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1L DE MARZI, MSc, 2L FEUVRET, MD, 3T BOULÉ, PhD, 4J-L HABRAND, MD, 1F MARTIN, MSc, 1V CALUGARU, MD,
1N FOURNIER-BIDOZ, PhD, 5R FERRAND, MSc and 1A MAZAL, PhD
1Department of Radiotherapy, Institut Curie, Orsay Proton Therapy Centre, Paris, France
2Department of Radiotherapy, Groupe Pitié Salpêtrière, Paris, France
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Objective: To determine the relationship between the
dose to the inner ear or pituitary gland and radiation-
induced late effects of skull base radiation therapy.
Methods: 140 patients treated between 2000 and 2008
were considered for this study. Hearing loss and
endocrine dysfunction were retrospectively reviewed
on pre- and post-radiation therapy audiometry or en-
docrine assessments. Two normal tissue complication
probability (NTCP) models were considered (Lyman–
Kutcher–Burman and log-logistic) whose parameters
were fitted to patient data using receiver operating
characteristics and maximum likelihood analysis. The
method provided an estimation of the parameters of
a generalized equivalent uniform dose (gEUD)-based
NTCP after conversion of dose–volume histograms to
equivalent doses.

Results: All 140 patients had a minimum follow up of
26 months. 26% and 44% of patients experienced mild
hearing loss and endocrine dysfunction, respectively. The
fitted values for TD50 and g50 ranged from 53.6 to 60.7Gy
and from 1.9 to 2.9 for the inner ear and were equal to
60.6Gy and 4.9 for the pituitary gland, respectively. All
models were ranked equal according to Akaike’s in-
formation criterion.
Conclusion: Mean dose and gEUD may be used as pre-
dictive factors for late ear and pituitary gland late compli-
cations after skull base proton and photon radiation therapy.
Advances in knowledge: In this study, we have reported
mean dose effects and dose–response relationship of small
organs at risk (partial volumes of the inner ear and pituitary
gland), which could be useful to define optimal dose
constraints resulting in an improved therapeutic ratio.

Proton beam therapy is a highly conformal technique that
can maximize the dose gradient between tumours and the
surrounding structures. This technique has been widely used
for skull base tumours, in which dose escalation to the target
volume without increasing the dose to the adjacent normal
tissues is recommended.1 However, skull base tumours fre-
quently arise adjacent to normal tissues such as the inner ears
or the pituitary gland, and it is often impossible to deliver the
prescribed dose to the tumour without decreasing constraints
to the organs at risk (OARs). Our protocol1 does not impose
specific dose constraints on the pituitary gland or the inner
ear, when they are located within the clinical target volume,
as one ear or both ears are often included in the radiation
field and a substantial number of patients subsequently de-
velop transient serous otitis media or sensorineural hearing
loss, owing to the proximity of the middle or inner ear to the
irradiation field. Hearing preservation has been reported to
be significantly related to the radiation dose to the cochlea2,3

and is found between 0.5 and 2.0 years after irradiation.3

Similarly, the pituitary gland or the hypothalamus is also
generally close to the target volume, and partial pituitary
failures are commonly reported during radiation-induced
late effects4–6 with speeds of onset ranging from a few
months to several years. As a wide range of doses are de-
livered to these critical structures, the objective of this study
was to determine the dose–response relationship of the inner
ear and the pituitary gland for radiation-induced late effects
of photon and proton therapy and to show that generalized
equivalent uniform dose (gEUD) may be used as a predictive
factor for late complications.

METHODS AND MATERIALS
Population and end point definition
From 2000 to 2008, 140 patients (114 adults and 26 chil-
dren) with a histologically documented diagnosis of
chordoma or chondrosarcoma (116 and 24 patients) of the



skull base post-operatively received conventional fractionated
radiation therapy; data from all patients with long-term follow up,
treated by a combination of three-dimensional (3D) con-
formal photon and proton therapy (Figure 1 depicts the treat-
ment plan for a patient with chondrosarcoma), were recorded.1

The photon component was performed at one of the five on-
cology centres affiliated with Orsay Proton Therapy Center,
Orsay, France. 6- to 20-MV photons of a linear accelerator were
used. Three to five isocentric coplanar or non-coplanar beams
were generally designed. The proton part was performed with the
201-MeV proton beam of the synchrocyclotron and a fixed
horizontal beam. Proton beams were delivered using the double
scattering technique at the Orsay Proton Therapy Center, and the
widely used relative biological effectiveness (RBE) value of 1.1 was
used for proton therapy.1,7 Fiducial markers and custom-made
thermoplastic masks were used for positioning and immobiliza-
tion. The irradiation procedure has also been previously described
in more detail.1,8 Photons represented two-thirds of the total dose
and protons represented one-third (for 80% of cases), except for
one child and five adults who received proton therapy only. The
median doses delivered by photons and by protons were 45Gy
(range, 0–45Gy) and 26Gy-RBE (range, 21.6–70.2Gy-RBE), re-
spectively. The median total dose delivered to the gross tumour
volume was 70Gy-RBE (range, 67–74Gy-RBE) for adults and
68.7Gy-RBE (range, 54.4–71.8Gy-RBE) for children, in fractions
of 1.8–2.0Gy per day for 5 consecutive days per week. No patient
included in this study received concurrent chemotherapy.

Matched CT scan and MRI (with 2- to 3-mm slice thicknesses)
were systematically used to delineate target volumes and OARs,

by the same three experienced physicians. The inner ears and the
pituitary glands were contoured for all the patients from the
initiation of the protocol. The hypothalamus was also contoured
for 26 children (mean age, 12.8 years), who were analysed sep-
arately. As this study focussed on hearing loss, the cochlea and
the internal auditory canals (IACs) were also contoured for
70 patients treated between 2004 and 2008 in order to provide
a comparison of organ response sensitivity.

All patients had follow up (every 6 months for at least 2 years
and then yearly) and hearing tests (pure-tone average of fre-
quencies audiometry) or neuroendocrine assessments conducted
immediately before treatment and at regular time intervals after
the completion of therapy. None of the patients enrolled in the
study presented any hearing loss or endocrine dysfunction prior
to treatment. Minor and mild side effects ($grade 1–2) were
considered and retrospectively scored according to the National
Cancer Institute Common Terminology Criteria for Adverse
Events (CTCAE v. 4.03). Hearing loss .15 dB at two contiguous
test frequencies, tinnitus or endocrine functions outside of the
normal reference range (hyperprolactinemia, delayed thyroid-
stimulating hormone response to thyroid-releasing hormone,
panhypopituitarism) were considered to be late effects.5,6

Growth hormone deficiency was often the first endocrine de-
ficiency observed in both children and adults but was not fol-
lowed for adults in this study.

Equivalent uniform dose, normal tissue complication
probability models
The concept of equivalent uniform dose (EUD) was originally
introduced for tumours9–11 and was subsequently generalized to
both tumours and normal tissues;12 it represents the uniform
dose resulting in the same response probability as a corresponding
inhomogeneous dose distribution. The parameter a of the gEUD
[Equation (1)] is optimized to give the best fit to patient data; a is
organ specific and can be derived from observed dose–response
data. gEUD tends towards the maximum dose when a is large
(OAR with serial architecture) and towards the mean dose when
a approaches one (OAR with parallel architecture), meaning that
gEUD and a characterize the dose–response behaviour of the OAR.
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where vi is the volume fraction of the dose bin corresponding to
the dose Di.

In this study, we used the classical Lyman–Kutcher–Burman and
log-logistic models both with dose–volume histograms (DVHs)
reduced to gEUD, as the actual organ dose is non-uniform.
Because of the small volume of the cochlea and the pituitary
gland, dose–volume analysis has been rarely performed and only
mean dose effects have been mainly reported.13,14 As steep dose
gradients can be achieved with proton beams (and a fortiori with
combined photon–proton beams as discussed in Feuvret et al8),
we considered that non-uniform doses could be delivered within
the organ volume and that dose–volume analysis could be
evaluated for partial volumes of the OARs.15

Figure 1. Typical treatment plan for a patient with a skull base
chondrosarcoma treated up to a total dose of 70.2Gy-RBE
with combined photon–proton therapy (34.2Gy photons,
36Gy-RBE protons). ant, anterior; CTV, clinical target volume;
IAC, internal auditory canals; L, left; post, posterior; LOBETEMP,
temporal lobe; PTV, planning target volume; R, right.
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The first step consisted of estimation of the value of parameter a,
for which a model can be built with gEUD that best describes the
data. We used an optimized method for determination of this
parameter, based on receiver operating characteristics (ROC) as
described by Boulé et al16 and Das et al.17 As a higher area under
the ROC curve (AUROC) indicates a more accurate model,18 we
determined the value of a that would maximize this area. The
gEUD model is thus used as a discriminant to separate the groups
with and without defects. The ROC curve analysis is used for
evaluating the link between gEUD and clinical outcomes, and
therefore estimating the seriality of the tissue response to radiation.

As the normal tissue complication probability (NTCP) has
a sigmoid shape when plotted as a function of gEUD, gEUD can
also be used as an input parameter for this probability model.
The maximum likelihood method was then used to determine in
3D parameter space the best estimation of all the parameters
(a, TD50 and g50) of the NTCP models for our patient data.

Because of their simplicity or widespread use,9,19 the Lyman–
Kutcher–Burman [Equation (2)] and log-logistic [Equation (3)]
formulae, which describe the dose–response relationship for
normal tissues11,20,21 based on TD50 (tolerance uniform dose
delivered to the whole organ for 50% complication rate at
a specific time) and g50 (slope of the response curve at TD50),
were used to calculate the NTCP with DVH reduced to gEUD.
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Treatment planning
Dose calculations were established with dose-scoring grid reso-
lution of 13 13 1mm3 by the ISIS 3D treatment planning
system (Technologie Diffusion, France), which comprises broad
beam and pencil beam algorithms for proton beam calculations22–24

and dose engine for photons. The photon algorithms are based on
a double decomposition algorithm and Clarkson–Cunningham
integration, with inhomogeneity corrections based on the 3D
subtraction method.25 The DVHs are calculated with a random
sampling method. Proton and photon plans were performed on
the same CT, with tissue inhomogeneity corrections. Analytical
models and optimization of the parameters were performed using
the MATLAB® computing environment v. 7.0.0 (MathWorks®,
Natick, MA).

Statistical analysis
In order to estimate the best parameter a (which would maxi-
mize the AUROC), ROC curves were generated by plotting
“sensitivity” vs “1-specificity” and by changing the initial a value
(between 0.1 and 50.0 with 0.1 steps). We plotted the ROC curve
defined by the fraction of cases with complications and gEUD.D0

vs the fraction of cases without side effects and gEUD.D0,
for all values of D0. The area under the curve reflects the ac-
curacy of the model; a higher area implies more accurate para-
meterization. Furthermore, AUROC has the property to be equal
to the Mann–Whitney U test (Wilcoxon) statistic, which gives
the probability that a positive patient has to have a higher rank
than a negative one. The estimation of parametric confidence
intervals (CIs) for the AUROC estimates was performed as de-
scribed by other authors.16,18

The maximum likelihood method was also used to simulta-
neously determine the best estimation of a, TD50 and g50
parameters of NTCP modelling;26 the value of the parameters
maximizing the logarithm of the likelihood function L was de-
fined by Equation (4):
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where the vector x! is composed of the model’s parameters;
NTCPi is used when the ith patient experiences a side effect; and
(12NTCPi) when no side effect is observed. One-dimensional
95% CIs for the maximum likelihood estimates were calculated
using the profile log-likelihood method. The two NTCP models
were informally compared using the Akaike’s information cri-
teria (AIC); a better fit to the data corresponds to smaller values
of AIC.27

RESULTS
Inner ear study
Data from 280 DVHs for ipsilateral and contralateral inner ears
were recorded and analysed (only 138 and 133 data sets were
available for the cochlea and IAC, as contouring of these
structures was only started later). Hearing loss was scored per
ear, and we assumed that the two ears of the same patient could
be analysed as independent observations (as also suggested in
Honoré et al28). During follow-up, 73 cases experienced signif-
icant late effects, mainly hearing loss, tinnitus or otitis media,
and 207 cases did not experience any complications. The mean
volume and radiation dose to the various subvolumes of the ear
are shown in Table 1. Figure 2a shows the cumulative DVH for
patients with and without late effects. Significant differences in
complication rate were observed between low doses and high
doses; the mean doses with/without toxicities are shown in
Table 1. A mean dose of 54Gy can be qualitatively associated
with auditory toxicity, but a significant cut-off value for tolerable
radiation dose cannot be easily deduced, as even very high doses
to small volumes did not always induce complications; for ex-
ample, the toxicity incidence for inner ear is 20% for mean doses
,54Gy and 45% for mean doses .54Gy. One patient experi-
enced unexplained hearing loss with a mean dose to the cochlea
of ,10Gy.
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As a cut-off dose has not been determined, ROC analysis was used
to select the best a parameter of the gEUD (that maximized
AUROC). As shown in Figure 3a and also listed in Table 2, the
a values that most clearly distinguished between the groups with
and without late effects are different when considering different
subvolumes of the ear. The AUROC6 standard deviation (using
Wilcoxon statistic) values for these curves are also listed in Table 2.
All the models correctly fitted clinical data and presented good
performance with maximum AUROC values close to 0.86 for the
inner ear, 0.81 for the cochlea and 0.72 for the IAC. However, the
standard deviations were quite wide, and no significant differences
in relative importance of dose levels were found in the AUROC
values obtained by using the gEUDmodel. Parameters a, TD50 and
g50 were then estimated from the logistic and Lyman–Kutcher–
Burman regression model and are listed in Table 3. The fitted
(gEUD) dose–response curves for the inner ear, IAC and cochlea

together with the experimental data are shown in Figure 4a–c. For
all the organs, the best a values were ,1.2, and the gEUD tended
towards the mean dose. For patients with no complications, the
mean gEUD calculated with the previous best a value for the inner
ear was 37 614Gy. For patients who experienced hearing loss
(73/280 patients—26%), the mean gEUD was 56 610Gy.

Pituitary gland and hypothalamus study
Data from 103 adult patients (subset of previous ear study) were
recorded: 45 cases experienced significant late effects, and 58
cases did not experience any complications. Figure 2b shows the
cumulative DVH for adult patients with and without pituitary
gland late effects. Characteristics such as mean volume and
mean radiation doses to the various structures are shown in
Table 1. High radiation doses appeared to be correlated with the
rate of pituitary deficiency, but a specific cut-off for tolerable

Table 1. Characteristics of the subvolumes of the ear (140 patients), the pituitary gland and hypothalamus (103 adults126 children)
with and without complications (73/280 cases with hearing late effects, 10/26 children and 45/103 adults with endocrinopathy)

Organ at risk
Number of
structures

Volume (cm3)
Mean dose (Gy-RBE)

without toxicity
Mean dose (Gy-RBE) with
toxicity (any end point)

Inner ear 280 2.806 1.0 (1.20–5.10) 35.06 14.0 (0.6–61.0) 54.06 11.0 (30.6–73.3)

Cochlea 138 0.116 0.07 (0.03–0.36) 36.86 14.0 (0.5–62.6) 54.66 16.0 (4.7–72.8)

Internal auditory
canal

133 0.226 0.07 (0.07–0.35) 42.06 16.0 (0–71.2) 54.06 15.0 (0.3–73.7)

Pituitary gland
(adults)

103 0.386 0.20 (0.06–0.90) 46.76 20.0 (1.8–68.3) 63.56 6.8 (34.0–72.8)

Pituitary gland
(children)

26 0.306 0.10 (0.10–0.50) 42.96 27.0 (2.0–69.9) 55.66 10.8 (39.7–71.5)

Hypothalamus
(children)

22 0.406 0.10 (0.10–0.70) 31.26 21.6 (1.4–64) 39.76 14.0 (13.0–54.8)

Data are expressed as mean6 standard deviation (minimum–maximum).

Figure 2. Cumulative dose–volume histogram (DVH) for patients with (squares) and without (circles) late effects: (a) cochlea, (b)
pituitary gland (adults).
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radiation dose cannot be qualitatively determined. The method
appeared to have a good performance for adults with AUROC
values close to 0.86. For adult patients who had no complica-
tions, the mean gEUD (a5 6.4) to the pituitary gland was
50.5 6 19Gy and 65 6 5Gy for those with any endocrine dys-
function (45/103 adults—44%).

The same analysis was also applied to 26 children with skull base
tumours for whom the pituitary gland and hypothalamus DVHs
were available: 10 cases experienced minor or mild late effects
and 16 cases did not experience any complications. The mean
dose6 standard deviation to the pituitary and hypothalamus
were 45 6 25Gy and 35 6 22Gy, respectively, for children with
no complications and 58 6 8Gy and 44 6 13Gy, respectively,
for children with any endocrine dysfunction (10/26 children—38%).

AUROC values for the hypothalamus (0.65) were slightly higher
than those for the pituitary gland (0.59) but proved to be relatively
flat as a function of the parameter a. In addition, the AUROC for the
paediatric cohort was much smaller than that obtained for adults
(0.59–0.65 vs 0.86).

Table 3 lists data for children and adults for specific outcomes;
incidences and mean doses are shown for the main radiation-
induced endocrine dysfunctions, showing that the relationship
between dose or gEUD and outcome may depend on the type of
effect. The fitted (gEUD) dose–response curve for adult pituitary
glands together with the experimental data is plotted on
Figure 4b but was not applied to children data, owing to the
small sample size. Optimum values for the parameters are
shown in Table 2.

Figure 3. Variation of the area under the receiver operating characteristics (AUROC) curve with standard error for several
subvolumes of the ear: (a) inner ear, (b) internal auditory canal, (c) cochlea and (d) pituitary gland (adults). gEUD, generalized
equivalent uniform dose.
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DISCUSSION
Inner ear analysis
A review of the literature conducted by Bhandare et al14 as part
of the Quantitative Analysis of Normal Tissue Effects in the
Clinic (QUANTEC®) reported significant hearing loss with in-
creasing doses to the cochlea, but no specific dose cut-off was
defined. In their review, the initial recommendations of TD5/
55 60Gy, TD50/55 70Gy suggested by Emami et al13 to mini-
mize the risk for hearing loss were updated to a mean dose to
the cochlea #45Gy. Owing to the small volume of the ear
(especially the cochlea) and to the limited importance of dose
gradients in previous studies, dose–volume or functional orga-
nization analysis of the subunits of the ear have never been
performed to the best of our knowledge. Previously published
data on ear complications suggested that the ear is a parallel
organ.14 Our data confirm this trend for the cochlea, in which
the best a value is close to 1, as well as for the inner ear and IAC,
which seem to present a more parallel architecture. As reported

by some authors,14,28,29 an initial g50 value of four could be
a reasonable estimate for an OAR. g50 values of 2.75 and 3.40
have been reported for the mean dose to the inner ear, and g50
values between 0.7 and 3.4 have also been reported depending
on adjustments for risk factors. We determined this parameter
and found values between 1.9 and 2.9 depending on the sub-
volume (Table 2). The log-logistic model for the probability of
hearing loss was also used by Honoré et al,28 who reported
a TD50 value of 48Gy. In this study, all models were ranked
equal according to AIC. We found a slightly higher TD50

(53.6 Gy) using the gEUD as dose end point in the probability
model with fairly small values for a (between 0.1 and 1.2).

Our results indicate that mean dose and gEUD with small
a values (#1.2) to the cochlea or inner ear accurately predict the
risk of late hearing effects. Indeed the mean dose model corre-
sponds to the best criterion for small OARs where the dose
gradients are of minor importance. As the ear may be composed

Table 2. Best estimates of Lyman–Kutcher–Burman (LKM) and log-logistic model parameters with 95% confidence interval (CI),
log-likelihood (LL), Akaike’s information criteria (AIC) and mean area under the ROC curve (AUROC)

Organ at risk Model
a (95%
CI)

TD50 (95%
CI)

g50 (95%
CI)

LL AIC
Mean AUROC6
standard error

Inner ear
Log-logistic 0.1 (0.1–0.6) 53.6 (51.8–55.4) 2.9 (2–3.8) 274.4 154.8

0.866 0.03
LKM 0.1 (0.1–0.6) 53.7 (51.9–55.3) 2.8 (2.1–3.7) 274.2 154.3

Cochlea
Log-logistic 1.2 (0.1–3.6) 56.0 (53.6–58.8) 2.9 (1.8–4.3) 236.1 78.1

0.816 0.04
LKM 1.2 (0.1–3.6) 56.0 (53.6–58.5) 2.8 (1.9–4.2) 235.8 77.5

Internal auditory
canal

Log-logistic 0.1 (0.1–4.5) 60.7 (56.8–65.0) 1.9 (1–3) 242.5 90.9
0.726 0.05

LKM 0.1 (0.1–4.5) 61.0 (56.8–65.0) 1.9 (1.0–2.9) 242.5 90.9

Pituitary gland
(adults)

Log-logistic 6.4 (0.9–8.2) 60.5 (59.1–62.0) 5.2 (3.1–8.0) 243.2 92.4
0.866 0.04

LKM 6.4 (0.9–8.2) 60.6 (59.1–62.0) 4.9 (3.1–8.0) 243.2 92.3

Pituitary gland
(children)

– – – – – –
0.596 0.13

– – – – – –

Hypothalamus
(children)

– – – – – –
0.656 0.11

– – – – – –

TD50 is the tolerance uniform dose delivered to the whole organ for 50% complication rate at a specific time; g50, slope of the response curve at TD50.

Table 3. Incidence and mean generalized equivalent uniform dose (gEUD) for the main radiation-induced endocrine dysfunctions
(10/26 children, 45/103 adults)

Type of dysfunction Number of cases
Mean gEUD (Gy-RBE) to

pituitary axis
Mean gEUD (Gy-RBE) to

hypothalamus

Growth hormone (children) 7/10 (70%) 516 12 (40.0–71.5) 486 12 (23–64)

Hyperprolactinemia
(children)

2/10 (20%) 606 5 (56.0–64.8) 576 7 (52–62)

Panhypopituitarism (adults) 17/45 (38%) 666 4 (59–75)

Hyperprolactinemia (adults) 13/45 (29%) 636 9 (34–72)

Hypothyroidism (adults) 5/45 (11%) 606 8 (52–71)

Others (adults) 13/45 (29%) 626 5 (51–73)

The a value for gEUD is 1 and 6.4 for children and adults, respectively.
Data expressed as mean 6 standard deviation (minimum–maximum).
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of subvolumes that respond to irradiation independently of each
other, a more detailed study would be required to assess the
mechanisms of hearing loss, contouring of several other sub-
volumes of the inner ear, such as the vestibule or semicircular
canals, or even the middle ear in order to determine whether
maximum doses reach any critical structures.

Pituitary gland and hypothalamus analysis
Darzy30 published an overview of radiation-induced hypopitu-
itarism. The incidence of endocrine dysfunction mainly depends
on dose, age at irradiation, fractionation and gender, and can
occur after doses as low as 18Gy. In adults, one team demon-
strated a dose–effect relationship with DVH analysis.6 They
reported that a minimum and maximum dose of 50 and 70Gy
for the pituitary gland were predictive of endocrinopathy. A
maximum dose of 50Gy to the hypothalamus was also

predictive of higher rates of endocrine dysfunction. In our study,
we found that a mean gEUD (a5 6.4) value .65Gy to the
pituitary gland was a significant risk factor for endocrine
dysfunction.

There is no consensus in the literature concerning the pre-
dominant site of radiation damage in children, as both the pi-
tuitary and the hypothalamus appear to be involved. In our
study, we were not able to estimate the best a values in the
paediatric cohort because the AUROC and the range of variation
for a parameter for the paediatric cohort were much smaller
than those obtained for adults, indicating that the model is not
as accurate for prediction of events in children as in adults,
probably owing to the insufficient number of data for children.
In accordance with previous studies,6,30 the structures for these
organs could be consistent with parallel and serial architectures,

Figure 4. Normal tissue complication probability for (a) inner ear, (b) internal auditory canal, (c) cochlea and (d) pituitary gland
(adults), and best curves (log-logistic/Lyman–Kutcher–Burman equivalent uniform dose models) fitting the clinical data (lines,
models; crosses, experimental incidence). EUD, equivalent uniform dose.
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respectively. However, our data for children show that the hy-
pothalamus has a higher AUROC than does the pituitary gland
and could be a more predictive organ for endocrine dysfunction.
The mean gEUD (a5 1) value for the hypothalamus of children
experiencing complications (48 6 12Gy and 576 12Gy for
hyperprolactinemia or growth hormone deficiency) is also
consistent with the hypothalamus cut-off reported by Pai et al6

for adults.

Limitations of predictive model and uncertainties
Clinical studies are essential to confirm the ability of the NTCP
model to predict toxicity. Literature describing the dose–volume
relationship for normal tissues has become more abundant, as
reviewed by the QUANTEC (the recent report by Marks et al31).
Although our individual organ-specific study followed some of
the recommendations for coding toxicity, inherent limitations
and uncertainties restrict the usefulness of our work, and further
investigations in a larger population study will be needed to
confirm our preliminary results. Owing to the small number of
patients and late effects observed in children, the power of our
analysis is limited and major uncertainties persist in the ROC
method and for determination of fitted parameters. There is also
a high degree of uncertainty concerning a/b values; the ro-
bustness of EUD and NTCP concepts has not yet been thor-
oughly evaluated for normal tissues.14 To account for variations
in dose per fraction in different subvolumes of an OAR,19,32 total
physical dose corresponding to each DVH bin can be converted
into isoeffective dose EQD2 for 2-Gy fractions. This correction
(which has not been carried out in this study) was extended to
take into account dose per fraction effect that can be appropriate
especially for the low a/b ratio usually observed in normal tis-
sues. Moreover, healthy organs are usually irradiated hetero-
geneously at lower doses or different doses per fraction than are
tumours, and this increases the uncertainty of the effect.

The use of several analytic functions, for example, logit or probit
functions, to obtain an appropriate NTCP fit to clinical data has
been investigated by several authors since the differences be-
tween functions, particularly their asymmetry to model the
sigmoid shape of normal tissue complication probabilities, could
be significant.21,33 However, accurate modelling of the dose–
volume effect is complex owing to the difficulty of collecting
a sufficiently large volume of data with no restriction in in-
cidence range, and no consensus has been reached concerning

the optimal model to be used. For the purposes of this study,
we quantitatively compared two classical models (Lyman–
Kutcher–Burman and log-logistic) with DVHs reduced to gEUD
to determine whether the difference between the two models
could be significant. The gEUD with tissue-specific parameter
a was introduced into the NTCP modelling to account for dose
heterogeneity. In our study, the difference between the AUROC
values for different a values was never statistically significant,
indicating a possible weak dependence of the best gEUD pa-
rameter with OAR dose heterogeneity and little impact on
clinical NTCP modelling, or uncertainties in clinical data.

Modelling the RBE of proton beams may also be important for
accurate risk assessment. Despite abundant evidence indicating
that RBE varies with many factors (for example, our team
reported on the variation of the RBE with depth in the spread-
out Bragg peak of the 76 and 201MeV proton beams used for
treatment in Calugaru et al7), the use of a generic RBE of 1.1 at
2 Gy in routine clinical practice seems reasonable in view of the
lack of experimental data to define accurate RBE models34 and
the lack of clear clinical evidence for RBE variations. In practice,
the gradient at the distal end of proton dose distributions is also
rarely used (or used for a small fraction of the total dose) to
spare critical normal tissues owing to uncertainties about its
exact position in the patient. In the near future, new Monte
Carlo-based treatment planning, providing the computation of
linear energy transfers and variable RBE, may help to reduce
these uncertainties.

CONCLUSION
This study was designed to determine the dose–response rela-
tionships using equivalent uniform doses for certain OARs that
often receive high doses during skull base irradiation and which
may therefore present high complication probabilities. We used
a method based on clinical data and ROC to determine the
phenomenological parameter a and studied its relevance to ex-
plain a specific organ’s response to radiation. As expected, our
study demonstrated significant correlations between certain
normal tissue toxicities and high-dose 3D conformational ra-
diation therapy, allowing estimation of cut-off values. The
relationships that have been determined could be useful to de-
fine optimal dose constraints resulting in an improved thera-
peutic ratio that are not too conservative and that take
individual heterogeneous dose distributions into account.
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Favaudon V, Mégnin-Chanet F. Radiobio-
logical characterization of two therapeutic
proton beams with different initial energy
spectra used at the Institut Curie Proton
Therapy Center in Orsay. Int J Radiat Oncol
Biol Phys 2011; 81: 1136–43. doi: 10.1016/j.
ijrobp.2010.09.003

8. Feuvret L, Noel G, Weber DC, Pommier P,
Ferrand R, De Marzi L, et al. A treatment
planning comparison of combined photon-
proton beams versus proton beams-only for
the treatment of skull base tumors. Int J
Radiat Oncol Biol Phys 2007; 69: 944–54.

9. Wu Q, Mohan R, Niemierko A, Schmidt-
Ullrich R. Optimization of intensity-
modulated radiotherapy plans based on the
equivalent uniform dose. Int J Radiat Oncol
Biol Phys 2002; 52: 224–35.

10. Niemierko A. Reporting and analyzing dose
distributions: a concept of equivalent uni-
form dose. Med Phys 1997; 24: 103–10.

11. Niemierko A, Goitein M. Calculation of
normal tissue complication probability and
dose-volume histogram reduction schemes
for tissues with a critical element architec-
ture. Radiother Oncol 1991; 20: 166–76.

12. Niemierko A. A generalized concept of
equivalent uniform dose, 41th AAPM annual
meeting, Nashville, 24–29 July. Med Phys
1999; 26: 1100.

13. Emami B, Lyman J, Brown A, Coia L, Goitein
M, Munzenrider JE, et al. Tolerance of
normal tissue to therapeutic irradiation. Int J
Radiat Oncol Biol Phys 1991; 21: 109–22.

14. Bhandare N, Jackson A, Eisbruch A, Pan CC,
Flickinger JC, Antonelli P, et al. Radiation
therapy and hearing loss. Int J Radiat Oncol
Biol Phys 2010; 76: S50–7. doi: 10.1016/j.
ijrobp.2009.04.096

15. Schultheiss TE, Orton CG, Peck RA. Models
in radiotherapy: volume effects Med Phys
1983; 10: 410–15.
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Abstract
Proton beam range is of major concern, in particular, when images used
for dose computations are artifacted (for example in patients with surgically
treated bone tumors). We investigated several conditions and methods for
determination of computed tomography Hounsfield unit (CT-HU) calibration
curves, using two different conversion schemes. A stoichiometric methodology
was used on either kilovoltage (kV) or megavoltage (MV) CT images and
the accuracy of the calibration methods was evaluated. We then studied the
effects of metal artifacts on proton dose distributions using metallic implants
in rigid phantom mimicking clinical conditions. MV-CT images were used to
evaluate relative proton stopping power in certain high density implants, and a
methodology is proposed for accurate delineation and dose calculation, using
a combined set of kV- and MV-CT images. Our results show good agreement
between measurements and dose calculations or relative proton stopping power
determination (<5%). The results also show that range uncertainty increases
when only kV-CT images are used or when no correction is made on artifacted
images. However, differences between treatment plans calculated on corrected
kV-CT data and MV-CT data remained insignificant in the investigated patient
case, even with streak artifacts and volume effects that reduce the accuracy of
manual corrections.

(Some figures may appear in colour only in the online journal)

1. Introduction

Radiotherapy treatment planning is based on computed tomography (CT) imaging, acquired
at conventional kilovoltage (kV) x-ray energies. The information provided by CT images is
necessary to account for attenuation and scattering of radiation beams and also to delineate
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4256 L De Marzi et al

tumors and normal tissues. The relative electron densities or relative proton stopping power
(depending on the type of radiotherapy) in human tissues are deduced from Hounsfield unit
(HU) measurements. An accurate methodology to obtain the relationship between HU values
and relative proton stopping power (stopping power ratio (SPR)) for proton therapy has been
proposed (Mustapha and Jackson 1983, Schneider et al 1996, Schaffner and Pedroni 1998). CT
conversion methods have also been evaluated when applied to Monte Carlo dose calculations
(Vanderstraeten et al 2007, Jiang et al 2007, Schneider et al 2000, Parodi et al 2007), in which
mass densities are assigned to materials of known elemental composition.

Good quality image acquisition is essential to ensure precise calculations of heterogeneity
corrections. Several studies have demonstrated the effects of metallic implants (metal clips,
fiducials, dental fillings, prostheses, etc) on dose distribution and many aspects of their impacts
have been discussed (Albertini et al 2006). CT-HU calibrations have been studied in the context
of artifacted CT images (Coolens and Childs 2003, Yang et al 2008). Comparisons between
measurements and calculations have been reported for photon therapy and the accuracy of
treatment planning system (TPS) algorithms has been investigated (Roberts 2001). More
recently, many authors have investigated the dosimetric impact of artifacts and implants for
proton or ion therapy, in which uncertainties can be more pronounced (Jakel 2006, Jakel and
Reiss 2007). Indeed, the accuracy of targeting and determining the proton beam range is of
major concern because small range errors can result in severe over- or underdosing of the
target volume. Significant differences between predicted analytical calculations and Monte
Carlo simulations have been reported (Bazalova et al 2007, Tourovsky et al 2005). However,
as positioning accuracy has increased dramatically over the last decade with high degrees of
dose conformation to tumors (sharp penumbra, intensity modulation), metallic markers are
frequently implanted when the anatomy of interest is not clearly visible (for example tantalum
markers in ocular therapy, fiducials in prostate therapy). Metallic spine stabilizing implants
can sometimes be found in patients with surgically treated bone tumors (such as chordoma)
and some authors (Rutz et al 2007, DeLaney et al 2009, Staab et al 2011) have reported higher
local recurrence rates in those patients. Various methods have been proposed to reduce metal
artifacts in CT images: Wei et al (2004) developed image processing algorithms (smoothing
and scaling) and evaluated the improvement in treatment planning dose calculations of the
artifact suppression method, for photons, electrons and protons (Wei et al 2006). In current
practice, regions of interest (metallic implants and streak artifacts) are delineated and their
relative stopping powers are attributed manually. In both methods, artifacts are suppressed
but information about relative densities of implants is lost, as the elemental composition of
metallic implants is generally unknown due to the wide range of materials used, and, as a
result of the intense absorption of x-rays by metal, the HU values for implants reach the limits
defined by manufacturers, or even saturation. Neither the use of extended CT-scale (Coolens
and Childs 2003) nor the use of MV imaging with conventional methods improves the accuracy
of determination of relative stopping powers for metals (Newhauser et al 2008).

However, the use of MV-CT appears to provide images with sufficient accuracy to allow
dose recomputations (Mackie et al 1993, Langen et al 2005), with differences in mass densities
still providing good image contrast and minimization of streak artifacts from high Z materials.
In this study, we investigated several stoichiometric calibration methods to determine their
accuracy for calculation of proton beam ranges. The calibration curves of a kV-CT scanner and
a MV-CT device were established. The validity of the conversion method was studied in the
presence of heterogeneities and metallic implants and the influence of acquisition parameters
was evaluated. Treatment plans were calculated for low and high energy images, following
the entire treatment process with a passive proton beam spreading technique (i.e. from image
acquisition to positioning and irradiation of our phantom). Calculated compensators (which



Calibration of CT HU for proton therapy treatment planning 4257

Table 1. CT scanning parameters used for measurement of Hounsfield units.

CT scanner Tube voltage Slice thickness FOV Filter

Toshiba Aquilion 16 120 kV 2 mm 240, 320, 400 FC43
TomoTherapy Hi∗Art II 3.5 MeV 2 mm 400 –

reflect 2D adjustments of proton ranges to tumor) were also compared between the various
conversion methods.

2. Materials and methods

2.1. Imaging equipment, measurement set-ups

The primary objective of this study was to compare two methods of CT-HU calibration using
various acquisition protocols: kV-CT images were acquired on a Toshiba Aquilion 16 scanner,
and MV-CT images were acquired on a TomoTherapy Hi∗Art II system (TomoTherapy, Inc.)
using the standard imaging protocols for radiotherapy listed in table 1.

The stoichiometric calibration procedure described in the literature (Mustapha and Jackson
1983, Schneider et al 1996, Schaffner and Pedroni 1998) was used to determine the tissue
substitute calibration curve:

- a set of materials with known elemental composition and physical density close to tissue
samples (although the sample is not required to strictly resemble tissue) was used.

- the substitutes were scanned in the CT scanners and the corresponding Hounsfield values
were extracted.

- the elemental composition information and Hounsfield values were fitted to the equations
used for calculation of photon total attenuation coefficient to CT scanner measurements.

- this parameterization was used to compute the Hounsfield values of a selection of ICRP
tissues (see appendix) and the relative proton stopping power was calculated for these
tissues.

- the final calibration curve was fitted to the data (Hounsfield values versus relative stopping
powers): linear fits were calculated for bone, adipose tissue and organ and muscle categories
separately, in order to split the final curve into seven segments.

The tissue substitute samples belong to several electron density phantoms (RMI gammex,
CIRS) and were scanned individually in the center of a water phantom in order to ensure same
photon spectrum for each sample (Schaffner and Pedroni 1998, Constantinou and Harrington
1992). Whereas proton stopping powers ratios are more or less independent of proton energy
(as the SPR of protons varies very slowly with energy, we considered that SPR remains
constant over the therapy energy range), photon attenuation is strongly dependent on the
energy spectrum used and can vary with the size of the phantom and the position of the
sample. Three metal samples (aluminum, titanium and a titanium pedicle screw) were also
selected to study the CT scanner response and the accuracy of our calibration curves. The
CT number for each sample was determined by the mean value of the CT numbers within a
region of interest centered on the material. As the standard deviation of the voxel values of a
CT image were expected to follow the inverse square root of dose or slice thickness, imaging
protocols able to reduce this noise were selected.

To illustrate the influence of hardening of the spectrum inside phantoms, or the influence
of corrections made by manufacturers for various fields of view (FOVs) or phantom sizes,
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(a) (b) 

Figure 1. CT calibration phantom (a), rigid phantom with heterogeneities and water tank (b).

three different FOV diameters (240, 320, 400 mm) and three different phantom sizes (50, 200,
330 mm) were used.

To determine the accuracy of the stoichiometric calibrations described in this study, a set
of measurements was performed inside a water phantom in the presence of rigid phantoms.
One phantom was composed of bone, adipose tissue, and air heterogeneities (figure 1(b)):
phantom image registration was performed with kV-CT and MV-CT scanners, the scans were
imported into our planning system and dose distribution were calculated for a single proton
lateral field using the corresponding CT calibration curve (kV or MV). As the water tank
is part of the phantom (the solid phantom is placed in front of the water tank as shown in
figure 1(b)), it can be used to measure 3D dose distributions with air ionization chambers (IBA
Scanditronix-Wellhöfer, type CC01 with an active volume of 0.01 cm3 and 3 mm in diameter)
in order to compare dosimetric results with calculations. Irradiations were performed at the
Institut Curie Proton therapy center (Orsay, France) on the 201 MeV proton beam line used
for intracranial treatments. As described by Nauraye (1995), this 5 m long passive-type beam
line consists of two scatterers for radial spreading of the beam, an energy absorber to shift
the proton range to the prescribed value, a rotating aluminum modulator to achieve spread-out
Bragg peaks in the depth of the phantom, several brass collimators, and two monitor ion
chambers.

A secondary objective of this study was to investigate the accuracy of MV-CT images
for treatment planning in patients with metal implants by using the phantom described in
figure 1(b) after adding a titanium screw in front of the water tank. A second plan was then
calculated for a patient with spinal chordoma. Scans with MV-CT images and calculations
were performed as described above and proton therapy treatment plans and measurements
were compared to quantify range errors and possible improvement in treatment planning of
our methods. The gamma index evaluation (as a surface in the thickness-distance space of
the compensator) and dose–volume histogram (DVH) comparisons were used to quantify
differences in range calculation and tumor coverage.

2.2. Treatment planning system (TPS)

Treatments plans were calculated by using the Isogray TPS (Dosisoft, Cachan, France), which
contains a pencil beam algorithm for proton beam calculations, based on the theories proposed
by Gottschalk et al (1993), Hong et al (1996), Szymanowski et al (2001). Dose calculations,
comparisons of treatment plans and CT calibration curve conversions were performed with this
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(a) (b) 

Figure 2. Image of a titanium screw and nitinol rod: (a) MV-CT image with no artifact (b) kV-CT
image with streak artifacts.

software. Some automatic tools can be used to delineate streak artifacts, measure HU values
over regions of interest and reassign HU values or SPRs inside the artifact areas, structures
or voxels: these tools are generally used for clinical images of patients with metal implants,
containing severe streak artifacts (figure 2). The following steps were performed to compare
kV-CT- and MV-CT-based approaches:

- a first plan (referred to as ‘standard kV-CT’ plan) was created on the kV-CT scan, according
to our current clinical procedure: bright and dark streak artifacts were manually delineated
in kV images, and replaced by nominal values of equivalent tissues near the artifact. The
implants were manually delineated on these images, and their relative stopping power
manually attributed to a nominal value (see table A.2.).

- a second plan (MV-CT plan) was created on the MV-CT scan: the initial HU values in the
MV-CT images were not modified and were used for dose and compensators calculations.

- a third plan (referred to as ‘upgraded kV_MV-CT’ plan) was created on the kV-CT scan,
using corrected kV-CT images for dose calculations and MV-CT images for delineation.
Bright and dark streak artifacts were manually delineated in kV images. As artifacts were
reduced on MV-CT images, the implants were manually delineated on these images, and
then imported into the kV-CT image set. Bright and dark streak artifacts and implants were
then corrected in the kV-CT images with assignment of the relative SPR measured in the
MV-CT images.

2.3. Jackson and Hawkes method

2.3.1. Basic equations. For a mixture of elements, the total attenuation coefficient µ can be
obtained in the ‘Jackson and Hawkes’ form (Jackson and Hawkes 1981), using Rutherford’s
parameterized cross section of scattering processes:

µ = ρNg(Z, A)
{
KphZ3.62

1 + KcohZ1.86
2 + KKN}

(1)

where ρNg is the electron density and Kph, Kcoh and KKN are constants which characterized cross
sections of photoelectric effect, coherent scattering and the cross section of Klein Nishina,
respectively. These coefficients are proportional to the mean of the cross sections of the various
processes at the energy considered, in barns. Ng, Z1, Z2, and λi are given by:

Ng =
∑

i

Ni
g = NA

∑

i

wiZi

Ai
(2)

Z1 =
[
∑

i

λiZ3.62
i

]1/3.62

Z2 =
[
∑

i

λiZ
1,86
i

]1/1,86

λi =
Ni

g

Ng
(3)

where NA is Avogadro’s number, Zi is atomic number, Ai is atomic weight of the ith element.
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The constants Kph, Kcoh and KKN are dependent on the scan technique used and
parameterize the response of the CT scanner. They are deduced from the HU measurements
of samples with known chemical composition. These samples are scanned and independent
linear fits are performed for each HU region for each scanner. These coefficients can then be
used to predict HU and relative SPR (Mustapha and Jackson 1983) for a wide range of tissue
compositions reported in the literature (ICRP).

2.4. Midgley method

2.4.1. Basic equations. Jackson and Hawkes equations (Jackson and Hawkes 1981)
are generally used at diagnostic x-ray energies, in which both the photoelectric effect
and the Compton scattering have a substantial influence on CT numbers. Their accurate
parameterization of the x-ray attenuation coefficient has been examined in the 10 keV–
1.022 MeV energy range for photoelectric interaction, coherent scattering, and Compton
scattering. Indeed, the main photon attenuation effect in tissues at kV and MV energies is
Compton scattering. However, for higher energies, the model should theoretically incorporate
parameterization of the cross section for electron–positron pair production. For example,
for 100 keV photons in water, Compton scattering accounts for 98%, and the photoelectric
effect accounts for 2%. For 3.5 MeV photons in water, Compton scattering accounts for 96%,
whereas pair production accounts for 4%. As the imaging mode of the tomotherapy unit
delivers photons up to 3.5 MeV (Jeraj et al 2004), we do not know whether parameterization
without pair production would still be as accurate as at lower energies. As a parameterized
scheme for the x-ray linear attenuation coefficient has already been described (Midgley 2004,
2005) for energies from 6 keV to 125 MeV and for biologically important elements (1 ! Z !
20), this parameterization was applied to our stoichiometric calibration procedure instead of
Jackson’s parameterization to predict total attenuation coefficient µ for mixtures. This method
consists of calculating the attenuation coefficient µ(Zmix, E) for a material of known elemental
composition (mixture, atomic number Zmix) at energy E, as follows:

µ(Zmix,E ) =
N∑

k=1

S(E,k)M(Zmix,k) (4)

where the kth coefficient S(E, k), has units of barn per electronk. Numerical values of these
energy dependent coefficients have been determined by Midgley.

The number N of coefficients S(E, k) can vary from 1 to 5 depending on the energy.
At higher energies (for example those of Tomotherapy unit), parameterization uses only two
coefficients. M(Zmix, k) is defined as the statistical moment given by:

M(Zmix,k) =
∑

Z

n(Z)Zk (5)

n(Z) = NAρ(Zmix)
w(Z)

A(Z)
(6)

where NA is Avogadro’s number, ρ(Zmix) is the mass density, Z, A and w are atomic number,
atomic mass and mass fraction of each element of the mixture, respectively.

According to these formulae, we developed an algorithm to calculate the attenuation
coefficient of a mixture of known elemental composition for a given energy spectrum. As the
spectrum of the CT imaging beam is not precisely known, the algorithm fits a theoretical
spectrum to the CT scanner spectrum using the elemental composition information and
Hounsfield values for a set of materials.
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2.5. Parameterization for energy spectra

To determine the polyenergetic ‘real’ spectrum of the imaging beam, the total attenuation
of the kth sample is expressed as the weighted sum of attenuations at the various spectrum
energies used for imaging, considering discretization of the spectrum every bin of energy
#E. Using equation (4), the total attenuation coefficient for a complex energy spectrum (with
energies from Emin to Emax) can be expressed as the weighted sum of attenuations for each
energy Ei. As energy spectra generally correspond to smooth curves, various discretizations
were applied to estimate the integral of attenuation for all energies. We discretized energy into
N values at 1 keV intervals and verified that a smaller energy bin would not have altered the
result of the fit.

µcalculated
k (Zmix,E ) =

E=Emax∑

E=Emin

#E × spu,v,α(Ei)(
E=Emax∑
E=Emin

#E × spu,v,α(Ei)

) × µ(Zmix,Ei)

=
Ei=Emax∑

Ei=Emin

⎛

⎜⎜⎜⎜⎝
#E × spu,v,α(Ei)(

Ei=Emax∑
Ei=Emin

#E × spu,v,α(Ei)

) ×
N∑

k=1

S(Ei,k)M(Zmix,k)

⎞

⎟⎟⎟⎟⎠
(7)

As spectral knowledge is useful for dose calculations or for modeling the response of detectors,
spectral functional forms were recently compared and benchmarked using Monte Carlo
methods (Ali and Rogers 2012). Modeling the spectrum generally requires transmission
measurements, Monte Carlo modeling and a priori knowledge of accelerator geometry.
For example, the energy spectrum can usually be calculated by Kramers equation if no
beam filtration is assumed (Kramers 1923), and corresponds to a straight line. As inherent
and external filtration is always present, the theoretical spectrum is considerably modified,
especially in the initial low-energy part of the spectrum. The use of Kramers formula would
then require knowledge of the composition of the flattening filter and the geometry of the
experiment, and the energy-dependent attenuation coefficientµ can be calculated. We preferred
to use a functional form with only a few free parameters, which is easier to apply, while ensuring
efficient computation. This function easily accommodates clinical spectra from selected beam
energies, manufacturers and geometries, and is a simple model with three parameters, based
on a skew normal distribution. The theoretical function spα,u,v(E) is then used to model the
continuous spectrum of an imaging beam given by:

spα,u,v (E ) = gu,v (E ) × errα,u,v (E ) (8)

with

gu,v (E ) = 1√
2π

exp
(

(E − u)2

2v2

)
(9)

errα,u,v (E ) = 1 + er f
(

α√
2

(E − u)

v

)
(10)

and α, u, v coefficients that parameterize the response of the scanner.
To fit the α, u, and v coefficients to the spectrum of the scanner, a set of substitutes

was scanned in the CT scanners and the corresponding attenuation coefficient µmeasured
k was

deduced for each sample k. We designed our function of merit f obj as a weighted sum of
squared residuals, also called chi-squared and looked for a global minimum of f obj. We
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used a standard weighted chi-square minimization algorithm (Levenberg–Marquardt gradient
method) to select the best coefficients to parameterize the scanner response. The values of
these coefficients that minimize the merit function f obj then need to be determined:

fobj =
∑

k

((
µcalculated

k (Zmix,E ) − µmeasured
k (Zmix,E )

)2

σ 2

)

(11)

where µmeasured
k and µcalculated

k are the attenuation coefficients of the kth sample measured and
calculated with equation (7), respectively, and σ is the measurement error of data, supposed
to be constant and equal to 1 (Press et al 2007).

2.6. Relative proton stopping power in human tissues

The relative mass stopping power can be calculated for human tissues, based on the Bethe–
Bloch equation (Schneider et al 1996):

SPm
w = ρm

e ρw

ρw
e ρm

{ln[2mec2β2/Im(1 − β2)] − β2}
{ln[2mec2β2/Iw(1 − β2)] − β2}

(12)

where β = v/c is the ‘normalized’ velocity (the projectile’s velocity v ‘normalized’ to the
speed of light c), me is the electron mass and Im,w are the mean ionization energy of atoms
for medium and water. The value of ln(Im) for a mixture can be calculated using the Bragg
additivity rule (Seltzer and Berger 1982, Schneider et al 1996):

ln(Im) =
(

∑

i

wiZi

Ai
lnIi

)(
∑

i

wiZi

Ai

)−1

(13)

with Zi, Ai, Ii and wi atomic number, atomic weight, ionization energy (from the tables of
Janni 1982) and percentage contribution by weight of ith element i in tissue, respectively. The
relative electron density of medium to water can be calculated using:

ρm
e ρw

ρw
e ρm

=
Nm

g

Neau
g

(14)

where ρ is the mass density and Ng is the number of electrons per unit volume defined in
equation (2).

The relative stopping power is almost independent of the proton energy (above 10 MeV, for
energies relevant to proton therapy, and for media with mean ionization energies comparable
to water) and only depends on the material (except for high-Z materials). However, the
ionization energy of water is estimated to be around 75 eV, and different values have been
obtained for this I-value, leading to uncertainties in the depth of the Bragg peak up to several
millimeters (Andreo 2009). Moreover, variability in the human-tissue composition is not taken
into account, and this means that relative proton stopping power calculations will be average
estimates until individual tissue composition measurements are performed. Several methods
have been recently investigated, but are beyond the scope of the present study.

3. Results

3.1. CT scanner conversions

To determine the constants Kph, Kcoh and KKN from equation (1) and u, v, α from equation (7),
we used the phantom described in figure 1(a), scanned 8 standard tissue materials with known
elemental composition (see appendix) and followed the procedure described in section 2.1. As
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Figure 3. Examples of theoretical imaging (left) and treatment (right) photon spectrum for MV-CT
and comparison with calculated spectra from equation (8).

the values of the constants are dependent on the scanner and imaging protocol, we tested the
conversion methodology for kV-CT and MV-CT scanners and for different phantom diameters
(in air and for diameters ranging from 50 to 330 mm).

To illustrate the ability of our analytical algorithm to model CT scanner spectra, an
optimization series was run on a data set for the MV-CT device. The theoretical spectra are
shown in figure 3, showing that the calculated functions can fit fairly well with the data, with a
normalized root-mean-square deviation of 1.5% and 2.1% for imaging and treatment spectra
respectively. The algorithm was then used to fit parameterization to measured data. The HU
value for water was first used as a quality control for calibration of the device. As the best
results for fit were obtained when the HU values measured for water (one of the substitutes)
were close to 0, the imaging device had to be recalibrated (with an air-scan calibration) before
the next steps.

In this section, we present the results for our standard imaging protocol (see table 1),
corresponding to skull base treatments conditions (calibration performed with a phantom
diameter of 200 mm). We selected a 2 mm slice thickness in both protocols, as it is
the smallest slice thickness available with the MV-CT. The final curves were composed
of seven linear fits for different categories of tissues. For 120 kV images, the values ±
standard deviation for Kph, Kcoh and KKN were 2.889 ± 0.3 × 10−5, 3.296 ± 6 × 10−4,
8.475 ± 0.15 × 10−1 respectively and for u, v, α were 0.053 ± 0.05, 0.045 ± 0.04, 3.600 ± 1.4
respectively. For 3.5 MV images, the values ± standard deviation for Kph, Kcoh and KKN were
3.191 ± 3 × 10−7, –5.577 ± 6 × 10−5, 9.097 ± 0.17 × 10−2 respectively and for u, v, α were
0.98 ± 0.3, 0.36 ± 0.05, 0.89 ± 0.2 respectively. The R2-value of both fits was 0.999. Plots
of the data points for HU values are shown in figure 4. For each material, the average HU
number and standard deviation were determined within a circular region of interest. Mean
standard deviation was 8 HU for kV-CT images and 38 HU for MV-CT images. For each
imaging protocol tested, the differences between the two methods were less than 15 HU and
no systematic difference was observed, indicating that the accuracy of the two methods could
be equivalent to predict relative stopping power. The mean and standard deviations of the
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Figure 4. Comparison of measurement (blue curves) and calculation with ‘Midgley’ conversion
(red curves) of HU values for a set of tissue substitutes (see table A.1) with parameterization of
CT units for a 120 kV CT scan and a 3.5 MV CT scan with a phantom diameter of 200 mm and
2 mm slice thickness.

differences between calculated and measured HU values for both methods and images sets
were less than 2 and 8 HU respectively.

HU numbers were then calculated for 40 human tissues (listed in table A.3) and the results
for the two methods were compared: the data points calculated with the ‘Midgley’ method
showed good agreement with those calculated with the ‘Jackson’ method. The mean and
standard deviations of the differences between the calculated HU values were 2.6 and 5.4 HU
respectively for kV images, and 1.1 and 1.9 HU respectively for MV images. The next step
consisted of the fitted multi-linear construction of the final curve expressing HU as a function
of relative proton stopping power: as expected, the two final calibration curves were almost
identical. Results of calculated HU values for human samples are shown in figure 5 for low
and high energy scanners, and the final calibration curves are plotted in figure 6. Note that the
slopes of the two curves were different and that the MV curve was almost linear from 0 to
1500 HU, with MV HU values (greater than 100 HU) lower than kV values. This is a result
of the predominant Compton scattering effect for MV images, compared to the photoelectric
effect, which presents a decreasing contribution as energy increases. As the photoelectric
effect is proportional to atomic number according to a Z3 law, and as the Compton effect is
linear with Z, calibration curves remained linear for high energy images when electron density
increases, whereas HU values increased more rapidly for low energy images due to the higher
relative contribution of the photoelectric effect.

Several other conversions were performed with our kV and MV-CT machines and are
presented figure 7: the results are consistent with measurements previously described in the
literature for kV and MV images (Schaffner and Pedroni 1998, Langen et al 2005) and the
final CT calibration curves were different when measurements were performed in air or in
phantom with different diameters, especially for HU values in bone samples (the slope of
the curve increased with increasing phantom diameter as a result of beam hardening effects).
For kV images, the FOV also influenced calibration: the slopes of the final curves increased
slightly with decreasing FOV. Variations of about 3% were observed for the SPR of cortical
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Figure 5. Results for calculation of HU values for a large variety of human tissues (see table A.2),
with parameterization of CT units for a 120 kV CT scan and a 3.5 MV CT scan with a phantom
diameter of 200 mm and 2 mm slice thickness. Results are plotted for ‘Jackson’ (red curve) and
‘Midgley’ (blue curve) calibrations.

Figure 6. Variations of relative proton stopping power as a function of HU values, for a 120 kV
CT scan and a 3.5 MV CT scan with a phantom’ diameter of 200 mm and 2 mm slice thickness.
The top curve corresponds to MV-CT images, and results are plotted for ‘Jackson’ (red curve) and
‘Midgley’ (blue curve) calibrations.

bone material (at 680 HU) when 50 and 330 mm phantom diameters and MV images were
used. Variations were about 4% for cortical bone material (at 1400 HU) when 200 and 330 mm
phantom diameters and kV images were used. The effect of the FOV was investigated (only
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Figure 7. Variations of relative proton stopping power as a function of HU values, for 120 kV CT
scan and 3.5 MV CT scan, 2 mm slice thickness, different phantom diameters and FOVs, ‘Jackson’
calibration.

for kV images as the FOV of the MV machine is limited to 400 mm): variations of 2%
were observed for the SPR of cortical bone material and for FOV between 240 and 400 mm.
The reason could be manufacturer-dependent, as filtration of the x-ray beam depends on the
diameter of the FOV on the Toshiba Aquilion 16 scanner. Practically no differences were
observed in the curves up to 100 HU for all experimental conditions.

3.2. Dosimetric impact of high density metallic implants

Metallic implants are frequently used in patients (see table A.2 for examples of medical
implants): in this section, we characterized the accuracy of the CT conversion method in
the presence of metallic implants and streak artifacts. HU values of several high density
samples (aluminum, titanium and spine stabilizing screw of unknown composition) were
initially measured from MV-CT images and their corresponding SPR values were deduced
and compared to the relative proton stopping powers of these samples measured in water.
The SPR values for metallic samples were deduced from measurement of the 90% distal dose
position (i.e. the proton beam range) in a homogeneous water phantom for a single proton beam
passing through the sample. The calculated SPR values given by the calibration curve were
very close to measured values (mean difference <5%). As the elemental atomic composition
of the implant is generally unknown, this means that the CT values given by extrapolation of
the calibration curve can be relatively accurate for density implants up to 4.5 g cm−3 (density
of a titanium implant).

We then compared the depth dose distributions calculated and measured for a spread-out
proton beam passing through the rigid phantom in the presence of the metallic screw (figure 8):
bright and dark streak artifacts were manually delineated, as they appear in the kV images,
and corrected by manually assigning SPR values. Lateral profiles as well as repeated depth
dose profiles have been done every 0.5 mm in the shadow of the metallic object to determine
the central axis of the rod and SPR values. The SPR values for assignment of metallic areas in
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Figure 8. Dose calculation for single beam irradiation of our phantom with heterogeneities and in
the axis of a metallic rod: TPS calculations are presented with corrected kV-CT images (a left) and
MV-CT images (a right), comparisons of 1D measurement in the axis of the metallic implant (b).

the kV-CT images were those obtained by measurements in water (i.e. SPR = 2.5), whereas
MV-CT images were not modified. Figure 8 shows that the proton beam range (166 mm at
the distal 90%) in water was accurately predicted by the two sets of images; however the
calculations based on MV-CT images were more accurate to predict the dose distribution in
the distal part of the dose curve. This can be explained by the fact that MV-CT images did not
comprise any streak artifacts, while correction for these artifacts on kV-CT images was not
sufficiently accurate to precisely delineate the geometry of the metallic implant (lack of image
information, saturation effects). Depending on the size of the high density area, the scattering
effects predicted by the dose algorithm can have a significant impact in the central axis of the
metallic rod (greater than 20% of the relative dose, behind the high density implant in water,
figure 8(b)): delineation of the metallic rod with the kV-CT images leads to overestimation of
the diameter of the implant by 1 mm, and therefore underestimation of the dose behind the
high density implant. Moreover, the MV-CT images showed that the density of the implant
may not be homogeneous.
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Table 2. Treatment planning data for the clinical case, abbreviations: CTV = clinical target volume
(CTV-LR receives 52.2 Gy-RBE and CTV-HR 72 Gy-RBE as prescribed doses, with RBE value
of 1.1), D2 and D95: doses to 2 and 95% of the volume (Gy-RBE).

Histology Chordoma

Number of beams 11
Implant volume (cm3) kV-CT: 8.2 MV-CT: 9.6
D95 of CTV-LR 53.5 Gy-RBE
D95 of CTV-HR 70.6 Gy-RBE
D2 of brainstem 60.7 Gy-RBE
D2 of spinal cord 54.7 Gy-RBE

3.3. Treatment planning calculations in clinical cases

In this section, we evaluated the dose calculation accuracy of our TPS for patients with metallic
implants: MV-CT and kV-CT images were both used to delineate the organ at risk and planning
target volumes, after being registered to one another (approach described in section 2.2). The
initial HU values in the MV-CT scans were not modified and the same energy, modulation and
geometry were used for the proton beams in both plans. The compensators were calculated
for each type of image: for analysis, we first compared calculations in kV images with the
use of the MV compensator, and then compared the compensators. The gamma evaluation
method was used to compare range calculations throughout the surface of the irradiated beam
(Low et al 1998, Depuydt et al 2002): an accurate comparison of the thickness matrices of the
two compensators (deduced from KV or MV images) was therefore obtained by combining
thickness differences and distance to agreement criteria. This method provided a graphical
representation of the range errors induced by the artifacts, that are expected to increase in
regions in which the protons travel through the implants. This representation also provided an
estimate of the resolution that can be achieved with poor soft-tissue image contrast of MV-CT
devices: in the areas without artifacts, the ranges calculated with the two sets of images should
be similar. Although the relationship between CT values and SPR is linear, the loss of contrast
in the MV image could result in smearing of the compensator, indicating insufficient resolution
of the scan to achieve good conformation of the distal dose to the tumor, especially in the case
of large slice thickness.

As a first step, we compared the dose calculations obtained independently by using either
kV-CT or MV-CT sets of images. a clinical case for which kV-CT and MCCT images were
available was chosen and the CT calibration curves obtained for the different sets of images
were applied to this case for dose calculations. Comparative treatment planning was first
performed for the dose distributions of two single beams, and for the total dose distribution
(all the beams) of the clinical case (cf. table 2. for initial plan parameters).

Figure 9 shows the two-dimensional dose distribution for two proton fields with the
compensator calculated from MV-CT images, and after overlaying on the corrected kV-CT
images. Note that the density correction performed on kV-CT images is sufficiently accurate
to ensure good coverage of the clinical target volume, and that the 95% isodose in the kV-CT
set of images (i.e. 95% of the prescribed dose) is close to the 95% isodose obtained with the
compensator calculated with MV-CT images.

Comparison of two compensators calculated with the kV-CT and MV-CT sets of images
for a clinical case (spine chordoma) has been performed: the maximal beam penetration range
calculated for the lateral–anterior beam is 167.9 mm for kV-CT images and 169.4 mm for
MV-CT images, and the maximal range calculated for the superior–anterior beam is 173.2 mm
for kV-CT images and 172.8 mm for MV-CT images. The compensators presented the same
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(a) (b) 

Figure 9. Dose distributions for two beams (a) superior–anterior (b) lateral–anterior, with spine-
stabilizing screws and one single beam (Clinical Target Volume: yellow): isodoses from the kV-CT
plan with compensator imported from the MV-CT plan (dotted line) and isodoses from the kV-CT
plan with bright and dark streak artifact corrections (solid line).

Figure 10. Gamma comparison (left) of two compensators for: (a) lateral–anterior field
(b) superior–anterior field in treatment of a chordoma with #th = 2 mm and #d = 2 mm,
and comparison of depth profiles (right) along X and Y axis, at (X, Y) = (0 mm, 0 mm).

maximum thickness for the lateral–anterior beam (the mean absolute difference between
compensator thickness was 0.8 mm ± 0.5 mm), and the maximum thickness difference for
the superior–anterior beam was 1.4 mm (the mean absolute difference between compensator
thickness was 2 mm ± 3 mm). A graphical representation of the gamma evaluation and central
depth profiles is presented in figure 10: 87% and 90% of the pixels of the gamma matrix were
less than 1 for the superior–anterior beam and lateral–anterior beam, respectively.

As a second step, and to assess the accuracy of our method using MV-CT images, we
compared the dose calculations and maximal beam penetration ranges obtained for the total
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(a) (b) 

Figure 11. (a) 3D view of the case of spinal chordoma with the main organs at risk (spinal cord
and brainstem) and target volumes (CTV-LR receives 52.2Gy-RBE and CTV-HR 72Gy-RBE as
prescribed doses). (b) DVHs comparison: DVH from standard kV-CT plan (dash-dot line), MV-CT
plan (solid line) and kV-CT plan with compensator from the MV-CT plan (dotted line).

dose distribution of our clinical plan (all beams). The mean and standard deviation for the
differences in penetration range were −1.0 mm ± 2 (11 beams were considered) and the two
dose distributions were overlaid and showed good similarity. A DVH comparison for the main
organs at risk and target volumes is shown in figure 11: D2 and D95 values differed by less than
0.5 Gy between the three approaches and only minimal differences were observed between
kV-CT and MV-CT images.

Finally, we tried to determine how MV-CT images could improve patient dose calculations
and to what degree. In clinical practice, the proximity of metallic implants and organs at risk
make field arrangement challenging, and field orientations are selected to ensure, as far as
possible, that the implants are situated outside of the proton beam path. The limits of proton
fields are sometimes defined tangentially to the outermost edge of the metallic implants,
and the artifacts are corrected and assigned with an average normal tissue value. To test the
robustness of our method, we compared two plans with kV-CT images: the first one according
to our current practice, and the second one by using MV-CT images to define the limits and
SPR value of the metallic implants and artifacts areas (‘standard kV-CT’ and ‘upgraded kV_
MV-CT’ approaches, as described in section 2.2). We used the theoretical SPR value of 3.2
for a pure titanium implant in the standard approach and the measured SPR value (around 2.5)
for the upgraded approach. We also adjusted, when necessary, the limits of the beams to the
edges of the metallic implant, as visualized on the MV-CT images. We then compared the dose
calculations between the original and modified plans. As expected for the beams with implants
close to their lateral limit, we observed differences in maximal penetration ranges from 7 to
16 mm: as shown in figure 12 for one single beam, the uncertainty on the relative stopping
power of the implant and on its accurate delineation introduces significant uncertainties in the
range calculation for that beam. However, with the composite of all beams, the inaccuracies
were averaged out and no significant differences were observed for dose distribution or DVHs.
No significant differences were observed between the compensators and the penetration ranges
for the other beams, suggesting that the delineation and SPR assignment for artifact areas may
be sufficiently accurate to limit dose distribution uncertainties.
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Figure 12. Axial dose distribution for one posterior field (the target for that field is part of the
clinical volume shown in yellow): isodoses from the ‘upgraded kV-CT’ plan with compensators
imported from the MV-CT plan (solid line) and isodoses from the ‘standard kV-CT’ plan with
bright and dark streak artifact corrections (dotted line) are overlaid.

4. Discussion

As expected (Schaffner and Pedroni 1998), the kV and MV imaging beam acquisition protocol
settings, such as energy, phantom size or FOV have a major impact on the CT-HU calibration
curve. Metal artifacts are primarily caused by noise and beam hardening, which mainly affects
high-density materials. As shown by Schaffner and Pedroni (1998) and in agreement with
our results, the beam hardening effect can be illustrated by the differences in HU measured
between large and small phantom diameters. In the presence of metal, the artifacts appear as
bright and dark shadows around the metal, and beam hardening reduction can also be achieved
by dual-energy imaging or recently upcoming repeated reconstruction methods. However, the
accuracy of the CT number value of the metal implant or the tissue in the shadow of the
artifact cannot be improved by such artifact reduction techniques with kV-CT images. Metal
artifact reduction methods have therefore been, recently been to MV-CT images (Paudel et al
2012), which could provide more accurate CT number values when corrected. MV-CT images
would then have two main advantages: the deviation of CT numbers from their true value
for metal implants and the deviation of CT numbers for the tissues in artifacted areas around
the implant would be reduced. For clinical purposes, a calibration curve corresponding to the
scanner settings must be used. In our institution, we generally use one or two voltage settings
for imaging for radiotherapy (for children and adults). However, the size of the FOVs and
the thickness of the scanned tissue depend on treatment localization. We therefore decided to
determine several calibration curves, each corresponding to a different FOV. TPS then consists
of checking the acquisition setting parameters in DICOM image information and automatically
using the curve that best corresponds to the chosen protocol. Slice thickness (or pitch), mAs
intensity, and filters appear to have less influence on HU values: however, our current practice
is to use the settings defined during calibration.

Elemental composition and tissue density significantly influenced the shape of the CT
calibration curves: in this study, we evaluated the accuracy of Schneider’s stoichiometric
method which can be considered to be our reference technique, and compared this method
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to a new method using parameterization of x-ray interaction cross sections (Midgley 2004).
The two conversion schemes showed excellent agreement and used the same stoichiometric
calibration method derived from sample measurements. Schneider’s method, commonly used
in the range of diagnostic imaging beams, gave similar results in the range of MV imaging as
Midgley’s method that uses energy parameters from 10 keV to 125 MeV. We then evaluated
CT calibration methods for low and high energy imaging beams in the presence of metallic
implants, and found that the use of CT calibration curves can provide a good estimate of
relative proton stopping power for some of the high density samples observed in patients.
The implants tested in this study showed substantial variability in elemental composition and
density which could not be evaluated without the use of MV-CT images and correlation with
the calibration curve. Moreover, the calibration curve for MV-CT is linear, with lower HU
values at high densities: this can be advantageous for imaging of metallic implants, while some
TPS or scanners use thresholded HU allocation values that are unable to take into account
such high HU values.

Due to the small number of clinical cases and limited number of implants studied, the
power of our analysis is limited and the proposed method comprises a number of uncertainties.
The differences between the proton ranges in the ‘standard kV-CT’ and MV-CT approach
ranged from −3 to 2.5 mm and had limited consequences on a patient dose distribution, as the
combination of many fields compensates for errors in a single field. In real clinical practice,
the use of kV-CT images could lead to overestimation of the size of metal implants, and
metal artifacts are usually overridden with the maximum known SPR value: in our clinical
case, our study showed that the calculated ranges can be overestimated compared to those
that would have been obtained by using information from MV-CT images. Since no organ at
risk is situated after the distal part of the beam, the clinical impact of this potential overshoot
remains insignificant and, in this case, additional MV-CT information would not significantly
improve the accuracy of proton dose calculations. Since MV-CT delivers additional dose to the
patient and no significant difference was found in the investigated patient case, further work
will be required to determine if MV-CT could at least be used for delineation of regions with
artifacts and implant before manually assigning relative stopping powers. Moreover, volume
effects were observed on the images, depending on heterogeneity sizes that could influence
the determination of relative stopping powers. Spatial resolution of MV-CT is lower than that
of kV-CT and the modalities of improving image quality are currently limited (reduce jaw
opening or slice thicknesses, increase photon fluence): improvement in resolution is generally
associated with reduction of contrasts or signal-to-noise ratio, as highlighted by Chvetsov
and Paige (2010), and higher CT image noise can be significant leading to inaccuracies in
the calculated proton range. Another issue is that of patient dose: MV-CT doses delivered
to the patient are higher than those delivered by kV-CT and influence signal-to-noise ratio.
In order to use our method in clinical practice, a large number of photons must be used for
image acquisition. For ‘fine’ setting of tomotherapy, the expected dose for a typical scan is
about 3 cGy, and could be justified by the gain in accuracy for dose calculations only for some
patients with metallic implants and specific beam orientations.

5. Conclusions

In this study, we investigated several conditions for determination of CT-HU calibration
curves using stoichiometric methodology and two different methods for parameterization of
x-ray interaction cross sections. We also studied the effects of metal artifacts on proton dose
distributions with metallic implants, in a rigid phantom and under clinical conditions. Analysis
of data from diagnostic and MV imaging devices did not reveal any significant discrepancies
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between calculation methods and measurements. In the absence of beam hardening artifacts
in the CT reconstruction, we expect both kV and MV yielding the same accurate model for
relative proton stopping power. The use of MV-CT images facilitated evaluation of relative
proton stopping power in certain metals. SPR values measured for several metals were in
good agreement with calculated values (<5%). Marked variations were observed between the
composition and densities of the metallic samples tested, but the differences between treatment
plans calculated on corrected kV-CT data and MV-CT data remained insignificant, even with
streak artifacts and volume effects that reduce the accuracy of manual corrections. Further
work is required to improve resolution and contrast of MV-CT devices before using these tools
in patients with heterogeneities smaller than the maximum resolution of the imaging device.
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Appendix. Elemental composition of the materials scanned and used for calibration of
CT devices

Tissue substitutes (table A.1) and human tissues (table A.3) used for acquisition and calibration
of CT images are listed. Chemical compositions of human tissues are listed in ICRU 1989

Table A.1. Chemical composition and density for tissue substitutes used for acquisition and
calibration of CT images.

Material Density Atomic composition (%)

(g cm−3) H C N O Ca P Na Mg S Cl K F

Water 1.00 11.19 88.81
Muscle 1.062 9.20 70.07 2.01 16.4 2.17 1.2
Adipose tissue 0.979 9.77 71.31 1.79 16.36 0.32 0.19
Cortical bone 1.82 3.39 15.50 3.97 44.10 22.20 10.20 0.06 0.21 0.31
Breast 0.99 9.6 70.28 1.92 17 0.94 0.19
Bone 200 1.161 7 56.29 2.03 22.72 8.5 3.3 0.15
Bone 800 1.609 4.45 39.11 0.87 33.72 21.77 0.05
Trabecular bone 1.18 8.67 13 3.6 66.4 4.96 2.43 0.08 0.06 0.46 0.23

Table A.2. Chemical composition, density and measured relative proton stopping power for some
high density metals generally used for medical implants.

Density Relative stopping power Atomic composition

Material (g cm−3) (200 MeV protons) Al Ti Ni Cr V Fe Mo

Aluminum 2.67 2.2 1
Rod implants 4.42 2.5 0.06 0.898 0.04
(titanium alloy):
Ta6V
Titanium 4.51 3.25 0.998
vascular stents: 6.45 – 0.505 0.49 0.05
nitinol
Rods implants 8.1 – 0.14 0.18 0.65 0.28
(iron alloy):
stainless steel
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Table A.3. List, density and relative electron densities of human tissues used for construction of
the CT scanner calibration curve.

Tissues Density (g cm−3) Relative electron density (g cm−3)

Adipose tissue 0.95 0.951
Blood 1.06 1.05
Brain 1.04 1.035
Prostate 1.04 1.033
Breast MG1 0.99 0.987
Breast MG2 1.02 0.989
GI tract 1.03 1.024
Heart 1.06 1.051
Kidney 1.05 1.041
Liver 1.06 1.05
Lung deflat 1.05 1.041
Lung inflat 0.26 0.258
Lymph 1.03 1.026
Muscle 1.05 1.04
Ovary 1.05 1.043
Pancreas 1.04 1.034
Cartilage 1.1 1.083
Red marrow 1.03 1.023
Spongiosa 1.18 1.15
Yellow marrow 0.98 0.982
Breast MG3 1.06 1.05
Spleen 1.06 1.051
Testis 1.04 1.032
Thyroid 1.05 1.041
Cortical 1.92 1.781
Cranium 1.61 1.517
Femur 1.33 1.278
Humerus 1.46 1.389
Mandible 1.68 1.577
Ribs 2 and 6 1.41 1.347
Ribs 10 1.52 1.441
Sacrum 1.29 1.244
Skeleton spongiosa 1.18 1.15
C4 vertebra 1.42 1.355
T6 and L3 vertebrae 1.33 1.278
Adipose C1 0.98 0.986
Adipose C2 0.96 0.961
Adipose C3 0.95 0.953
Adipose A1 0.97 0.97
Adipose A2 0.95 0.952
Adipose A3 0.93 0.933
Heart Adult HEA 1.05 1.042

(‘Tissue Substitutes in Radiation Dosimetry and Measurement, ICRU Report 44’) and ICRP
1975 (‘Report of the Task Group on Reference Man, ICRP Publication 23’). Some metallic
materials generally used for their biocompatibility are listed in table A.2 with mean density,
atomic composition and relative stopping power for 200 MeV proton beams.
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