ separation. The target has a diameter of
7 cm, which is a typical size for a radiotherapy target. Total variation
regularization was used in order to reduce metal artifacts (Figure 26d).
6.2.2

Clinical cases

Three clinical cases of patients treated for chordoma were studied in
retrospect. Details of the treatment plans and metal artifact reduction
methods are listed in Table 3. The performance of the metal artifact
reduction on these scans is described in the previous chapter (C1, C2
and C3 in §5.5.3).
The choice of metal artifact reduction methods was based on the
observations in the previous chapters: the first-order physics method
was applied to titanium implants and total variation regularization
was used for artifacts due to platinum coiling.

Table 3: Retrospectively studied chordoma cases.

Case 1

Case 2

Case 3

Body site

Lumbar spine

Cervical spine

Base of skull

Treatment
position

Head-first prone

Head-first supine

Head-first supine

Total prescription

70.2 Gy RBE
(Proton + IMRT)

75.6 Gy RBE
(Proton + IMRT)

70.0 Gy RBE
(Proton + IMRT)

Proton
prescription

39.6 Gy RBE

48.6 Gy RBE

39.2 Gy RBE

Passively
scattered beamsa

PA
LP 45◦
RP 45◦
patch LP 50◦ ,
through RP 60◦
patch RP 50◦ ,
through LP 60◦

RL
LL
LP 45◦
RP 45◦
patch LP,
through RP 45◦
patch RP,
through LP 45◦
patch PA left,
through RL
patch PA right,
through LL

LA 45◦
LP 45◦
patch RP 25◦ ,
through LP 65◦

IMPT beam
fieldsb

PA
LP 45◦
RP 45◦
LP 50◦
RP 50◦

RL
LL
LP 45◦
RP 45◦
PA

LA 45◦
LP 45◦
RP 25◦
LP 65◦

CT scan

140 kVp
2.5 mm slice
thickness
2 s rotation

140 kVp
2.5 mm slice
thickness
1 s rotation

140 kVp
2.5 mm slice
thickness
2 s rotation

Metal artifact
reduction

First-order
physics
correction

First-order
physics
correction

Iterative
reconstruction
with total
variation
regularization

a PA = posterior-anterior, LP = left posterior, RP = right posterior, RL = right lateral,
LL = left lateral.
b Angles are defined clockwise; 0◦ is the the top-bottom axis of the gantry.
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Figure 35: Tissue characterization with removable metallic inserts (Wood’s
metal) for dosimetric evaluation of metal artifacts. The disk
around the inserts consists of solid water. The metal inserts were
replaced with solid water inserts for the ground truth scan.

6.3

results and discussion

The dose calculations in this section will be presented as a colorwash
on top of grayscale CT images. Colored contours represent the location
of the GTV/CTV and the organs-at-risk.
6.3.1

Phantom study

Figure 36 shows the treatment plans as designed on the original
CT scan of the phantom with two metallic inserts. Also shown is
the difference in dose when the treatment plan is recalculated on
the ground truth. Treatment plans designed on the artifact reduced
images are given in Figure 37, and again the dose is recalculated on
the ground truth.
The results of Figure 36 show clear differences between passively
scattered therapy and IMPT delivery. The dosimetric effect on the
passively scattered beams can be described as a range shift of the
distal ends of the broad beams. This is the location of the strongest
dose gradient in proton therapy, and therefore also most sensitive to
errors. Because of the uniform beams, significant errors are limited to
the distal edge of tumor.
Dose gradients in individual IMPT beams were also present inside
the target volume. This changes the impact of metal artifacts: significant overdosage and underdosage was observed inside the CTV. The
plans for both spot sizes showed similar errors.
As can be seen in Figure 37, metal artifact reduction almost completely eliminated all dose errors.

6.3 results and discussion

Skin

Tra: 20/40
z: 5.13cm

Tra: 20/40
z: 5.13cm

CTV

Skin
CTV

44
42

6.42
5

-5

5
4
3
2
1

00

cm

1 2 3 4 5

5
4
3
2
1

-16.4

cm

(a) Passive scattering: Original plan

(b) Passive scattering: Difference

Skin

Tra: 20/40
z: 5.13cm

1 2 3 4 5

Tra: 20/40
z: 5.13cm

CTV

Skin
CTV

48.3
44

14.3
5

-5

00

5
4
3
2
1
cm

1 2 3 4 5

5
4
3
2
1

-44.8

cm

(c) IMPT MGH spot size: Original plan

(d) IMPT MGH spot size: Difference

Skin

Tra: 20/40
z: 5.13cm

1 2 3 4 5

Tra: 20/40
z: 5.13cm

CTV

Skin
CTV

44 44.9

5

6.46

-5

00

5
4
3
2
1
cm

1 2 3 4 5

5
4
3
2
1
cm

(e) IMPT 5 mm spot size: Original plan

1 2 3 4 5

-28.3

(f) IMPT 5 mm spot size: Difference

Figure 36: Phantom: Originally planned dose and difference with recalculation on ground truth.

6.3.2

Clinical cases

In clinical scans, it should be kept in mind that dose calculations represent an ideal situation. In addition to the artifacts, uncertainties in the
CT number to proton stopping power calibration, patient motion, and
other uncertainties in beam delivery result in a deviation of the actual
dose delivery from the treatment plan. A calculated underdosage
just outside the contouring target volume may very well be clinically
relevant, as other errors can result in this underdosage moving into
the target.
Because no ground truth is available for clinical scans, treatment
plans were designed on the original FBP reconstructions and recalculated on metal artifact reduced images.
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Figure 37: Phantom: Dose calculation on MAR scan and difference with
recalculation on ground truth.

6.3.2.1 Case 1: Lumbar spine
The first case involved a chordoma patient with titanium spinal stabilization hardware around the original tumor site. Beam hardening
caused dark artifacts along the directions with significant metallic
structure. Many bright streak artifacts were also visible.
Surprisingly, the oblique beams on the left and right side—which
pass through the strong beam hardening artifact along the axis of
the posterior metal—showed very little difference in range. Figure
40 shows the left oblique beam. This main beam hardening artifact
consisted of CT numbers around -300 HU instead of the 100 HU
density of surrounding tissue. This was however compensated by
bright artifacts in the center of the image. The posterior-anterior
beam resulted in most of the dosimetric difference (Figure 39). The
maximum proton range shift was overshoot of about 5 mm. The total
dose difference is displayed in Figure 38.

6.3 results and discussion

Unlike the phantom case, no large differences were observed between the plans for passively scattered therapy and the IMPT plans.
This is because the IMPT optimization resulted in a treatment plan
which was relatively similar to the passive scattering plan. The main
difference was the dose conformity proximal to the tumor where the
dose gradient is more limited, reducing the impact of proton range
errors.
From this case, it follows that the presence of both dark as well
as bright artifacts reduces the dosimetric impact of artifacts, as both
underestimation and overestimation of proton stopping powers occurs.
The types of artifacts in the beam path depends on the choice of beam
angles and positioning of the metallic hardware. Other cases may
therefore show less of this favorable effect.
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Figure 38: Case 1: Lumbar spine chordoma, complete proton plan. Doses in
Gy RBE.
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Figure 39: Case 1: Lumbar spine chordoma, posterior-anterior beam. Doses
in Gy RBE.

6.3.2.2 Case 2: Cervical spine
The second case as shown in Figure 41 was located in the cervical
spine. Again, titanium stabilization hardware was installed after
surgical resection prior to radiotherapy. Because of the smaller size
of the titanium rods, the artifacts were less severe as compared to the
previous case. In the plans for passively scattered proton therapy, only
a small increase of dose around the CTV occurred and range shifts
were limited to an overshoot of 2 mm.
This case does however show a clear difference between passive
scattering and IMPT delivery. The IMPT plans consisted of highly nonuniform beams. While providing a more conformal dose distribution
in theory, the individual beams deliver a dose with high gradients in
the target volume. This results in a higher sensitivity to range errors;
metal artifacts resulted in hot spots and cold spots in the target. Range
errors were larger, up to 5 mm in water. The size of the cold and hot

6.3 results and discussion
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Figure 40: Case 1: Lumbar spine chordoma, left oblique 50◦ . Doses in Gy
RBE.

spots was related to the spot size of the pencil-beam: a smaller spot
size resulted in smaller but more widespread areas with significant
difference in dose.
Because of the location of the tumor between various titanium
implants, all beams passed through a part of the artifacts and therefore
introduced dose errors.
6.3.2.3 Case 3: Base of skull
The patient in Figure 42 was treated for chordoma close to the brain
stem. The patient previously received embolization of a nearby artery,
which was done using platinum coiling. Despite the small size of the
coiling, strong streak artifacts were present.
Analysis of the sinograms showed an overestimation of the size of
the metallic hardware. Because of the uncertainty in the size of the
implant, it is clinical practice to use a calibration curve which is based
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Figure 41: Case 2: Cervical spine, complete proton plan. Doses in Gy RBE.

on a relative proton stopping power of 3.2 (titanium) for all metallic
hardware. Platinum has a much higher proton stopping power of
approximately 10.7 for proton therapy energies (Janni, 1982a,b). Based
on an average packing density of 37% which was reported for the embolization of aneurysms (Wakhloo et al., 2007) and a stopping power
of water for the remaining volume, the average stopping power of the
coiling was estimated to be 4.6. The use of the original projection data
allowed for a better estimation of the size of the implants, justifying
the use of this specific proton stopping power. This value is however
still uncertain because of the lack of information about the packing
density in this specific patient.
The calculated dose of the combined beams is shown in Figure 42.
Underdosage was seen distal to the coiling in each beam. Because of
the beam design in the passive scattering plan, significant underdosage
was limited to a small volume next to the coiling (see Figure 42b) which

6.4 conclusions

is distal to the coiling in the right posterior beam. The contribution of
this beam is displayed in Figure 43.
In the IMPT plans, the errors strongly depended on the specific
optimization. Both IMPT plans delivered more dose from the right
side of the patient, thereby increasing the volume distal to the implant.
This was especially the case in the plan for the MGH gantry. In this
plan, the original range of the beam from the right anterior side was
significantly overestimated by around 8 mm. Figure 44 shows the
dose delivered by this beam.
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Figure 42: Case 3: Base of skull, complete proton plan. Doses in Gy RBE.

6.4

conclusions

Errors in dosimetry due to metal artifacts mainly occurred around the
distal end of the Bragg peak. In passively scattered proton therapy—
with each beam delivering a uniform dose to the entire tumor—the
primary concern is therefore the possible underdosage of the tumor
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Figure 43: Case 3: Base of skull, left posterior 45◦ . Doses in Gy RBE.

edge. If the tumor is located close to a critical organs, overdosage of
distal tissue may also be clinically relevant.
Typical proton range uncertainties due to metal artifacts throughout
the image are estimated to be on order of 5 mm, resulting in dose
differences of up to 5 Gy RBE. For beams passing directly through the
implants, an additional range uncertainty is caused by the error in the
location and size of the implant. Depending on the material and size
of the implant, this range error may be as large as 10 mm.
Although a limited number of cases was studied, the results do not
indicate a direct need to change clinical practice of passively scattered
proton therapy in patients with titanium spinal stabilization hardware.
Mostly limited range overshoots were observed. Metal artifacts due to
dense implants such as platinum coiling are a more serious concern.
An additional proton range margin may be considered due the artifacts
around the implant. The use of implant-specific proton stopping
powers is also recommended.

6.4 conclusions
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Figure 44: Case 3: Base of skull, right anterior 25◦ . Doses in Gy RBE.

In IMPT planning, the doses delivered by all individual beams
are simultaneously optimized in order to obtain the optimal dose
distribution. Such treatment plans are therefore less robust to metal
artifacts, because individual beams may deliver dose distributions
with high gradients inside the target volume. Another consideration
is the avoidance of beams through the implants. In manual treatment
planning, the dosimetrist may attempt to reduce the contribution
of beams through the implants, which is not possible when using
automatic optimization. Due to the degeneracy and flexibility in
IMPT planning, it is difficult to draw general conclusions regarding
the impact of artifacts. The dosimetric errors highly depend on the
beam design and optimization of individual plans. In the three cases
that were studied, errors in IMPT plans were consistently larger as
compared to passively scattered proton therapy.
It is expected that a clinical introduction of metal artifacts reduction
will provide most benefits for IMPT planning. Because artifact reduc-
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tion using current CT technology will not result in perfect images,
it may also be necessary to incorporate uncertainties due to artifacts
and the implants in the optimization. Especially beams through the
implants itself could be assigned a certain penalty, so the optimization would favor avoidable of those if reasonably possible. A robust
optimization of the treatment plan in order to reduce the impact of
range shifts—which is already being considered to reduce IMPT uncertainties in general—will also reduce the impact of metal artifacts
(Unkelbach et al., 2009).

7

GENERAL CONCLUSIONS

In this work we have contributed to the improvement of proton therapy
for patients with implanted metallic hardware
• by studying the problem of metal artifacts in computed tomography
• by developing metal artifact reduction methods for different
types of clinical hardware
• and by an initial study of the dosimetric impact of metal artifacts
on proton therapy treatment planning
The main conclusions of the study will be summarized in this chapter,
and suggestions are given regarding the clinical use of the results and
future research.
7.1

ct metal artifact reduction

Metal artifact reduction in computed tomography was shown not to
be a single problem. Depending on the type of metallic hardware a
different approach to metal artifact reduction should be taken. Based
on simulations and analysis of clinical sinograms, beam hardening is
concluded to be the most significant physical effect causing artifacts in
patients with titanium hardware. Artifacts due to dense implants such
as platinum are different—these are the result of the almost complete
attenuation of X-rays.
Four metal artifact reduction methods were developed and tested.
Iterative reconstruction with total variation regularization was an
effective solution for artifacts due to high-density implants. Artifacts
due to titanium were significantly reduced using an empirical physicsbased approach to correct for beam hardening.
7.1.1

High-density hardware

When hardware completely attenuates X-rays, metal artifact reduction becomes a limited data CT reconstruction problem. Projections
through metal need to be disregarded. Two direct interpolation methods were developed which performed a smooth diffusion-based interpolation in sinogram space and radiograph space. The reduction
in metal artifacts due to these methods was unsatisfactory because
the interpolation of missing data is based only on neighboring projections. The limited data reconstruction was therefore considered
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as a 3-dimensional optimization problem based on iterative reconstruction with total variation regularization in image space. Artifacts
in phantoms and clinical scans were significantly reduced using this
method.
7.1.2

Low-density hardware

Orthopedic hardware made of titanium or steel does not result in
a full attenuation of kV X-rays. The projection measurements are
however significantly affected by beam hardening. Disregarding a
part of the sinogram because of these beam hardening errors is r not a
sensible approach. Because of the typical size of orthopedic hardware,
a reasonable image reconstruction is impossible without the use of all
projections.
Metal artifact reduction can be achieved by correcting the measurements in order to better approximate a monochromatic model as
assumed in conventional image reconstruction. A first-order method
was developed that automatically fits a correction curve for the beam
hardening effect due to the implant. The magnitude of the beam
hardening is estimated by comparing the projection measurements
through metal with neighboring projections.
This novel method resulted in a significant reduction of artifacts. A
limitation is the inability to correctly model beam hardening artifacts
due to a combination of different dense materials in the projection,
such as metal and bone.
7.2

impact on proton therapy

A retrospective analysis of three treatment plans for chordoma patients
was performed. Because these tumors are typically located close
to critical tissue such as the spinal cord and brainstem, accurate
dosimetry is especially important. In all cases the artifacts were
located close to the target volumes.
7.2.1

Passive scattering delivery

The impact of metal artifacts on treatment planning for passively
scattered proton therapy was shown to be mostly limited to the distal
edges of the tumor. Because the beams deliver a homogeneous dose
to the complete target, the distal end of the Bragg peak is located just
outside the tumor. Due to the high dose gradient around this distal
end, proton range uncertainties lead to dosimetric errors.
In patients with titanium implants, an overshoot of protons may be
more likely than an underdosage because the most significant artifacts
are the bright ones around the implant. Current planning practice

7.3 reduction of errors in clinical practice

tends towards an underdosage in patients with denser implant because
the size and density of the implant are not fully taken into account.

7.2.2

Intensity modulated proton therapy

IMPT involves dose delivery using scanning pencil-beams. This provides a high degree of freedom in treatment design, which is utilized
to optimize the combined dose delivery of all pencil-beams. IMPT
plans in general are less robust to metal artifacts because individual
beams may deliver dose distributions with high gradients inside the
target volume. Current optimization methods also do not attempt to
avoid beams through implants. Due to the degeneracy in the planning,
the impact of the artifacts depends on the individual treatment plan
and is difficult to predict. The results show dose errors which are
significantly larger as compared to passively scattered proton therapy.

7.3

reduction of errors in clinical practice

The present study shows that metal artifacts may result in significant
dosimetric errors in proton therapy, especially in intensity modulated
therapy. In view of the more widespread clinical introduction of IMPT,
implementation of a method to reduce the impact of artifacts should
is recommended. Metal artifact reduction in the CT reconstruction
was shown to be a viable approach. The novel methods developed in
this study were effective in reducing artifacts in clinical scans.
In addition, uncertainties due to metallic implants may be incorporated in treatment planning. As it seems that errors in passively
scattered proton therapy are mainly related to uncertainties in the
size of the metal implant and its proton stopping power, a possible
strategy is to add an additional range margin to beams going through
the implant. Additional margins for beams not going through the
implant may not be necessary because the dose errors are smaller.
In IMPT, it is more difficult to take uncertainties into account because of the global optimization of the dose delivery. A robust optimization method to reduce dose gradients in the beam fields will
reduce the impact of metal artifacts. Such techniques are currently
also being investigated to manage the effects of motion and other
uncertainties in IMPT. Optimization to reduce the dose delivered by
beams passing through the implant or significant artifacts may also be
considered.
A combination of robust optimization techniques and metal artifact
reduction is likely to provide the most reliable treatment planning.
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7.4

7.4.1

suggestions for future research
Anthropomorphic phantoms with metal

While the metal artifact reduction methods as presented in this work
certainly are effective, it remains an open question exactly how closely
the artifact reduced images match a theoretical scan without implants.
This is a difficult question because no ground truth is available in
normal clinical scans. Current phantoms with removable inserts are
not realistic enough to validate the clinical performance of the methods.
A potential solution is to develop realistic anthropomorphic phantoms
with removable metallic inserts.

7.4.2

Polychromatic reconstruction model

The empirical physics correction method that was developed corrects
for the first-order beam hardening effect. An alternative approach
is to reconstruct pseudo-monochromatic images using a full modelbased image reconstruction. This requires accurate information about
the X-ray tube spectrum and output, the design and materials of the
filtration, and the detector response. Also, the CT calibrations in the
sinogram pre-processing will have to be adapted. Such research is only
feasible in collaboration with a CT manufacturer, or by developing a
complete Monte Carlo simulation of a scanner.
With current CT technology, the monochromatic reconstruction
problem remains highly degenerate because only the integrated energy
of polychromatic measurements is available. To resolve this degeneracy, prior knowledge about human tissue needs to be even effectively.
Another potential improvement could result from dual-energy CT,
which will reduce the degeneracy by measuring two polychromatic
spectra.
It is likely that the use of such completely different image reconstruction methods also requires changes in proton therapy treatment
planning which need to be studied.

7.4.3

High-energy CT

For dose calculation it may be advantageous to design a scanner
with higher photon energies (orthovolage or megavoltage) because
of the decrease in energy-dependency of X-ray attenuation at higher
energies. Contrast between tissues however also decreases at higher
X-ray entries. Perhaps a combination of high-energy CT for dose
calculation and standard CT for contouring would be feasible in the
future.

7.4 suggestions for future research

7.4.4

Monte Carlo dose calculation

The focus of this study was to determine the impact of CT imaging issues on proton treatment planning for patients with metallic implants.
While pencil-beam calculations are normally reliable in proton therapy,
scatter kernels are designed based on effects in water and may not
be completely accurate in case of high-density implants. It would
therefore be interesting to repeat the dose calculations performed in
this work using a Monte Carlo simulation. The availability of artifact
reduced images is a big advantage for such a study, because it partially
resolves concerns regarding incorrect scatter calculation because of
the artifacts.
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