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The authors present and evaluate concepts for image reconstruction in dual source CT �DSCT�.
They describe both standard spiral �helical� DSCT image reconstruction and electrocardiogram
�ECG�-synchronized image reconstruction. For a compact mechanical design of the DSCT, one
detector �A� can cover the full scan field of view, while the other detector �B� has to be restricted
to a smaller, central field of view. The authors develop an algorithm for scan data completion,
extrapolating truncated data of detector �B� by using data of detector �A�. They propose a unified
framework for convolution and simultaneous 3D backprojection of both �A� and �B� data, with
similar treatment of standard spiral, ECG-gated spiral, and sequential �axial� scan data. In ECG-
synchronized image reconstruction, a flexible scan data range per measurement system can be used
to trade off temporal resolution for reduced image noise. Both data extrapolation and image recon-
struction are evaluated by means of computer simulated data of anthropomorphic phantoms, by
phantom measurements and patient studies. The authors show that a consistent filter direction along
the spiral tangent on both detectors is essential to reduce cone-beam artifacts, requiring truncation
of the extrapolated �B� data after convolution in standard spiral scans. Reconstructions of an
anthropomorphic thorax phantom demonstrate good image quality and dose accumulation as theo-
retically expected for simultaneous 3D backprojection of the filtered �A� data and the truncated
filtered �B� data into the same 3D image volume. In ECG-gated spiral modes, spiral slice sensitivity
profiles �SSPs� show only minor dependence on the patient’s heart rate if the spiral pitch is properly
adapted. Measurements with a thin gold plate phantom result in effective slice widths �full width at
half maximum of the SSP� of 0.63–0.69 mm for the nominal 0.6 mm slice and 0.82–0.87 mm for
the nominal 0.75 mm slice. The visually determined through-plane �z axis� spatial resolution in a
bar pattern phantom is 0.33–0.36 mm for the nominal 0.6 mm slice and 0.45 mm for the nominal
0.75 mm slice, again almost independent of the patient’s heart rate. The authors verify the theoreti-
cally expected temporal resolution of 83 ms at 330 ms gantry rotation time by blur free images of
a moving coronary artery phantom with 90 ms rest phase and demonstrate image noise reduction as
predicted for increased reconstruction data ranges per measurement system. Finally, they show that
the smoothness of the transition between image stacks acquired in different cardiac cycles can be
efficiently controlled with the proposed approach for ECG-synchronized image
reconstruction. © 2008 American Association of Physicists in Medicine.
�DOI: 10.1118/1.3020756�
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I. INTRODUCTION

The first 10 years after the broad introduction of multidetec-
tor row CT �MDCT� into clinical practice were characterized
by a race for more slices. 4-, 8-, 16-, 32-, and 64-slice CT
systems were introduced in rapid succession.1–5 Using 64-
slice CT scanners, the whole body can be examined with
isotropic submillimeter resolution in very short scan times.
Today, alternative system concepts are being considered that

have the potential to solve remaining limitations of conven-

5882 Med. Phys. 35 „12…, December 2008 0094-2405/2008/35„
tional MDCT scanners, such as insufficient temporal reso-
lution for electrocardiogram �ECG�-controlled cardiac
imaging.

Motion artifacts due to inadequate temporal resolution are
a challenge for ECG-triggered and ECG-gated examinations
of the heart and the coronary arteries even with the latest
generation of MDCT. Further improved temporal resolution
of less than 100 ms at all heart rates is desirable to eliminate

the need for heart rate control by administration of
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betablockers, which have contraindications and slow down
the clinical workflow. Increased gantry rotation speed rather
than multisegment reconstruction appears preferable for ro-
bust clinical performance.6,7 An alternative to further in-
creased gantry rotation speed in conventional third genera-
tion MDCT systems is a scanner concept with multiple x-ray
tubes and detectors.8,9

A recently introduced dual-source CT �DSCT� scanner
�SOMATOM Definition, Siemens Healthcare, Forchheim,
Germany� is equipped with two x-ray tubes and two corre-
sponding detectors that are mounted onto the rotating gantry
with an angular offset of 90°. The key benefit of DSCT for
cardiac scanning is improved temporal resolution. A scanner
of this type provides temporal resolution equivalent to a
quarter of the gantry rotation time �83 ms at 0.33 s rotation
time� in a sufficiently centered scan field of view �SFOV�,
independent of the patient’s heart rate.10 Both acquisition
systems can also be simultaneously operated in a standard
spiral �helical� or sequential acquisition mode, in this way
utilizing the power reserves of two x-ray tubes for long scan
ranges and obese patients. Additionally, both x-ray tubes can
be operated at different kV and mA settings, enabling the
acquisition of dual energy data that can provide additional
functional information.11–15

Despite their potential clinical benefits, DSCT systems
have to cope with a number of challenges. One major chal-
lenge for image reconstruction is data truncation: for a com-
pact gantry design, one detector �A� covers the entire SFOV
�50 cm in diameter�, while the other detector �B� is restricted
to a smaller, central field of view �26 cm in diameter�, see
Fig. 1. As a consequence, the projection data of detector �B�
are truncated if the scanned object extends beyond the cen-
tral field of view, and the data will have to be extrapolated.
Another challenge is cross-scattered radiation, i.e., scattered
radiation from x-ray tube �B� detected in detector �A� and
vice versa. Cross-scattered radiation can produce artifacts
and degrade the contrast-to-noise ratio of the images, and it

FIG. 1. Technical realization of a DSCT system �SOMATOM Definition,
Siemens Healthcare, Forchheim, Germany�. One detector �A� covers the
entire scan field of view with a diameter of 50 cm, while the other detector
�B� is restricted to a smaller, central field of view.
requires adequate correction.
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In this article we present and evaluate concepts for data
extrapolation and image reconstruction in DSCT. We develop
an approach for scan data completion, extrapolating trun-
cated data of detector �B� by using data of detector �A�. We
describe both standard spiral �helical� DSCT image recon-
struction and ECG-synchronized image reconstruction that
allows for visualization of the cardiothoracic anatomy in pre-
selected phases of the patient’s cardiac cycle. We evaluate
both data extrapolation and image reconstruction by means
of computer simulated data of anthropomorphic phantoms,
by phantom measurements and patient studies.

II. MATERIALS AND METHODS

II.A. Image reconstruction for dual source CT

II.A.1. System geometry

Both multirow detectors �A� and �B� form cylindrical sur-
faces with radius RF+RD. RF is the focus-isocenter distance,
RD is the detector-isocenter distance. The system geometry is
shown in Fig. 2. The focus of both x-ray tubes moves along
a spiral �helical� path with radius RF. The path of x-ray tube
�A�, corresponding to detector �A�, is given by

xF
A��A� = RF cos �A,

yF
A��A� = RF sin �A, �1�

zF
A��A� = zrot

�A

2�
+ zstart.

FIG. 2. System geometry of a DSCT system. The z axis points into the paper
plane and from the patient table into the gantry.
Consequently, the path of x-ray tube �B� is given by
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xF
B��B� = RF cos��B� ,

yF
B��B� = RF sin��B� , �2�

zF
B��B� = zrot

�B

2�
+ zstart.

�A/B is the projection angle, i.e., the angle between a straight
line from the focal spot to the origin and the x axis. Due to
the mechanical assembly of both measurement systems,

�B = �A − �/2. �3�

zrot=NqSp is the table feed per rotation. S is the slice thick-
ness of each of the Nq simultaneously acquired slices of de-
tectors �A� and �B�, measured at the isocenter, and p is the
spiral �helical� pitch.

Each individual measurement ray is characterized by its
detector �A� or �B�, its projection angle �, its fan angle �
within a projection and by its slice index q, with q
=0, . . . ,Nq−1. Another set of variables characterizing the
rays in parallel geometry is �, b, and q. � is the azimuthal
angle and b denotes the distance of a ray from the isocenter.
Two simple equations relate the two sets of variables, namely

� = � + � ,

�4�
b = RF sin � .

The logarithmic attenuation values, i.e., the line integrals of
the object’s attenuation coefficient � along the measured
rays are denoted by either fA/B�� ,� ,q� or fA/B�� ,b ,q�. We
additionally introduce the relative z-position q̂ of a slice q on
the detector, given by

q̂ = �Nq − 1

2
− q� 2

Nq
, �5�

with −1� q̂�1. In this notation, measured rays are denoted
by either fA/B�� ,� , q̂� or fA/B�� ,b , q̂�.

The evaluated DSCT-scanner �SOMATOM Definition, Si-
emens Healthcare, Forchheim, Germany� acquires fan-beam
projections characterized by discrete projection angles �n

and fan angles �k. The focus-isocenter distance is RF

=595 mm. Nk
A/B is the number of detector channels of detec-

tors �A� and �B�, respectively, with Nk
A=672 and Nk

B=352. In
order not to overload the following equations with details of
the discretization �which is similar to4,5�, we use continuous
notation with

− bmax
A/B � b � bmax

A/B ,

�6�
bmax

A/B = RF sin��max
A/B � .

2�max
A/B is the full fan angle of detectors �A� and �B�, respec-

tively.
Prior to image reconstruction the fA/B�� ,� ,q� undergo a

model-based correction for cross-scattered radiation. This
correction will be described in a separate article.

The evaluated DSCT scanner uses the z-flying focal spot
5
technique for both measurement systems. Two subsequent
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readings with Nq=32 slices and collimated slice width S
=0.6 mm are combined to one projection with 2Nq=64 slices
and a sampling distance of S /2 at the isocenter. This way,
each detector acquires 2Nq overlapping slices per projection,
each with slice width S. Parallel rebinning of cone-beam pro-
jection data with z-flying focal spot was reported in Ref. 5
and will not be repeated here.

The z position of slice q of a cone-beam projection
fA/B�� ,b ,q� in parallel geometry relative to the isocenter of
the detector depends on b=RF sin � �see Eq. �4�� and is
given by

z�b,q� = �Nq − 1

2
− q�S̄b + �b,

S̄b = S�1 − �b/RF�2, �7�

�b = zrot
arcsin�b/RF�

2�
.

Parallel projections fA/B�� ,b ,q� consist of rays belonging to
different projection angles � and thus in the spiral �helical�
mode to different z positions of the x-ray source.

II.A.2. Extrapolation of truncated spiral „helical…
data

While detector �A� covers the full field of view �radius
bmax

A =25 cm�, detector �B� only covers a smaller, central
field of view �radius bmax

B =13 cm�. As a consequence, the
projection data of detector �B� are potentially truncated and
will have to be extrapolated before reconstruction to avoid
truncation artifacts in the images. We use data acquired with
detector �A� to extrapolate the truncated projections of detec-
tor �B�. The extrapolation is done in parallel geometry. Due
to the mechanical assembly of the DSCT system, the corre-
sponding �A� data used to extrapolate �B� data at a certain
projection angle � are acquired either a quarter rotation ear-
lier �same half turn of the spiral, �=0�, or a quarter rotation
later �next half turn of the spiral, �=1�, see Fig. 3.

At any parallel projection angle �, top edge �q=0� and
bottom edge �q=Nq−1� of detector �A� for �=0 relative to
the center position of detector �B� are given by �see Eq. �7��,

z�=0
A,top�b� =

Nq − 1

2
S̄b + �b −

zrot

4
+ 	z ,

z�=0
A,bot�b� = −

�Nq − 1�
2

S̄b + �b −
zrot

4
+ 	z , �8�

− bmax
A � b � bmax

A .

	z accounts for a potential z displacement of detector �A�
relative to detector �B� due to mechanical tolerances that can
be measured in the system adjustment procedure. Note that
at the same angular position detector �A� has a z offset of
−zrot /4 relative to detector �B�. For �=1 �next half turn of

the spiral� we obtain
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z�=1
A,top�b� =

Nq − 1

2
S̄b − �b +

zrot

4
+ 	z ,

�9�

z�=1
A,bot�b� = −

�Nq − 1�
2

S̄b − �b +
zrot

4
+ 	z .

Equation �9� is obtained from Eq. �7� by replacing each ray
at b by its complementary ray at −b. Detector �A� has a z
offset of +zrot /4 relative to detector �B�.

Each slice q of detector �B� is extended to the full field of
view of detector �A�. The b-dependent z position of slice q
on detector �B� is z�b ,q� given by Eq. �7� �see also Fig. 3�.

By inserting −bmax
A �b�bmax

A into Eq. �7� this
b-dependent z position can be extended to the full size of
detector �A�. As a first step, a “virtual slice” s�b ,q� on de-
tector �A� that corresponds to this z position is calculated

s�b,q� =
z�

A,top�b� − z�b,q�
�z�

A,top�b� − z�
A,bot�b��

· �Nq − 1� . �10�

s�b ,q� is not necessarily an integer number. The projection
data fA�b ,s� corresponding to the virtual slice s�b ,q� are ob-
tained by a linear interpolation between adjacent detector
rows of detector �A�. The interpolated fA�b ,s� are used to
extend fB�b ,q� beyond the limits of the small SFOV of de-
tector �B�.

If z�=0
A,top�−bmax

B �
z�−bmax
B ,q�, data from detector �A� ac-

quired in the same half turn of the spiral ��=0� are used for
extrapolation. Otherwise, data measured in the next half turn
of the spiral ��=1� are used. In the example shown in Fig. 3,
�=1 for the indicated slice q. To obtain a smooth transition
between the data fA�b ,s� from detector �A� and the measured
data fB�b ,q� from detector �B� at the boundaries, a smooth

FIG. 3. Data completion of truncated �B� data in parallel geometry. The
z-axis corresponds to the patient axis. A slice q on detector �B� is indicated.
�A� data measured at the same view angle are used to extrapolate the �B�
projections in the b direction. If no �A� data from the current half turn of the
spiral ��=0� are available, as in this case, �A� data from the adjacent half
turn �=1 are used.
transition function � is used in the extrapolation step
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fB�b,q� = fA�b,s� bmax
B � �b� � bmax

A ,

fB�b,q� = ��b�fB�b,q� + �1 − ��b��fA�b,s� �11�

0 � �b� � bmax
B .

We use the following weighting function � of length L,

��b� = 	1 0 � �b� � bmax
B − L

cos2��

2

��b� − bmax
B + L�
L

� bmax
B − L � �b� � bmax

B . 

�12�

II.A.3. Spiral „helical… image reconstruction

After data completion, a 3D filtered backprojection recon-
struction of the Feldkamp type16,17 is applied to the data.

�a� Convolution. In the convolution step both spiral �heli-
cal� datasets �A� and �B� are independently filtered along the
row direction b with a standard �e.g., Shepp–Logan� kernel
K, as described in Ref. 17 for the single source case. We
obtain for the filtered projection data PA/B�� ,b ,q�:

PA/B��,b,q� =� db�fA/B��,b�,q� · K�b − b�� . �13�

Recently, it was shown that the choice of the proper di-
rection along which the data should be filtered is of critical
importance for the image quality achieved with 3D filtered
backprojection17. Filtering of the data in the direction of the
spiral tangent—or as an approximation filtering of the data in
the b direction after rebinning to parallel geometry—can
markedly reduce artifacts and improve image quality. While
the correct filter direction is obtained in the full SFOV for
the data of detector �A�, the situation is more problematic for
detector �B� due to the required data extrapolation. If data
from a different half turn of the spiral ��=1� are used for
extrapolation, the direction of the spiral tangent is different,
and a consistent filter direction across the entire detector can-
not be obtained �see Fig. 3�. The �=0 filter direction in the
small SFOV and the �=1 filter direction outside differ more
the higher the spiral pitch p is, and the number of rows that
have to be completed with �=1 data increases with increas-
ing pitch �see Fig. 3�. Furthermore, the �A� rays have other
cone angles than the corresponding �B� rays, which may lead
to additional cone-beam artifacts in the vicinity of
z-inhomogeneous high-contrast objects outside the central
SFOV covered by detector �B�. A way out of this dilemma is
to truncate the extrapolated �B� data again at the boundaries
of the small SFOV after convolution and to backproject only
the truncated �B� data.

�b� 3D backprojection. In the proposed spiral �helical�
DSCT reconstruction, both the filtered data PA�� ,b ,q� of de-
tector �A� and PB�� ,b ,q� of detector �B� are simultaneously
backprojected into the same 3D image volume.

For each voxel �x ,y ,z� in this volume and for each pro-

jection angle �̃� �0,��, the following sum over all half turns

of the spiral that illuminate this voxel is calculated:
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Vx,y,z��̃� =
1

Hx,y,z��̃�
· �

m

�W�q̂A�PA�� = �̃ + m�, b̂, q̂A�

+ W�q̂B���b̂�PB�� = �̃ + m�, b̂, q̂B�� . �14�

�b̂ , q̂A� and �b̂ , q̂B� denote the detector coordinates17 of the
rays originating from x-ray source �A� and x-ray source �B�,
respectively, which hit voxel �x ,y ,z�:

b̂ = x sin��� − y cos��� ,

q̂A =
z − zrot · �� − arcsin�b̂/RF��/2� − zstart

l̂
,

�15�

l̂ =
NqS

2RF
��RF

2 − b̂2 − x cos��� − y sin���� ,

q̂B = q̂A −
zrot/4

l̂
,

with

� = �̃ + m� . �16�

Note that q̂A/B are relative detector z coordinates with −1
� q̂A/B�1, see Eq. �5�. W�q̂� is a smooth detector weighting
function that assigns less weight to the outer detector rows
with larger cone-angle to reduce cone-beam artifacts, for de-
tails see Ref. 17. W�q̂� is given by

W�q̂� =	
1 �q̂� � Q

cos2�

2

��q̂� − Q�
�1 − Q� � Q � �q̂� � 1

0 �q̂�  1

 . �17�

Weight �, which is only applied to �B� data, depends on the

parallel coordinate b̂ and truncates the projection data after
convolution

��b̂� = 1 for b̂ � bmax
B and ��b̂� = 0 for b̂  bmax

B .

�18�

This way, measured �B� data only are backprojected both
inside and outside the small SFOV. Hence, detector �B� pro-
duces no complete CT image outside the small SFOV, but its
rays at a certain projection angle � are averaged with the
corresponding rays from detector �A� to accumulate as much
radiation dose as possible. Equation �15� implies some kind
of interpolation �typically bilinear� on the detector grid.

The normalization sum for voxel �x ,y ,z� is given by

Hx,y,z��̃� = �
m

�W�q̂A� + W�q̂B���b̂�� . �19�

˜
Finally, the voxel values are calculated by summing over �,
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Vx,y,z = �
�̃

Vx,y,z��̃� . �20�

Arbitrarily oriented 2D images with the final image slice
width Sima are obtained by using standard interpolation tech-
niques for multiplanar reformation of the 3D image volume
Vx,y,z, see Ref. 4.

�c� Reconstruction of dual energy data. In a dual energy
acquisition mode the two x-ray tubes �A� and �B� are oper-
ated at different tube voltages.10 As a consequence, the fil-
tered data PA�� ,b , q̂� of detector �A� and PB�� ,b , q̂� of de-
tector �B� can no longer be backprojected into the same 3D
image volume, since they represent different attenuation val-
ues of the object, but have to be backprojected into separate
3D image volumes

Vx,y,z
A ��̃� =

1

Hx,y,z
A ��̃�

· �
m

W�q̂A�PA��̃ + m�, b̂, q̂A� ,

�21�

Vx,y,z
B ��̃� =

1

Hx,y,z
B ��̃�

· �
m

W�q̂B���b̂�PB��̃ + m�, b̂, q̂B� .

The �B� image has to be restricted to the small SFOV with
radius bmax

B , since it is incomplete outside as a consequence
of the weight function �.

II.A.4. ECG-gated spiral „helical… image
reconstruction

With retrospective ECG-gating, the heart volume is cov-
ered by a spiral �helical� scan. The patient’s ECG is recorded
simultaneously to allow for a retrospective selection of the
spiral �helical� data segments used for image reconstruction.
To optimize temporal resolution, only scan data acquired in a
predefined phase of the patient’s cardiac cycle �e.g., the mid
to end diastolic phase� are used.18–20 The minimum data in-
terval for reconstruction of an individual image, providing
best possible temporal resolution, is � �a halfscan sinogram�
in parallel geometry. Due to the � /2 angular offset between
both measurement systems, this halfscan sinogram can be
obtained by appending two quarter scan sinograms that are
simultaneously acquired by the two measurement systems in
the same relative phase of the patient’s cardiac cycle and at
the same anatomical level. This way, a temporal resolution of
a quarter of the gantry rotation time �e.g., 83 ms for 330 ms
gantry rotation time� is achieved for voxels close to the iso-
center of the scanner. The temporal resolution is not con-
stant, but depends on the position of the voxel within the
SFOV and on the start angles of the data segments used for
image reconstruction relative to this voxel. Temporal reso-
lution may degrade for voxels away from the isocenter, but it
may also improve. Details for a single source scanner are
given in Ref. 33 and may be applied correspondingly to the

dual source case.
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We describe temporal rebinning and image reconstruction
for ECG-gated single-segment reconstruction with DSCT
data. An extension to multisegment reconstruction, in which
each quarter scan segment is divided into smaller segments
from different cardiac cycles of the patient, is straight for-
ward, e.g., by using the methods described in Ref. 20 but
beyond the scope of this article.

�a� Temporal rebinning and data selection. For both mea-
surement systems �A� and �B�, data intervals of length

��A/B = �rec + �trans, �22�

in predefined phases of the patient’s cardiac cycle are used
for image reconstruction. �rec is the reconstruction data inter-
val. �trans is an additional data interval for smooth transition
weighting of �A� and �B� data to avoid streak artifacts from
data inconsistencies at the edges of the reconstruction data
interval.

Due to the mechanical assembly, the minimum data inter-
val providing best possible temporal resolution of a quarter
of the gantry rotation time is �rec=� /2 in parallel geometry.
However, a larger data range � /2��rec�� per measure-
ment system can be used to accumulate radiation dose for
obese patients, in this way trading off temporal resolution for
reduced image noise, see Fig. 4. In this mode the overlapping
data ranges of measurement systems �A� and �B� have to be
adequately weighted in the 3D backprojection step.

Assuming that both ECG-recording and scan data acqui-
sition start at time t=0, we obtain

�A�t� = 2�
t

Trot
,

�23�

�B�t� = �A�t� −
�

2
.

FIG. 4. Schematic illustration of data segments in parallel geometry used for
ECG-synchronized DSCT image reconstruction. Due to the mechanical as-
sembly, the minimum data interval per measurement system is �rec=� /2 in
parallel geometry �indicated by dashed lines�. The data interval for each
measurement system can be increased �indicated by solid lines� to trade-off
temporal resolution for dose accumulation in order to reduce the image
noise for obese patients.
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Trot is the gantry rotation time. In this notation, the z posi-
tions of the focal spots of systems �A� and �B� are given by
�see also Eq. �1��,

zF
A�t� = zrot

t

Trot
+ zstart,

�24�
zF

B�t� = zF
A�t� .

We assume that image reconstruction in the lth cardiac cycle
uses a data interval that starts at time

tls = TR�l� + �t , �25�

�e.g., middiastole�. TR�l� is the time of the onset of R-wave l
in the patient’s ECG. �t is either a fixed temporal shift �e.g.,
reconstruction at 400 ms after each R-wave� or a certain
fraction F of the patient’s cardiac cycle

�t = F · �TR�l + 1� − TR�l�� , �26�

�e.g., reconstruction at 60% of the patient’s RR-interval�. The
focus positions at tls are given by inserting tls=TR�l�+�t into
Eq. �24�. �ls

A and �ls
B are the start angles �in parallel geometry�

of the data segments of measurement systems �A� and �B�
used for image reconstruction in cardiac cycle l. As a conse-
quence of the parallel rebinning �Eq. �4��, different fan beam
projection angles � acquired at different times t contribute to
each parallel projection �. We determine the timestamps as-
signed to �ls

A and �ls
B in the iso-center of the scanner ��=0�,

where ��t�=��t�, see Eq. �4�. Inserting tls=TR�l�+�t into Eq.
�23� we obtain

�ls
A = 2�

TR�l� + �t

Trot
,

�27�

�ls
B = �ls

A −
�

2
.

�b� Convolution and 3D backprojection. Once the data
segments

��ls
A,�le

A� = ��ls
A,�ls

A + �rec + �trans� ,

�28�
��ls

B,�le
B� = ��ls

B,�ls
B + �rec + �trans� ,

are defined for all cardiac cycles l, volume images Vx,y,z are
reconstructed from the respective data ranges of measure-
ment systems �A� and �B�. Note that each measurement sys-
tems typically contributes less than a halfscan sinogram to
each voxel.

The convolution operation is identical to the standard spi-
ral �helical� case, see Sec. II A 3.

For each voxel �x ,y ,z� and for each projection angle

�� �0,��, the following sum over all half turns of the spiral

that illuminate this voxel is calculated:
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Vx,y,z��̃� =
1

Hx,y,z��̃�
· �

m

�wl
A��̃ + m��W�q̂A�PA��̃

+ m�, b̂, q̂A� + wl
B��̃ + m��W�q̂B�PB��̃

+ m�, b̂, q̂B�� . �29�

FIG. 5. Angular weighting functions w̃A/B��� for both measurement system
ECG-synchronized DSCT image reconstruction. Left: Minimum data interva
Right: Larger data interval �rec+�trans=3� /4+� /6 per measurement system
quired to reconstruct a complete CT image. Due to the small
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Each projection angle �= �̃+m� belongs to a cardiac cycle l
which determines the choice of wl

A��� and wl
B��� and satisfies

�ls
A ����l+1,s

A and �ls
B ����l+1,s

B , respectively. The angular
weighting functions wl

A��� and wl
B��� ensure a smooth tran-

sition of the projection data of systems �A� and �B� in the
combined volume image

� and �B� to ensure correct normalization and smooth data transition for
�trans=� /2+� /6 per measurement system to optimize temporal resolution.

cumulate dose and trade-off temporal resolution for reduced image noise.
wl
A/B��� =	

sin2 �

2

�� − �ls
A/B�

�trans
�ls

A/B � � � �ls
A/B + �trans

1 �ls
A/B + �trans � � � �le

A/B − �trans

cos2 �

2

�� − �le
A/B + �trans�
�trans

�le
A/B − �trans � � � �le

A/B

0 otherwise


 . �30�
Figure 5 shows w̃A/B���=wA/B��� /Hx,y,z���, with W�q̂�=1,
for �rec=� /2 �minimum data interval for best possible tem-
poral resolution, no redundancy of �A� and �B� data� and for
�rec=3� /4. Because �ls

B =�ls
A −� /2 �Eq. �27��, both data sub-

segments �A� and �B� add to a full half scan sinogram
��ls

B ,�ls
B +��.

W�q̂� is a smooth detector weighting function that assigns
less weight to the outer detector rows with larger cone angle.
Deviating from the standard spiral �helical� case �see Eq.

�14�� no truncation of �B� data with weight ��b̂� is per-
formed. Since each measurement system typically contrib-
utes less than a halfscan sinogram to each voxel, the �A� data
are not necessarily complete outside the small scan field of
view with radius bmax

B , and the extrapolated �B� data are re-
pitch values of ECG-gated cardiac scans, the inconsistent
filter direction across the �B� detector can be tolerated �see
Sec. II A 3�.

At any projection angle �̃, several filtered projections

PA��= �̃+m� , b̂ , q̂A� and PB��= �̃+m� , b̂ , q̂B� from different
half turns of the spiral, and hence, from different cardiac
cycles l may contribute to voxel �x ,y ,z�, depending on the
patient’s heart rate and the spiral feed per rotation.

The normalization sum Hx,y,z��̃� for voxel �x ,y ,z� is given
by

Hx,y,z��̃� = �
m

�wl
A��̃ + m��W�q̂A� + wl

B��̃ + m��W�q̂B�� .

�31�

˜

s �A
l �rec+
to ac
The voxel values are calculated by summing over �,
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Vx,y,z = �
�̃

Vx,y,z��̃� . �32�

�c� Limitation of the table feed. Continuous volume cov-
erage in retrospectively ECG-gated multislice spiral CT of
the heart requires limitation of the spiral pitch p depending
on the patient’s heart rate. The maximum z extension 	Z of
the image stacks that can be reconstructed with data from
one cardiac cycle l is

	Z = �Nq − 1�S . �33�

In multiplanar reformations along the z direction these image
stacks are sometimes visible due to different concentrations
of the iodine contrast agent or due to slight displacements of
the heart from one cardiac cycle to the next as a result of
irregular heart motion or suboptimal reconstruction phase.

Using

zF
A�t + TRR� − zF

A�t� � 	Z , �34�

we immediately obtain from Eq. �24�,

p �
�Nq − 1�

Nq

Trot

TRR
. �35�

TRR is the patient’s RR-cycle length. Following Eq. �35�, the
table feed can be efficiently adapted to the patient’s heart rate
and significantly increased at elevated heart rates, thereby
not only reducing examination time, but also radiation dose
to the patient.10 The actual pitch for a particular scan is cal-
culated assuming a confidence interval of 10 bpm that the
heart rate of the patient is allowed to drop during examina-
tion. With a single source CT, the pitch can in general not be
increased at higher heart rates because multisegment recon-
struction is used to improve temporal resolution.

Typically, with properly adjusted spiral pitch, only data
from one cardiac cycle l will contribute to the image for z
positions close to the center of an image stack 	Z, while data
from two cardiac cycles l and l�1 may contribute to the
image for z positions close to the boundaries of the image
stacks. The choice of the smoothing parameter Q in the de-
tector weighting function W�q̂� �see Eqs. �29� and �17�� af-
fects the relative contribution of the rays from cardiac cycles
l and l�1: for Q=1, both rays contribute with equal weight,
for Q→0, the relative weight of the ray closer to the detector
center is dominating. Hence, by adjusting Q, a more or
less sharp transition between two image stacks can be
established.

II.A.5. ECG-triggered axial image reconstruction

To further reduce the radiation dose to the patient, pro-
spectively ECG-triggered axial scan and reconstruction tech-
niques have recently been re-introduced for coronary CT an-
giographic examinations.21 Prospective ECG-triggering
combined with “step-and-shoot” data acquisition is the most
dose-efficient way of ECG-synchronized scanning as only
the very minimum of scan data needed for image reconstruc-
tion is acquired in the previously selected heart phase. As a

drawback, reconstruction of images in different phases of the
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cardiac cycle for functional evaluation is not possible, and
the method encounters its limitations for patients with ar-
rhythmia, since ECG-triggered axial scanning depends on a
reliable prediction of the patient’s next RR-interval by ana-
lyzing the preceding RR-intervals.

Image reconstruction for ECG-triggered axial data ac-
quired with a DSCT is very similar to ECG-gated spiral �he-
lical� reconstruction. In each cardiac cycle, axial scan data
intervals

��ls
A,�le

A� = ��ls
A,�ls

A + �rec + �trans� ,

�36�
��ls

B,�le
B� = ��ls

B,�ls
B + �rec + �trans� ,

are acquired. Note that due to the necessary data completion
for measurement system �B� �see Sec. II A 2�, measurement
system �A� has to start data acquisition a quarter rotation
earlier than measurement system �B�. Convolution and 3D-
backprojection of the axial data are performed as described
in Sec. II A 4, except that the formula for the detector coor-
dinates of the rays which hit voxel �x ,y ,z� simplifies to

b̂ = x sin��� − y cos��� ,

q̂A =
z − zstart

l̂
,

�37�

l̂ =
NqS

2RF
��RF

2 − b̂2 − x cos��� − y sin���� ,

q̂B = q̂A.

�Equation �37� is obtained from Eq. �15�, which describes the
spiral �helical� case, by setting zrot=0. zstart is then the z po-
sition of the current axial scan. Note that similar to spiral
�helical� scanning, axial data from one cardiac cycle l will
contribute to the image for z positions close to the center of
an image stack 	Z, while data from two cardiac cycles l and
l�1 may contribute to the image for z positions close to the
boundaries of the image stacks, if the table increment be-
tween two axial scans is smaller than the detector z width. As
a consequence of 3D backprojection a 3D image volume
Vx,y,z is the primary outcome for axial scans, too, and arbi-
trarily oriented 2D images with the final image slice width
Sima can be obtained by means of standard interpolation
techniques.

II.B. Evaluation of the image reconstruction

We performed simulation studies and phantom measure-
ments to evaluate the proposed approaches for data comple-
tion and image reconstruction. Furthermore, we used ECG-
gated patient data to demonstrate the influence of the
reconstruction parameter Q on the transition between image

stacks acquired in different cardiac cycles.
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II.B.1. Evaluation of data extrapolation and
combined 3D backprojection both for standard
and ECG-gated spiral „helical… image
reconstruction

We used simulated CT raw data of an anthropomorphic
thorax phantom to assess the image quality obtained after
extrapolation of the truncated �B� data and simultaneous 3D
backprojection of both �A� and �B� data as described in Sec.
II A. The phantom data were generated with the CT-
simulation tool “DRASIM;”22 this is a computer program
which allows simulation of transmission data based on a nar-
row beam assumption. The simulated object is constructed
from a combination of geometric primitive objects, such as
spheres, ellipsoids, cylinders, or cones, which can be made
time �projection number� dependent to incorporate object
motion into the simulation. For each ray, both the focus size
and the detector aperture can be oversampled, and motion of
the focal spot on the anode plate, e.g., in case of a flying
focal spot, can be exactly reproduced. If necessary, the poly-
chromatic nature of the x-ray beam can be taken into ac-
count. We simulated CT raw data for the geometry of the
evaluated DSCT system, in a 64-slice acquisition mode with
32�0.6 mm detector collimation and z flying focal spot for
both measurement systems. The true geometrical sizes of
focal spot and detector elements were taken into account.
Poisson-distributed, attenuation-dependent data noise corre-
sponding to a CT scan with 120 kV, 200 mAs per rotation,
0.5 s rotation time was added to both �A� and �B� data. We
did not include cross-scattered radiation into our simulation
to separate the effects of data extrapolation and combined 3D
backprojection from potential cross-scatter artifacts. We
simulated data both for a standard spiral at pitch 0.8 and 1.4,
and for an ECG-gated spiral at pitch 0.3, assuming an artifi-
cial ECG at 70 bpm.

Images of the thorax phantom for the standard �non ECG-
gated� spiral were reconstructed in four different ways:

• using �A� data only �corresponding to a single-source
CT system with 50 cm SFOV�,

• using both �A� and �B� data without extrapolation of the
truncated �B� data,

• using both �A� and �B� data with extrapolation of the
truncated �B� data as described in Sec. II A 2, but with-
out truncation of the extrapolated �B� data after convo-
lution at the boundaries of the small SFOV �26 cm�,
and

• using both �A� and �B� data with extrapolation of the
truncated �B� data and truncation of the extrapolated �B�
data after convolution at the boundaries of the small
SFOV, as described in Sec. II A 3.

We reconstructed 0.75 mm slices in a 400 mm FOV. We
used a medium-smooth body kernel �B30� for reconstruction
and measured the standard deviation of the CT numbers in a
central region of interest �ROI� and in two peripheral ROIs
inside and outside the small SFOV of detector �B�, to assess
the effect of the added �B� data on homogeneity and image
noise.
In addition, we scanned a centered 40 cm water phantom
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in a standard �non-ECG-gated� spiral mode, both in a single
source mode using �A� data only and in a dual source mode
using �A� and �B� data with extrapolation of the truncated
�B� data and truncation of the extrapolated �B� data after
convolution at the boundaries of the small SFOV. The scan
parameters of the DSCT system were: 0.5 s gantry rotation,
32�0.6 mm collimation with z flying focal spot, pitch p
=0.45. We used 120 kV and 240 mA s per rotation for tube
�A� in the single source mode, and 120 kV and 240 mA s per
rotation both for tube �A� and tube �B� in the dual source
mode. We reconstructed images with 0.75 mm slice width
and 0.5 mm increment using the standard body kernel B30.
To quantitatively evaluate the effect of the added �B� data we
measured image noise � as a function of the distance r from
the isocenter using small ROIs with 1 cm diameter, both for
the single source images ��A�r�� and for the dual source
images ��A+B�r��.

To evaluate the properties of the ECG-gated dual source
spiral, we reconstructed images of the computer simulated
anthropomorphic thorax phantom:

• using both �A� and �B� data with extrapolation of the
truncated �B� data, but without truncation of the ex-
trapolated �B� data after convolution at the boundaries
of the small SFOV, as described in Sec. II A 4.

In this case, we reconstructed data for �rec=� /2, �rec

=3� /4, and �rec=� �see Secs. II A 4�a� and II A 4�b��, to
evaluate the anticipated dose accumulation in the images due
to the increased reconstruction range per measurement
system.

II.B.2. Evaluation of through-plane „z-axis… spatial
resolution for ECG-gated spiral image
reconstruction as a function of heart rate and
pitch

Using the evaluated DSCT system we scanned a thin gold
plate �40 �m thick� embedded in a Lucite cylinder to deter-
mine spiral slice sensitivity profiles �SSPs� obtained with the
proposed ECG-gated spiral �helical� image reconstruction
with adaptation of the pitch to the patient’s heart rate as
described in Sec. II A 4.�c�. We placed the gold plate close to
the isocenter of the scanner and performed ECG-gated spiral
�helical� scans with 32�0.6 mm collimation in a 64-slice
acquisition mode with z-flying focal spot for both measure-
ment systems, using artificial ECG-signals with 60, 70, 80,
90, and 100 bpm and the correspondingly adapted pitch val-
ues �p=0.27, 0.32, 0.37, 0.43, and 0.46, respectively�. Other
scan parameters were: 0.33 s gantry rotation time, 120 kV,
75 mA s per rotation for each x-ray tube. We reconstructed
highly overlapping images with 0.6 and 0.75 mm nominal
slice width at an increment of 0.1 mm, using single-segment
reconstruction as proposed in Sec. II A 4. The reconstruction
range was large enough to fully cover the gold plate, i.e., in
the first and in the last image the gold plate had completely
disappeared and only the Lucite cylinder was visible. For
each of the overlapping images, the mean CT value in a
small region of interest within the gold plate was determined,

and the “background” CT value �CT value of the Lucite cyl-
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inder without gold plate� was subtracted. The maximum of
these corrected mean values �with the gold plate fully in the
reconstructed slice� was normalized to 1. The normalized
mean values, plotted as a function of the z positions of the
respective image slices, represent the measured SSP. The
FWHM of this SSP is the measured slice width. In addition,
we performed Fourier transforms of the measured SSPs to
evaluate the modulation transfer functions �MTFs� in the z
direction.

For a visual evaluation of through-plane �z-axis� spatial
resolution as a function of the patient’s heart rate we scanned
the high-resolution insert of the CATPHAN �The Phantom
Laboratories, Salem, NY� in the proposed ECG-gated spiral
�helical� mode with scan parameters as described above, ex-
cept that each x-ray tube was operated at 150 mA s per ro-
tation. We turned the high-resolution insert by 90° and
aligned the bar patterns in a way that the grids with 12, 13,
14, 15, and 16 lp /cm, corresponding to 0.42, 0.38, 0.36,
0.33, and 0.31 mm resolution, were roughly perpendicular to
the z direction. The phantom was placed at the isocenter of
the scanner. We reconstructed images with the high-
resolution cardiac kernel B46. The reconstruction slice width
was both 0.6 and 0.75 mm with 0.1 mm reconstruction in-
crement. Through-plane �z-axis� resolution was visually de-
termined on multiplanar reformations �MPRs� in the z direc-
tion by two experienced observers �TF, KS�.

II.B.3. Evaluation of temporal resolution versus
dose accumulation for ECG-gated spiral
image reconstruction using a moving coronary
artery phantom

We used a moving coronary artery phantom to evaluate
the temporal resolution of ECG-gated spiral scanning and to
show the effect of increasing �rec on image noise and motion
artifacts. The phantom consisted of a contrast-filled Lucite
tube with a lumen of 4 mm and an inserted coronary artery
stent. The tube was immersed in a water bath and moved in
a periodic manner by a computer-controlled robot arm at an
angle of 45° relative to the scan plane to simulate heart mo-
tion, see Fig. 6. The motion amplitudes and velocities of the
robot arm were based on published values for the coronary
arteries.23 We used a motion pattern with 90 ms rest phase at
a heart rate of 90 bpm, and reconstructed the phantom data

FIG. 6. Computer-controlled robot arm moving a tube filled with contrast
agent �“coronary artery”� in a water tank. The motion amplitudes and ve-
locities of the robot arm can be adjusted to provide a realistic motion pattern
of the tube.
for �rec=� /2 �expected temporal resolution 83 ms�, �rec
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=5� /8 �expected temporal resolution 105 ms�, �rec=3� /4
�expected temporal resolution 125 ms�, �rec=7� /8 �expected
temporal resolution 145 ms�, and �rec=� �expected temporal
resolution 165 ms�. Scan parameters of the DSCT system
were: 120 kV, 160 mA s per rotation for each x-ray tube,
0.33 s gantry rotation, 32�0.6 mm collimation with z flying
focal spot for both measurement systems, and pitch p=0.43.
We reconstructed images with 0.75 mm slice width and
0.5 mm increment using the high-resolution kernel B46. We
assessed motion artifacts by visual inspection of both axial
images and MPRs, and we measured the image noise as stan-
dard deviation in a central ROI.

II.B.4. Evaluation of the influence of the
reconstruction parameter Q on the transition
between image stacks in cardiac CT

We used scan data of patients referred for clinically indi-
cated ECG-gated spiral coronary CTA to demonstrate how
the smoothing parameter Q in the detector weighting func-
tion W�q̂� �see Eq. �17�� can be used to control the smooth-
ness of the transition between image stacks acquired in sub-
sequent heart cycles. The scan parameters were: 120 kV,
190 mA s per rotation for each x-ray tube, 0.33 s gantry ro-
tation, 32�0.6 mm collimation with z-flying focal spot for
each detector. The spiral pitch was adjusted to the patient’s
heart rate according to Eq. �35�, with a safety margin of
10 bpm. We reconstructed 0.6 mm slices at 0.4 mm incre-
ment with the medium-smooth convolution kernel B30.

III. Results

III.A. Image quality with data extrapolation and
combined 3D backprojection

Figures 7 and 8 show standard spiral reconstructions of
the anthropomorphic thorax phantom at pitch p=0.8 �left�
and p=1.4 �right�. Figure 7 shows the full FOV of 400 mm,
and Figure 8 shows a detail reconstruction. The reference
images in Figs. 7�a� and 8�a� were obtained by using data
from measurement system �A� only, corresponding to a
single source CT scanner with 32�0.6 mm collimation and
z-flying focal spot. For the images shown in Figs. 7�b� and
8�b� both �A� and �B� data were simultaneously back-
projected into the same 3D volume as proposed in Sec.
II A 3�b�. The truncated �B� data were not extrapolated, as a
consequence the images suffer from severe truncation arti-
facts at the boundary of the small SFOV with 26 cm diam-
eter. Figures 7�c� and 8�c� show the result after extrapolation
of the �B� data as proposed in Sec. II A 2, but without trun-
cation of the extrapolated �B� data after convolution. The
cone-beam artifacts at the ribs are a result of the inconsistent
filter direction of the �B� data. Since the deviation from the
proper filter direction increases with increasing pitch, cone-
beam artifacts are worse at pitch 1.4 than at pitch 0.8. Trun-
cation of the �B� data after convolution significantly reduces
cone-beam artifacts, see Figs. 7�d� and 8�d�. Note the lower
image noise level compared to the single source reference

images 7�a� and 8�a�, also outside the small SFOV, due to



5892 Flohr et al.: Image reconstruction and evaluation dual source CT 5892
dose accumulation by using both �A� and �B� data for image
reconstruction. In ROIs 1, 2, and 3 �see Fig. 7� image noise
is reduced from 21.0, 16.5, and 15.1 HU in the single source
image �Fig. 7�a�� to 14.5, 12.4, and 10.8 HU, respectively, in
the dual source image �Fig. 7�d��. This corresponds to a rela-
tive noise reduction from 1 to 0.69, 0.75, and 0.72, respec-
tively, which is in good agreement with the theoretical value
1 /�2=0.71 expected for the accumulation of two CT raw
data sets at equal mA s. While image pixels outside the small
SFOV, but closely adjacent to the boundary, receive contri-
butions from the truncated �B� data for nearly a full rotation,
the contribution of the �B� data—and hence, dose
accumulation—decreases with increasing distance of the pix-
els from the boundary. This is quantitatively demonstrated by
noise measurements in a centered 40 cm waterphantom. In
Fig. 9 the ratio of the standard deviation of the image noise
�A+B�r� using �A� and �B� data with truncation of the ex-
trapolated �B� data after convolution, and �A�r� using �A�

FIG. 7. Spiral reconstructions of the anthropomorphic thorax phantom at
pitch p=0.8 �left� and p=1.4 �right�, FOV=400 mm. �a� Reconstruction
using �A� data only. �b� Simultaneous 3D backprojection of �A� and �B� data
without extrapolation of the truncated �B� data. Note the severe truncation
artifacts at the boundary of the small SFOV. �c� Simultaneous 3D back-
projection of �A� and �B� data with extrapolation of the truncated �B� data,
but without truncation of the extrapolated �B� data after convolution. Cone-
beam artifacts �arrows� are a result of the inconsistent filter direction of the
�B� data. �d� Simultaneous 3D backprojection of �A� and �B� data with
extrapolation of the truncated �B� data and truncation of the extrapolated �B�
data after convolution. Cone-beam artifacts are significantly reduced. The
ROIs 1, 2, and 3 were used to measure image noise.
data only is shown as a function of the distance r from the
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isocenter. As expected, �A+B�r� /�A�r��1 /�2 for r�bmax
B

=13 cm. For rbmax
B , �A+B�r� /�A�r� increases monotoni-

cally as a consequence of decreasing contribution of the �B�
data. Nevertheless, even at r=20 cm, the ratio is still 0.85,
indicating that about 38% of the �B� data contribute to the
image at this distance from the isocenter.

Figure 10 shows ECG-gated spiral reconstructions of the
stationary anthropomorphic thorax phantom at pitch p=0.3,
assuming an artificial ECG at 70 bpm, for �rec=� /2, 3� /4,
and �. The �B� data were not truncated after convolution, to
always provide a complete CT-halfscan data set outside the
small SFOV �e.g., note that for �rec=� /2 detector �A� only
contributes a quarter rotation outside the small SFOV, and its
data have to be complemented by extrapolated �B� data�. In
this case, the intensity of cone-beam artifacts decreases with
increasing �rec, but at the expense of compromised temporal
resolution.

Measured relative noise values in ROI 1 are 1, 0.87, and
0.75, for �rec=� /2, 3� /4, and �, respectively. This corre-
sponds well to the theoretical values 1, 0.86, and 0.73, ob-
tained by integrating the squared detector-weighting func-
tions w̃A��� and w̃B��� �see Fig. 5� as a function of �, and

FIG. 8. Spiral reconstructions of the anthropomorphic thorax phantom at
pitch p=0.8 �left� and p=1.4 �right�, detail. For �a�, �b�, �c�, and �d� see
Fig. 7.
calculating the square root of the sum of both integrals.
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III.B. Through-plane „z-axis… spatial resolution for
ECG-gated spiral image reconstruction

Figures 11 and 12 show measured SSPs �at the isocenter�
of the nominal 0.6 and 0.75 mm slices as a function of the
“heart rate” of an artificial ECG at 60, 70, 80, 90, and 100

FIG. 9. Relative image noise reduction in a 40 cm water phantom obtained
by simultaneously backprojecting both the �A� data and the truncated �B�
data. Ratio of the standard deviation of the image noise �A+B�r� using �A�
and �B� data with truncation of the extrapolated �B� data after convolution,
and �A�r� using �A� data only as a function of the distance r from the
isocenter. The solid line represents the theoretically expected value 1 /�2 for
0�r�bB

max.

FIG. 10. ECG-gated spiral �helical� reconstructions of the stationary anthro-
pomorphic thorax phantom at pitch p=0.3, assuming an artificial ECG at
70 bpm, for �rec=� /2, 3� /4, and �. Cone-beam artifacts decrease with

increasing �rec, but temporal resolution is then compromised.
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bpm with the correspondingly adapted pitch values p=0.27,
0.32, 0.37, 0.43, and 0.46, respectively, using ECG-gated
spiral �helical� image reconstruction. The SSPs are sym-
metrical, bell-shaped curves that are almost independent of
the patient’s heart rate. The 0.6 mm slice in particular is
well-defined and compact. The measured FWHMs range

FIG. 11. Measured SSPs �at the isocenter� of the nominal 0.6 mm slice as a
function of the heart rate of an artificial ECG at 60, 70, 80, 90, and 100 bpm
with the correspondingly adapted pitch values p=0.27, 0.32, 0.37, 0.43, and
0.46, respectively, using dual source acquisition and ECG-gated spiral �he-
lical� image reconstruction. The indicated slice widths are the FWHMs of
the SSPs.

FIG. 12. Measured SSPs �at the isocenter� of the nominal 0.75 mm slice as
a function of the heart rate of an artificial ECG at 60, 70, 80, 90, and
100 bpm with the correspondingly adapted pitch values p=0.27, 0.32, 0.37,
0.43, and 0.46, respectively, using dual source acquisition and ECG-gated
spiral �helical� image reconstruction. The indicated slice widths are the

FWHMs of the SSPs.
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from 0.63 to 0.69 mm for the nominal 0.6 mm slice and
from 0.82 to 0.87 mm for the nominal 0.75 mm slice. Fig-
ures 13 and 14 show the Fourier transforms of the measured
SSPs at various heart rates, which are the MTFs in the z
direction. The 2% value of the z-MTF for the nominal
0.6 mm slices is about 15 lp /cm, hence, it can be expected
that high-contrast objects down to 1 / �2�1.5� mm
=0.33 mm in size should be separable in the through-plane
direction, provided the radiation dose is sufficient. The aver-
age 2% value of the z-MTFs for the nominal 0.75 mm slices

FIG. 13. Fourier transforms of the measured SSPs of the nominal 0.6 mm
slice �see Fig. 11� at various heart rates. The SSPs were obtained by using
dual source acquisition and ECG-gated spiral �helical� image reconstruction.
The Fourier transforms are the MTFs in the z direction.

FIG. 14. Fourier transforms of the measured SSPs of the nominal 0.75 mm
slice �see Fig. 12� at various heart rates. The SSPs were obtained by using
dual source acquisition and ECG-gated spiral �helical� image reconstruction.

The Fourier transforms are the MTFs in the z direction.
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is about 11.3 lp /cm, corresponding to an object size of
1 / �2�1.13� mm=0.44 mm in the through-plane direction.

Figures 15 and 16 show MPRs of the z-resolution phan-
tom �high-resolution insert of the CATPHAN, turned by 90°�
at 0.6 mm �Fig. 15� and at 0.75 mm �Fig. 16� nominal recon-
struction slice width, again as a function of the heart rate of
an artificial ECG at 60, 70, 80, 90, and 100 bpm with the
correspondingly adapted pitch values p=0.27, 0.32, 0.37,
0.43, and 0.46, respectively. The z-resolution phantom was
placed at the isocenter of the DSCT scanner. As predicted by
the analysis of the z-MTFs, the bar patterns with
14–15 lp /cm are visible at 0.6 mm slice width, which cor-
responds to 0.33–0.36 mm object size that can be resolved
in the through-plane direction independent of the heart rate.
Through-plane resolution in ECG-gated spiral �helical�
DSCT scanning is not affected by the increased pitch at
higher heart rates according to Eq. �35�. At 0.75 mm slice
width, the bar patterns with 13 lp /cm can still be separated.
They are tilted by about 30°, and we conclude that
the true resolution is 13·cos�30° � lp /cm=11 lp /cm, corre-
sponding to objects of about 0.45 mm in size that can be
differentiated.

FIG. 15. MPRs of the z-resolution phantom at 0.6 mm nominal reconstruc-
tion slice width, as a function of the heart rate of an artificial ECG at 60, 70,
80, 90, and 100 bpm with the correspondingly adapted pitch values p
=0.27, 0.32, 0.37, 0.43, and 0.46, respectively. Independent of the heart rate,
the bar patterns with 14–15 lp /cm are visible, which corresponds to
0.33–0.36 mm object size. This result is in good agreement with the evalu-
ation of the z-MTFs, see Fig. 13.

FIG. 16. MPRs of the z-resolution phantom at 0.75 mm nominal reconstruc-
tion slice width. Independent of the heart rate, the bar patterns with
13 lp /cm are visible, corresponding to about 11 lp /cm true resolution due to
the 30° angle of the bar-patterns. Hence, objects of about 0.45 mm in size
can be differentiated. This result is in good agreement with the evaluation of

the z-MTFs, see Fig. 14.
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III.C. Temporal resolution versus dose accumulation
for ECG-gated spiral image reconstruction

Figure 17 shows axial images and MPRs of the moving
coronary artery phantom for various choices of the recon-
struction data interval per measurement system �rec, ranging
from �rec=� /2 to �rec=�. At �rec=� /2, corresponding to the
best possible temporal resolution of 83 ms, the contrast filled
tube with inserted stent is visually free of motion artifacts,
due to its rest phase of 90 ms. With increasing �rec, image
noise decreases at the expense of temporal resolution, result-
ing in increased blurring and double contours of the moving
phantom. In Table I the measured relative noise values in a
centered ROI �see Fig. 17 left� are listed as a function of �rec,
together with theoretical values obtained by integrating the
squared detector weighting functions w̃A��� and w̃B��� as a
function of �, and calculating the square root of the sum of
both integrals. Measured and theoretically expected noise
values are in good agreement, similar to the evaluation of
computer simulated data in Sec. III A.

III.D. Influence of the reconstruction parameter Q
on the transition between image stacks in cardiac CT

Figure 18 shows a MPR of a DSCT coronary angio-
graphic patient examination. Due to suboptimal bolus timing,
an abrupt change of the contrast density between two heart
cycles can be observed �see the yellow box�. The smoothing
parameter Q in the detector weighting function W�q̂� �see
Eqs. �29� and �17�� is a means to control the smoothness of
the transition between image stacks acquired in different car-

FIG. 17. Axial images and MPRs of the moving coronary artery phantom fo
With increasing �rec, image noise is reduced, but at the expense of tempora

TABLE I. Temporal resolution, measured and theoretically expected relative
noise values for ECG-gated spiral �helical� DSCT image reconstruction, as a
function of �rec.

Data interval
�rec � /2 5� /8 3� /4 7� /8 �

Temporal
resolution
�ms�

83 105 125 145 165

Relative noise
measured

1 0.94 0.85 0.76 0.72

Relative noise
calculated

1 0.94 0.86 0.78 0.73
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diac cycles. Close to the boundaries of those image stacks,
rays from two subsequent cardiac cycles may contribute to
the image. For Q=1 the weight of both rays is equal and the
transition is very smooth, which is beneficial to avoid stair-
step artifacts, but can also cause blurring due to a potential
superposition of inconsistent data in case of motion or vary-
ing density of the contrast agent. As Q approaches 0, the
relative weight of the ray closer to the detector center is
dominating, and the transition is more pronounced, see Fig.
18 for Q=0, 0,4 and 0.8. Clinical practice suggests the
choice of Q=0.6 or Q=0.8 for ECG-gated spiral scanning
and of Q=0.8 for ECG-triggered sequential scanning with
10% overlap between the individual axial scans.

IV. Discussion and Conclusion

DSCT scanners equipped with two x-ray tubes and two
corresponding detectors offer flexible modes of operation
and various options to combine the acquired data. As a draw-
back, one detector �B� can only cover a reduced SFOV to
keep the system design compact. We have shown that ex-
trapolation of the �B� data by using �A� data acquired a quar-
ter rotation earlier or later is sufficient to solve the resulting

ous choices of the reconstruction data interval �rec per measurement system.
lution. ROI 1 was used for image noise measurements.

FIG. 18. MPR of a DSCT coronary angiographic patient examination for
various values of the smoothing parameter Q, which controls the smooth-
ness of the transition between image stacks acquired in different cardiac
cycles, see the arrows. As Q approaches 0, the transition is more pronounced
r vari
l reso
�image courtesy of Dr. J. Hausleiter, German Heart Center, Munich�.
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data truncation problem. A unified framework can be used
for convolution �filtering� and simultaneous 3D backprojec-
tion of both �A� and �B� data, with similar treatment of stan-
dard spiral, ECG-gated spiral, and sequential �axial� scan
data. Special attention has to be paid to ensure the correct
filter direction along the spiral tangent for both detectors,
requiring truncation of the extrapolated �B� data after convo-
lution in case of standard spiral �helical� scans with high
pitch up to 1.5. We have shown that simultaneous 3D back-
projection of the filtered �A� data and the truncated filtered
�B� data into the same 3D image volume results in good
image quality and dose accumulation as theoretically ex-
pected. In ECG-gated spiral �helical� reconstructions, both
measurement systems typically contribute less than a half-
scan segment in parallel geometry, and the extrapolated �B�
data cannot be truncated after convolution to provide a com-
plete halfscan sinogram outside the small SFOV.

Due to the z-flying focal spot technique that is applied to
both measurement systems, a through-plane �z-axis� spatial
resolution of 0.33–0.36 mm for 0.6 mm slice width and
0.45 mm for 0.75 mm slice width can be achieved with the
evaluated DSCT scanner. In ECG-gated spiral �helical�
modes, SSPs and through-plane resolution are almost inde-
pendent of the patient’s heart rate if the spiral pitch is prop-
erly adapted. Thanks to a flexible choice of the data interval
per measurement system �rec in ECG-controlled CT recon-
structions, temporal resolution can be traded-off for dose ac-
cumulation and reduced image noise, which is beneficial for
the examination of obese patients at low to moderate heart
rates. We have verified the theoretically expected temporal
resolution of 83 ms by blur free images of a moving coro-
nary artery phantom with 90 ms rest phase. Experimental
evidence for the 83 ms temporal resolution in cardiac DSCT
has also been given in Ref. 24

Meanwhile, several clinical studies have demonstrated the
potential of DSCT to accurately rule out significant coronary
artery stenoses with little or no dependence on the patient’s
heart rate.25–30

Another interesting application of DSCT is the acquisition
of dual energy CT data, by independently operating x-ray
tubes �A� and �B� at different tube voltages, e.g., 80 and
140 kV. The acquisition of dual energy data can, in prin-
ciple, add functional information to the mere morphological
information based on different x-ray attenuation coefficients
that is usually obtained in a CT examination. Due to different
attenuation mechanisms �mainly photoeffect and Compton
effect� with different dependence on the x-ray energy and on
the atomic number Z, many materials show a characteristic
change of attenuation in CT scans at different tube voltages.
Even if two materials, such as bone and iodine filled vessels,
show identical absorption at one tube voltage �e.g., 140 kV�
and thus identical CT numbers in the corresponding CT im-
age, they may show different absorption at the other tube
voltage �e.g., 80 kV� and can thus be separated. While dual
energy CT was initially evaluated 20 years ago,11,12 technical
limitations of the CT scanners at those times prevented the
development of relevant clinical applications. Details of the

dual energy algorithms used in the evaluated DSCT-scanner
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can be found in. Ref. 13 Dual-energy acquisition can support
the differentiation of iodine filled vessels and bone for auto-
matic bone removal in CT angiographic studies, in particular
in complex anatomical situations. Dual energy helps to char-
acterize certain tissues in the human body, such as kidney
stones14,31,32 or tendons and ligaments. Dual energy CT may
be capable of visualizing and quantifying the local iodine
uptake in tissues as a measure for the local blood supply.
Potential applications of this technique comprise visualiza-
tion of the iodine uptake in the lung parenchyma to evaluate
perfusion defects in the lung, e.g., as a consequence of pul-
monary embolism, tumor characterization, or quantification
of myocardial enhancement to determine the myocardial
blood volume,15 which so far has been reserved to other
modalities. Clinical research is currently ongoing to evaluate
the clinical potential of DSCT, and of dual energy CT in
particular.13–15,30–32
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