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Dual-energy CT in a patient with COVID-19 pneumonia without evidence of pulmonary emboli (A) There 2 
is a large area of peripheral ground-glass opacity and consolidation within the right upper lobe and smaller 3 
ground-glass opacity in the posterior left upper lobe (green arrowheads), which are accompanied by dilated 4 
subsegmental vessels proximal to, and within, the opacities (green arrows). (B) The accompanying image 5 
of pulmonary blood volume shows corresponding wedge-shaped areas of decreased perfusion within the 6 
upper lobes, with a peripheral halo of higher perfusion (green arrows). Images and caption from (Lang et 7 
al., 2020), with kind permission 8 

Can spectral Computed Tomography become standard of care? 9 
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 1 

1 History 2 

1.1 The beginning 3 

In 1917 the Austrian mathematician Johan Radon established the mathematical proof that 4 

computed tomography (CT) is possible (Radon, 1917). Radon died in 1956 without ever 5 

anticipating the great importance of his work of pure mathematics for modern medicine. As a basis 6 

for solving the conundrum of the spatial interior of a patient CT measures the so-called Radon 7 

transform from X-ray flux signals and backprojects the spatially distributed X-ray attenuation 8 

characteristics of the object into the real space. 9 

The first patent DE693374C, ”Verfahren zur Herstellung von Koerperschnittbildern mittels 10 

Roentgenstrahlen” (method to produce volume slice images by X-rays), dates back to the priority 11 

date June 1938 and the inventor Gabriel (Gabor) Frank, engineer from Budapest, Hungary, see 12 

(Webb, 1990) and private communication with Dr. Sándor Jeszenszky, Budapest, Hungary1. 13 

Assignee of this German patent was the company C.H.F. Mueller, Hamburg, Germany, known as 14 

producer of X-ray tubes and X-ray systems and at that time already owned by Philips. Frank 15 

experimented at the Hungarian Philips laboratories trying to image objects within a 3D frame and 16 

avoiding feature superimposition from central projection. He described an analog method of 17 

sampling X-ray projections, a Radon transform in modern terms, and suggested film-based 18 

backprojection. A few weaknesses in the patent document do not reduce Frank’s imaginary 19 

achievement. He used unfiltered backprojection. Current methods filter or convolve projections 20 

before backprojecting to remediate image blurring.  21 

Geoffrey Hounsfield (Electric & Musical Industries Ltd. [EMI], UK), and his team developed 22 

and commercialized the first operational computerized CT system in 1972. Capital gained from the 23 

 
1 Gábor Frank was born in 1908 in Budapest. After completing his studies at the gymnasium, he was admitted to the 
Faculty of Mechanical Engineering of the Technical University in 1927, … in addition studying X-ray physics. He 
received his degree in mechanical engineering in December 1931 and … disclosed his first invention in June 1932…: 
the mains AC synchronous motor clock. He worked in the development laboratory of one of Philips' Hungarian 
companies, VATEA (later Egyesült Izzó Adógyára). His former staff remembers the humble, modest, young engineer 
of outstanding knowledge with great appreciation. Frank was in contact with the Hungarian Philips company, Metalix 
Röntgen Rt (Metalix Röntgen AG). At the age of more than 80, Mr. Béla Néma, then director of Metalix, remembered 
Frank's attempts 40 years before. Frank performed experiments with a phantom made of paraffin and steel pipes. … 
The image, taken with a cylindrical lens and reconstructed with a cylindrical lens, was of very poor quality, but proved 
the principle to be correct. The time of recording was not less than 30 minutes. Lacking a computer, Frank wanted to 
take and reproduce the image using an analog method. However, he wanted the body part not reproduced by a 
central projection, but by scanning with a thin beam to avoid projecting the parts in front of and behind the examined 
part onto the image. His new X-ray technology concept was obviously of interest to Philips X-ray specialists, because 
the C. H. F. Müller factory in Hamburg, which is part of the company's interest, filed an application for invention in 
Germany on June 28, 1938, for which the patent DE693374C was granted. He received it on June 13, 1940. Gábor 
Frank, an engineer from Budapest, Hungary, was stated as the inventor…The invention was disclosed in Hungary by 
Philips, Eindhoven, The Netherlands, on June 27, 1939, and the patent was granted on December 1st, 1941.... This 
document, identical in content to the German patent, no longer bears the name of the inventor. This shortfall is 
already a sign of impending tragedy. It was no longer appropriate to include the name of the persecuted professional. 
Relying on his excellent expertise, the factory management was able to defend (him) five more (years) after the 
country’s German occupation. However, by 1944 he was sent to a labor camp, where he fell victim to fascism at the 
age of 36 (and died at an unknown place at the front line). His invention was forgotten for more than three decades. 
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success of The Beatles’ music was invested in healthcare. Not only has CT revolutionized clinical 1 

practice as the work-horse in radiology, see (Rubin, 2014). It also has initiated important inventions 2 

in the general field of X-ray technology, like detectors, X-ray tubes, generators, gantries, and 3 

reconstruction algorithms. 4 

 5 

1.2 Modern systems 6 

Fig. 1 depicts a modern spectral differentiating system, the Philips IQon®. Fig. 2 is a view into the 7 

compact General Electric Light Speed VCT® system. The X-ray tube is turned to the top position 8 

for this picture, the detector is at the bottom. 9 

Modulated polychromatic X-rays 

High Z top Scintillators

Bottom Scintillators

Polychromatic X-rays

 10 

Figure 1   Philips IQon® dual energy (DE) detection based spectral CT system. An array of stacked 11 

scintillator and photo diode pairs provides temporal and spatial accurate registration of two different X-ray 12 

energies. The dual layer detector is illuminated by polychromatic X-rays from a Philips iMRC® X-ray tube. 13 

The concept benefits from cancellation of anti-corelated noise in the high- and low-energy channels. Other 14 

than source-based, the total noise does not increase with respect to non-spectral CT. This feature allows 15 

retrospective material decomposition, if needed, after any routine scan. 16 
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 1 

Figure 2    GE Light Speed VCT® system in a maintenance workshop with covers removed. The high-power 2 

GE Performix VCT® X-ray tube is visible at the top of the gantry, detector and data acquisition system are 3 

turned to the bottom. The gantry is comparatively compact and makes most use of the generated X-rays due 4 

to its “short” geometry. (Picture courtesy of Philips.) 5 

1.3 Problems 6 

1) When were the first X-ray produced on purpose? 7 

2) What was Radon’s achievement? When did he publish? 8 

3) Who invented CT and when was the patent application filed? 9 

4) Who built the first operable CT product? 10 

5) Describe its working principle. Is it still applied? 11 

 12 

2 Theoretical basis of CT 13 

2.1 Image reconstruction 14 

2.1.1 Sinogram 15 

Computed tomography has been treated in detailed monographs, e.g. (Hsieh, 2015; Kalender, 2011; 16 

Shefer et al., 2013). A thorough mathematical analysis of image reconstruction methods, artifacts 17 

and de-noising technologies is beyond the scope of this work. Only the basis for understanding of 18 

image rendering from measured projection data shall be given along with the major causes of 19 

artifacts.  20 

The patient anatomy is represented in CT by the local X-ray absorption coefficients µ for each 21 

volume element, the so-called voxel for 3D acquisition respectively pixel in a 2D slice 22 

representation. Other imaging modalities measure e.g. water density or hydrogen diffusion 23 

(magnetic resonance), elasto-acoustic properties (ultrasound), electromagnetic response (metal 24 

detectors, terahertz body scanners), visual look (human eye) and so forth. CT is complementary to 25 

many of these imaging methods. The unique or supplementary information gained has made CT 26 

an indispensable clinical workhorse. 27 
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Working on a theory about functions on sets of manifolds, Radon proved in 1917 that, as a 1 

special case, e.g. an object function defined on a Cartesian coordinate system, like the attenuation 2 

coefficient µ in each volume element at (x, y) in a plane through the object, is uniquely defined 3 

by its so-called Radon transform or sinogram. The sinogram is a three-dimensional function 4 

constructed from a complete set of line integrals through the object function, as illustrated in Fig. 5 

3 (a). Inverting the Radon transformation yields the object function. A unique reconstruction of 6 

spatially distributed µ-values in a slice of a patient can be derived from externally accessible X-7 

ray intensity measurements, see e.g. (Bontus & Köhler, 2009). 8 

Imagine, a pencil X-ray beam probes the object. For constant µ over a d thick object (using a 9 

monochromatic beam) the Lambert-Beer law relates primary I0 and attenuated intensity I by I = I0 10 

𝑒−µ𝑑. Taking the natural logarithm allows obtaining the result of multiple attenuation steps from 11 

additions or, for infinitesimal slabs dx, integration, instead of multiplication of e-functions: 12 

ln(I/I0) = -∫µ(𝑥)𝑑𝑥 represents one of the desired line integrals through the object function, in this 13 

simple case along x.  14 
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Figure 3   (a) A sinogram is shown as graphic representation of values of line integrals of the local 16 
attenuation coefficient through the object as logarithms of input versus output X-ray flux (detector pixel 17 
signals). (b) Grey coding of the logarithm of the relative intensity. (c) Parallel beam geometry used for this 18 
sample. Selected positions of the object relative to X-ray source and detector are shown with the detector 19 
readings (bars). 20 

To gain a complete sinogram comprising all projections p(θ,t), measurements are taken from all 21 

perspectives 0 to π and, per angle θ, across the entire object by parallel shifting the beam along t, 22 

the translation or distance parameter. The logarithm of the intensity ratio I/I0 is measured. 23 

Alternatively, a source of parallel beams may be rotated about the object and the parallel X-rays 24 
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measured by a line array detector; or the object may rotate as in many scanners for non-destructive 1 

testing. Fig. 3 (c) sketches a selection of such measurements using rotate and translate operation. 2 

The term sinogram reflects the sinusoidal pattern which an off-center structure inside the object 3 

“scratches” into the three-dimensional graph (a), which depicts ln(I/I0) grey coded according to (b) 4 

for each angle of rotation θ (noted on the horizontal axis) and all shift positions t (noted on the 5 

vertical axis). To simplify the graph the object is rotated in Fig. 3 (c) instead of rotating the beam 6 

source. 7 

The first CT system built by Hounsfield in 1972 measured sinograms with translate and rotate 8 

mechanics employing a pencil beam. Forward projections p were taken, the sinogram drawn. The 9 

object was scanned completely from all directions by rotating X-ray source and detector by at least 10 

π plus detector width. The reference intensity I0 was measured by scanning through air. 11 

Compared with a pencil beam concept, the isotropic X-ray output of a regular bremsstrahlung 12 

X-ray tube is much better employed when it illuminates an entire fan in central projection, e.g. 13 

using a line array of pixels as detector, instead of a single cell. After Hounsfield and collaborators 14 

had started with pencils beams, so-called re-binning has been introduced which allows for 15 

transforming data from central projections acquired with point sources (focal spots of X-ray tubes) 16 

and fan beams into the parallel beam scheme and further apply the same mathematics. Line 17 

integrals are sampled by combining rays along various selected angles in a fan-beam geometry and 18 

re-gridded by interpolation. Numerically robust re-binning has greatly improved photon utilization 19 

and scan speed. 20 

Radon proved, that an inverse transformation for a sinogram exists if the object function in real 21 

space obeys a few regularity conditions, which it does in CT, and: 22 

• all line integrals are available over π, and 23 

• the lines of integration are oriented within the plane normal to the axis of rotation. 24 

The angle of gantry rotation for fan beam geometries with a line array detector must therefore at 25 

least span over π plus the azimuthal detector fan angle (typically about π/3).In a so-called third-26 

generation CT system, the most popular concept, the patient is exposed with a rotating X-ray source 27 

from about a thousand or more projections about the iso-center. As depicted in Fig. 2, X-ray tube 28 

and data acquisition system are mounted in fixed positions opposite to each other on a rotatable 29 

ring-shaped gantry. 30 

Stationary CT systems with hundreds of switchable X-ray sources and detectors distributed over 31 

the entire 2π have been suggested as an alternative for rotation. These concepts, however, tend to 32 

violate the in-plane requirement. Sources or detector cells or both need to be arranged off-plane. 33 

X-ray scatter suppression is another issue of such concepts. 34 

 35 

2.1.2 Reconstruction – a simplest case 36 

The mathematics of efficient image reconstruction and its numeric is too complex to be 37 

comprehensively discussed in this context. Sophisticated details are vendor specific and 38 

proprietary. Reconstruction methods shall be outlined here only for simple cases. Detailed 39 
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treatments can be found e.g. in (Barrett & Swindell, 1981; Hsieh, 2015; Kalender, 2011; Pan et al., 1 

2010) and on the web e.g. at (Vision Lab, 2015). 2 

An illustration of Radon’s discovery is solving a set of linear equations. Fig. 4. sketches a 3 

thought experiment comprising four unknown sample attenuation coefficients µ11 to µ22, which 4 

may characterize four equally shaped cylinders with equal diameter d bound to each other in a 5 

square pattern. The structure is probed by an X-ray pencil beam traversing the objects from 6 

different angles in a plane normal to the cylinders. To remind the above pencil beam geometry, one 7 

may think of three measurement angles and one respectively two shift operations for each. The 8 

unknown attenuation coefficients are determined by sending a pencil beam from an X-ray source 9 

through the structure, measuring four X-ray intensities I(t, θ) downstream and comparing them 10 

with the primary intensity I0, measured without the object, as indicated in the top formula in the 11 

box of equations at the right of the figure. In this context p(t, θ) denotes the natural logarithm of 12 

measured X-ray intensity I over primary intensity I0, θ is the angle under which the projection is 13 

taken relative to the horizontal axis and t denotes the lateral shift applied normal to the line at angle 14 

θ through the origin. The equations shown in the right box of the figure represent successive X-ray 15 

attenuation by the materials and adding natural logarithms instead of multiplying ratios of 16 

intensities according to I(t, θ) =  I0 𝑒−(µ11+µ12)𝑑. Four pencil beams with the same primary X-ray 17 

spectra are sent through the four cylinders of unknown material. A unique solution for the four 18 

unknown µ’s can be found by taking four suitable measurements and solving four independent 19 

equations. The projection value p(t2, π/2) is not independent but depends linearly on data from 20 

other projections. It has therefore been replaced by the diagonal projection. 21 

 22 
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23 
Figure 4   The four unknown attenuation coefficients µ11, µ12, µ21 and µ22 can be calculated by solving a set 24 
of four independent equations which comprise the measured projection data p as natural logarithms of the 25 
ratio of measured X-ray intensity I and primary intensity I0. t is the lateral translation (shift) of the x-ray 26 
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beams in parallel projection, θ the angle under which the projections are taken. As p(t2, π/2) is linearly 1 
dependent on p(t2, 0), p(t1, 0), p(t1, π/2), the diagonal projection p(0, π/4) was included instead. An equal 2 
diameter d of the four sample cylinders was assumed for simplicity 3 

Instead of comparing absolute attenuation numbers as product of attenuation coefficients and 4 

pixel sizes a relative scale, the so-called CT value, specified in Hounsfield Units (HU), has been 5 

defined to compare the attenuation µm of a feature in the CT image with that of reference features. 6 

Water with its attenuation coefficient µw defines the origin of the Hounsfield Units scale and air, 7 

resembling vacuum without attenuation, the absolute minimum. To report integers a factor 1000 8 

has been inferred such that 9 

 10 

CT value = 1000 HU ∙ (µm - µw) / µw. 11 

 12 

Typically, CT values span the range of -1000 (air respectively vacuum) and +3000. The results 13 

in HU for the above simulation is shown in the brackets in Fig. 5. Due to the limited dynamics of 14 

CT displays and as relevant differences of CT values in an image are sometimes only single digit 15 

numbers, a grey coded CT image is typically shown using a limited window of a range of CT 16 

values, which is adapted to the application. Typical values are for lungs: -950 to -550 (see Fig. 37 17 

for a COVID-19 patient, peaking at -100); fat: -100 to -80; cerebral white matter: 20 to 30; grey 18 

matter: 37 to 45; kidney 20 to 40; pancreas:  30 to 50; blood: 50 to 60; liver: 50 to 70; spongious 19 

bone: >50; compact bone: >200 up to 3000, intravenous iodine contrast: about 300 (depending on 20 

the concentration). 21 

Fig. 5 reports the result of a hypothetical measurement of d∙µ, as in Fig. 4. Attenuation of four 22 

cylinders of 10 cm diameter and of different human tissue, water and air was simulated (XSim 2.0, 23 

Philips) for two different tube voltages, 140 kV and 80 kV. Ideally, the radiation would be 24 

monochromatic. Realistically, an X-ray tube with a 7° tungsten target and 2.5 mm aluminum 25 

primary filtration was simulated. Scattered X-rays captured by the detector are ignored. Due to the 26 

wide spectrum the simulation includes beam hardening effects. Attenuation by a material is 27 

depending on other pieces in the ray path which alter the spectrum, in most cases harden it. Fig. 5 28 

illustrates the impact of the spectrum. Beam hardening is indeed a severe issue for CT, see 29 

(Vaishnav et al., 2020). This thought experiment, however, was posed to minimize the error by 30 

purposely avoiding bone or heavy metal with high atomic number which amplify the problem. The 31 

results are about accurate. The four values for p for each tube voltage are shown in the rectangular 32 

boxes, the respective materials and the resulting products of attenuation coefficients times diameter 33 

(µ∙d) and the CT values in brackets below in the circles. + and = signs indicate summing in the 34 

three directions. The solutions d∙µ11 = 
−p(t1,0) + p(t1,𝜋 2) + p(0,𝜋 4)

2
, d∙µ12 = 

2∙p(t2,0) + p(t1,0) -p(t1,𝜋 2) -p(0,𝜋 4)

2
, 35 

d∙µ21= 
p(t1,0) + p(t1,𝜋 2) - p(0,𝜋 4)

2
, d∙µ22 = 

p(t1,0) - p(t1,𝜋 2) + p(0,𝜋 4)

2
 yield the (µ∙d)’s shown as bold numbers 36 

in the circles. 37 
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Figure 5   Simulated line integrals (forward projections) are recorded in the rectangular boxes for the 2 
arrangement of Fig. 4 comprising four cylinders of indicated materials and equal diameter d =10 cm. Values 3 
of µ∙d, calculated by solving four independent equations, are in the circles for each location and tube voltage. 4 
CT values in Hounsfield units are shown in brackets underneath. Left: X-ray tube operated at 140 kV, right 5 
80 kV. As expected, attenuation coefficients and CT values depend on the high voltage 6 

 7 

2.1.3 Algebraic Reconstruction Technique (ART) 8 

The computational effort for solving sets of linear equations rises to an unacceptable level with the 9 

square of the number of samples taken, which today is close to a thousand. An iterative numerical 10 

process would accelerate solving the equations. Beginning with assumed start values for the 11 

unknown attenuation coefficients in each “touched” volume element the resulting line sum is 12 

calculated and compared with the measured. Differences (errors) are e.g. equally spread over all 13 

coefficients which were to be summed up. This procedure of summing and correction is applied to 14 

all terms and projections and, in a larger cycle, iteratively repeated until the error for the entire 15 

matrix of attenuation coefficients undercuts a stop limit. Instead of a single pass process as shown 16 

above this iterative Algebraic Reconstruction Technique (ART) requires multiple cycles and is also 17 

computationally expensive. Fortunately, more efficient methods for backprojection are available.  18 

 19 

2.1.4 Filtered backprojection (FBP) 20 

Fourier transformation of the parallel projection p shall serve as a basis. The 1D Fourier transform 21 

P(u, θ) = ∫ 𝑝(t θ) 𝑒−𝑗2𝜋𝑢𝑡𝑑𝑡
+∞

−∞
 at angle θ, with u as frequency coordinate, can be used to construct 22 

the 2D FT of the object function. According to the so-called central slice or Fourier slice theorem, 23 

the values P(u, θ) equal the values of the 2D Fourier transform F of the object along lines through 24 
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the origin at angle θ. In principle, inverting the Fourier transformation F gained from this 1 

construction, could directly yield the object function. 2 

However, using direct inverse FT for image reconstruction is numerically problematic. Sample 3 

values of P, the FT of p, are “delivered” on lines along each angle θ - over a discrete polar grid - 4 

whereas F is defined on a Cartesian coordinate system. Difficulties arise in numerical mapping 5 

between polar and Cartesian coordinate systems and the non-local sensitivity of Fourier transforms 6 

in frequency space on interpolation errors.  7 

Instead, most current CT scanners employ the so-called filtered backprojection which is robust 8 

and fast. It shall be very briefly outlined. Switching from a 2D Cartesian (u, v) to a polar coordinate 9 

system (ω, θ), appropriate to accommodate the one-dimensional Fourier transform P of the 10 

projection p per angle θ infers a frequency factor |𝜔|, such that the object function f can be derived 11 

from 12 

 13 

f(x, y) = ∫ ∫ 𝑃(ω θ) ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔(𝑥∙𝑐𝑜𝑠𝜃+𝑦∙𝑐𝑜𝑠𝜃)
+∞

−∞

𝜋

0
𝑑𝜔 𝑑𝜃. 14 

 15 

Switching from the Cartesian coordinate system (x, y) to another rotated Cartesian system (s, t), 16 

with t = x ∙ cos θ + y ∙ sin θ and s = -x ∙ sin θ + y ∙ cos θ, yields 17 

 18 

f(x, y) = ∫ 𝑑𝜃 ∫ 𝑃(ω θ) ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔𝑡
+∞

−∞

𝜋

0
𝑑𝜔 . 19 

 20 

Recalling that P is the FT of the parallel projection p, ∫ 𝑃(ω θ) ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔𝑡𝑑𝜔
+∞

−∞
 is defined on 21 

the spatial domain as the inverse Fourier transform of 𝑃 ∙ |𝜔|, taken at the angle θ for the translation 22 

parameter t. Compared with p, it is a modified projection, filtered by a function of which the FT is 23 

|𝜔|. Let 24 

 25 

q(t, θ) =∫ 𝑃(ω θ) ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔𝑡
+∞

−∞
 dω 26 

 27 

be the filtered projection. It can be derived alternatively as convolution of the Radon transform p 28 

and a convolution kernel in the spatial domain  
−1

2𝜋2𝑡2
 = ∫ ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔𝑡

+∞

−∞
dω, which is the inverse 29 

Fourier transform of |𝜔|. Backprojecting the filtered projection q (in spatial domain) yields the 30 

object function f for all Cartesian coordinates (x, y): 31 

 32 

f(x, y) = ∫ 𝑞(𝑡 𝜃)
𝜋

0
 𝑑𝜃 = ∫ 𝑞(x ∙ cos θ +  y ∙ sin 𝜃)

𝜋

0
 𝑑𝜃. 33 

 34 

For each point (x, y) values of q are integrated along a line through that point (x, y). This line runs 35 

normal to a direction which builds the angle θ with the x-axis. x ∙ cos θ +  y ∙ sin 𝜃 equals the 36 

(shortest) distance of this line of integration to the origin. The above frequency filtering in Fourier 37 

space inspired the naming filtered backprojection. If a sinogram-like chart akin Fig. 3 (a) would be 38 

drawn using the convolved projection q the integration would be along a sinusoidal trajectory. 39 
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A further numerical problem requires modifying the filter to be applicable for system 1 

implementation, because 
−1

2𝜋2𝑡2
 does not exist for t = 0. As sampling pitch and spatial resolution of 2 

a real CT machine are limited, highest frequencies can be omitted from the integration which can 3 

be limited therefore to ∫ ∙ |𝜔| ∙ 𝑒𝑗2𝜋𝜔𝑡
+𝜔𝑚𝑎𝑥

−𝜔𝑚𝑎𝑥
dω. In summary, the filter enhances high frequency 4 

components only up to the cut-off frequency ωmax given by the Nyquist limit of sampling 5 

discretization. In practice of numerical image reconstruction, the ramp and cut-off filter 6 

respectively its associated convolution kernel is adapted for balancing spatial resolution and noise. 7 

Typically, modern CT systems offer a variety of filters per clinical task. 8 

 9 

2.1.5 Iterative reconstruction 10 

Though computationally expensive and challenging clinical workflow, current technology using 11 

additional dedicated processing hardware allows for handling multiple backprojection, forward 12 

projection and correction steps in iterative optimization processes. The physics of the CT system 13 

is modeled. Forward projections of the object function are simulated, based on starting values, e.g. 14 

from FBP. Discrepancies between simulated and measured data are iteratively minimized in 15 

correction steps, while non-plausible data are filtered out and data inaccuracies considered. 16 

Knowledge about the Poisson statistics of quantum noise is used to weight projection data 17 

according to their signal strength. Depending on the algorithm and clinical task, the number of 18 

iterations may reach several dozen until reaching a stop criterion. Different vendor specific 19 

concepts have been devised, e.g. model based iterative reconstruction or maximum likelihood 20 

iterative reconstruction see e.g. (Ziegler et al., 2007) or (Van Eyndhoven & Sijbers, 2018). Iterative 21 

reconstruction enables image quality improvement, dose reduction and artifact suppression, see 22 

(Noël et al., 2014), (Sauter et al., 2016). The images generally display a more artificial look than 23 

those most radiologists are used to. 24 

 25 

2.1.6 Machine learning methods 26 

As in many other fields of imaging, CT reconstruction benefits from machine learning algorithms 27 

like Convolutional Neuronal Networks. The data base for learning procedures is rapidly growing, 28 

expectations are high, some results and the most promising tasks still matter of debate. Machine 29 

learning technology may help completing sparse data sets. This is employed e.g. for spectral CT. 30 

It also improves feature recognition, enables dose or noise reduction for selected tasks, tumor or 31 

organ segmentation and other tasks to improve the clinical work-flow. This field is highly dynamic, 32 

see (Cui et al., 2020; Lell & Kachelrieß, 2020) and driven by all major vendors of CT systems as 33 

well as academia. 34 

 35 

2.2 Multidetector CT 36 

After early introduction of dual-slice systems in the 1990s progress in detector technology allowed 37 

for drastically improving photon economics and speed of acquisition by widening detectors in axial 38 

direction since about the beginning of the millennium. CT systems with axial coverage of up to 16 39 

cm in the iso-center are available, e.g. the premium GE Revolution® CT system depicted below in 40 
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Fig. 16. Up to 320 slices can be measured with the Canon Aquillion One® system. Prior to these, 1 

Siemens introduced dual-source-dual-detector systems with an actual coverage of about 12 cm 2 

when combining two detection and source systems.  3 

Violation of the normality requirement may result in cone-beam artifacts, the more severe the 4 

wider the z-coverage and the more distant from the central plane the reconstructed slice is, see 5 

(Köhler et al., 2002). Secondly, dose utilization suffers in axial scanning, when the patient rests 6 

with the table and only the gantry rotates. This mode is appreciated e.g. for cardiac CT which may 7 

allow for image acquisition in a single heartbeat, if the axial coverage suffices, and for functional 8 

4D examinations (3D over time). Due to the triangular cross section of the X-ray beam substantial 9 

portions at the end of the scanned patient volume (in z-direction) are irradiated but cannot be 10 

reconstructed. Fig. 6 (a) shows the minimal angle of gantry rotation to sample the required 11 

projections. The central portion of the object around the classical image plane can be scanned with 12 

a half circle rotation (π) plus azimuthal detector width angle (δ). A full scan is required for the next 13 

marked cylindrical portions further out. The outermost ends in axial (z-) direction experience 14 

irradiation, but at least a few required projections are missing. Other than for non-destructive 15 

testing missing data can hardly be filled reliably by approximation. As large detectors offer high 16 

potential for scanning entire organs, the necessity to do full scans instead of half scans limits the 17 

temporal resolution with utmost coverage, e.g. for cardiac CT. To remediate, GE’s cardiac system 18 

CardioGraphe® employs two X-ray tubes offset in axial direction to cover all necessary 19 

projections. Both tubes operate alternatively with grid-switched cathodes. More on the difficulties 20 

associated with MDCT can be found e.g. in (Boas, 2012; Hsieh, 2015). 21 

 22 
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 23 
Figure 6   (a) Axial scanning geometry. Only the inner portions of the irradiated volume can be 24 
reconstructed with gantry rotation angle as indicated. Although end portions receive radiation sampling is 25 
not sufficient for image reconstruction. The lengthy focal spot of the X-ray source produces a penumbra of 26 
the primary intensity, as shown in (b). The heel effect reduces the photon flux as indicated, depending on 27 
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tube voltage, filtration and tube age.  A part of the produced fan beam close to the anode shadow is cancelled 1 
by an aperture to limit the anisotropy of the primary X-ray intensity across the irradiated volume. 2 

The heel effect of the X-ray source poses another problem for wide coverage. Radiation 3 

originates from a few micrometers below the target surface. The intrinsic absorption of generated 4 

X-rays by the anode causes a drop of X-ray intensity close to the anode shadow. The intensity 5 

graph in Fig. 6 (b) roughly sketches a typical trend for a tube voltage of about 120 kV and low 6 

additional beam filtration. Higher voltage, stronger filtration and using a new tube results in less 7 

severe a drop. A so-called heel effect filter, typically of plastics or aluminum, may be used to 8 

equalize the flux. Additionally, X-rays emerging very close to the anode shadow are always 9 

eliminated in CT by an aperture. The anode angle is chosen typically between 2° and 4° larger than 10 

geometrically required. Using a typical large anode angle of 7° for narrow coverage of only 4 cm 11 

(which would require about 4° only) costs about 40% = (7° - 4°) / 7° of the otherwise possible tube 12 

power. The focal spot must be shortened accordingly to maintain the required spatial resolution 13 

around the center plane. This reduction increases with coverage. The reserve angle is therefore 14 

usually further reduced to values of about 2° only for wide coverage systems. The anode material 15 

intrinsically filters radiation. The k-edge of tungsten at about 69 keV in the middle of the most 16 

common spectrum for CT cuts a trench into the spectral intensity distribution for tube voltages 17 

above 69 kV. Therefore, the relevant X-ray energy in the fan beam (typically one takes the mean 18 

energy as a reference to specify the material attenuation) depends on the distance of a ray from the 19 

anode shadow and slightly from the azimuthal take-off angle. This contradicts the requirement of 20 

a isotropic X-ray energy in the entire fan beam, see also 3.2.5. A monoenergetic beam throughout, 21 

which would eliminate beam hardening effects, would be ideal, but is not realistic. Increasing the 22 

anode angle to minimize the adverse effects is particularly problematic, as high-performance 23 

systems offer fast cardiac scanning, where highest X-ray flux is appreciated. Tube life is another 24 

aspect to consider. Focal track erosion causes electrons to penetrate deeper into the roughened 25 

anode and the rough and partially molten surface filters in addition. Thus, X-ray flux 26 

inhomogeneity and spectral distortion grow with tube age. 27 

Reconstruction methods presented in paragraph 2.1 apply for a single slice. A widely used 28 

reconstruction algorithm for multi-slice CT (MDCT) or for cone-beam CT (CBCT), which employ 29 

flat panel detectors, was suggested by Feldkamp, Davis and Kress (Feldkamp, 1984), the (FDK) 30 

algorithm.  31 

 32 

2.3 Cone Beam CT 33 

Instead of typical CT detectors with fast scintillators like gadolinium oxysulfide (GOS) or similar 34 

with pixel size of about a millimeter in each direction, the so-called cone-beam CT (CBCT) 35 

scanning technology employs dynamic radiographic flat panel detectors with fine spatial resolution 36 

and comparatively large coverage. A typical scintillator is columnar cesium iodine (CsI). CBCT 37 

has been widely used since the arrival of digital detectors in angiographic and orthopedic systems 38 

and for surgery and therapy planning purposes. Challenges in CBCT arise from the large quantity 39 

of scattered radiation received by the wide-open space angle which the detector covers and the 40 

difficulty to implement fine structured anti-scatter grids. The long decay time of the typical 41 
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scintillator material CsI poses another issue. The limited readout bandwidth results in much longer 1 

scan times compared with typical MSCT and larger inaccuracies. Fig. 7 shows two CBCT systems 2 

for orthopedic (a) and general-purpose applications (b). The Siemens system (b) enables flexible 3 

non-circular source-detector trajectories to reduce cone beam artifacts. Such trajectories like 4 

saddle, circle-and-line and other have also been discussed for MDCT to raise coverage without 5 

generating cone beam artifacts, see literature cited at the end of the last paragraph. Angiography, 6 

notably vascular and neurologic,  is an important field of application, see (Orth et al., 2008) 7 

extended recently by use for embolization in oncology. 8 

Four dimensional CT, so-called 4D CBCT, see (Zhi et al., 2020), has gained great importance 9 

for image guided cancer therapy with Linacs for gamma and electron as well as in particular hadron 10 

beam therapy. Improved spatial definition of the beams, depth focusing of hadron interaction in a 11 

narrow Bragg peak and improved simulation of the biological response demanded accurate imaging 12 

of lesions, which are often in motion during irradiation. 13 

 14 

a) Orthopedic CBCT 
Carestream OnSite®

b) Robotic Siemens 
Multitom RAX® system 
with CBCT functionality

Dynamic flat panel detector X-ray source

Robotic ceiling suspension

Extremities tunnel  15 
Figure 7   Examples of Cone Beam CT (CBCT) systems, (a) Carestream OnSite, (b) Siemens Multitom 16 
RAX ® system, tube and detector rotate about the patient. Robotic control allows for trajectories to avoid 17 
cone-beam, shadingand scatter artifacts, see (Zhao et al., 2020), gyroscopic forces on the tube rotor must be 18 
observed. 19 
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 1 

2.4 Spiral CT 2 

Introduction of power and data slip 3 

ring technology and the appropriate 4 

reconstruction methods allowed for 5 

helical or spiral scanning from the mid 6 

of the 1990ies. Instead of rotating the 7 

gantry forward and backward and 8 

winding high voltage cables and 9 

cooling hoses, the gantry, comprising 10 

X-ray tube and detector, is kept in 11 

continuous rotation while the patient 12 

transitions through the bore on a 13 

motorized table. This concept is 14 

advantageous in several ways. Motion 15 

artifacts from patient acceleration in 16 

step-and-shoot axial scanning are 17 

absent. Exposure times for lung scans 18 

(30 cm) could be reduced to as low as half a second using dual source technology. Patients do not 19 

necessarily have to hold breath. Although skeptic at the beginning, the industrial, scientific, and 20 

clinical community has soon adopted spiral CT for its enormous benefits. It has become standard 21 

of care in 3rd generation CT scanners. One of the hurdles was image reconstruction. Radon’s 22 

requirement is violated as helical CT has no planar geometry per se, as can be assessed from Fig. 23 

8, a view into the spiral staircase of a lighthouse. The volume to be scanned would reside top-down 24 

in the center. X-ray tube and detector would progress over the patient as climbing the stairs. 25 

Relative to the patient, projection data are gathered from rays on a spiral surface. To use FBP, 26 

projection data must be interpolated in all directions, including axial, with fine axial resolution. 27 

The focal spot distortion in axial direction must be sufficiently small, the anode angle large enough. 28 

The interpolation offers the benefit of retrospective mathematical filtering and selection of the 29 

desired z-resolution. Details can be found in (Kalender, 2011), by one of the pioneers of this 30 

technology and in (Hsieh, 2015). Spiral scanning with multislice detectors simplified 3D rendering. 31 

Compared with large volume axial scanning, dose utilization is improved by collimation in a 32 

sunrise-sundown fashion. Collimator blades open the fan beam dynamically when the scan starts 33 

and close on the opposite side when it ends, as sketched below in Fig. 31. There is hardly any non-34 

reconstructable volume. Spiral MDCT has been subject to numerous papers and vendor-specific 35 

research.  Notable progress for image reconstruction was achieved by Katsevich in 2001, see e.g. 36 

(Katsevich, 2004; Kudo et al., 2004), who presents exact or nearly exact FBP using mathematical 37 

filtering along families of proposed trajectories, which depend on the scanning pitch and fan angle. 38 

Other algorithms were developed by the major vendors of CT systems and academia, see (Bontus 39 

Figure 8   The scanning trajectory in a helical CT resembles this 

spiral staircase in a lighthouse. The object to be scanned would 

be an upright cylinder 
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et al., 2003, 2006, 2007; Th. Köhler et al., 2002; Thomas Köhler et al., 2006; Kudo et al., 2004) 1 

and many others, see e.g. (Shechter et al., 2004). 2 

An important parameter for dose and image quality considerations is the pitch or pitch factor, 3 

the ratio between table feed per full rotation of the gantry and the detector slice width (projected to 4 

the iso-center). Low pitch with helical MDCT allows for fast high-resolution scanning. After 5 

controversial use of the term IEC 60601-2-44 ed. 2 (2001): Amd 1 (2002) defines the dimensionless 6 

quantity 7 

 8 

Pitch = 
 patient support travel along the axial direction in one rotation of the X−ray tube 

total detector acquisition width (nuber of sections x section width)
 9 

 10 

Values greater than two would cause missing data. Considering the pitch is necessary to compare 11 

specifications of the tube current, which are often taken as a dose measure. The ratio between 12 

effective tube current Ieffective and nominal tube current Inominal for this purpose amounts to 13 

 14 

Ieffective  =  

Inominal

Pitch
. 15 

 16 

The corresponding charge (product of tube current and scan time) per volume scanned, expressed 17 

in mAs scales in the same way. Equal effective charge (Ieffective times scan time) results in about 18 

equal image noise, independent of the pitch. See (Kalender, 2011) for more details. 19 

 20 

2.5 Spectral CT 21 

A recent clinical study (Rajiah et al., 2018) and anecdotic communication suggests that spectral 22 

sensitive CT may provide additional diagnostic value in about 80% of day-to-day CT scans. Given 23 

the drawbacks associated with some technology, spectral acquisition would be opted for a priori in 24 

clinical practice in only 20% of cases. Assumed, these deficits could be mitigated, spectral CT 25 

would become standard of care, critical images possibly read a posteriori. This is the strength of 26 

detector-based spectral CT, where spectral data are acquired intrinsically upfront. 27 

Materials showing the same total attenuation may be differentiated by probing with photons of 28 

varying energy. Spectral tissue differentiation in CT, see (Alvarez & Macovski, 1976), with decent 29 

temporal, spatial, and spectral resolution has been commercialized first by General Electric and 30 

Siemens Healthineers on a broad scale, both companies employing source-based approaches. GE 31 

alternates the tube voltage in a fast manner while Siemens Healthineers employs two separately 32 

supplied and filtered X-ray channels, offset by about 90°. Canon unveiled the source based 33 

Aquillion One Prism Edition® in 2019 using tube voltage modulation. Sparsely sampled 34 

projections are improved by machine learning CNNs. 35 

On the other side Philips relies on a detector-based system of the IQon® family, see Fig. 1, which 36 

intrinsically has the spectral function always active. Major vendors work on detector-based direct 37 

conversion photon counting X-ray detector systems. More details will be discussed below. A 38 

thorough treatment of this technology is in (Taguchi et al., 2020), an overview in (McCollough et 39 

al., 2020). 40 
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 1 

2.5.1 Physical background 2 

X-rays traversing through matter may experience various types of physical interactions. Ordered 3 

by importance for X-ray imaging, they may 4 

(P) ionize atoms, loosing energy to one of the shell-electrons (photoelectric effect) 5 

(C) transfer energy to nearly free electrons (incoherent Compton scattering) 6 

(R) let the entirety of bound atomic electrons vibrate (nearly coherent Rayleigh scattering) 7 

(T) let loosely bound electrons vibrate (nearly coherent Thomson scattering). 8 

Delbrück-scattering and pair production may occur at energies beyond the range of diagnostic 9 

imaging (>1022 keV). Scattering at nuclei is weak, coherent scattering (R) and (T) also weak 10 

enough to be set aside for spectral imaging, as Fig. 9 shows. The best way to differentiate material 11 

would be assessing the strength of its photoelectric absorption and its Compton scattering, which 12 

both remove photons from a straight beam. They act very different depending on photon energy 13 

and tissue respectively contrast dye, as shown in Fig. 9 (b). Coherent scatter is less significant with 14 

respect to its absolute share among the interactions and with respect to the energy dependency of 15 

this ratio. Spectral CT measures the big players (P) and (C). 16 

Differentiating bone and iodine contrast dye in blood is often challenging. Voxels of different 17 

material may share the same CT number when measured at a given tube voltage with a single 18 

energy integrating detector. Varying the mean photon energy of the primary beam or differentiating 19 

the photons which passed the material for mean energy would reveal the voxel’s spectral 20 

characteristic, so to speak, its X-ray color. It would be sufficient to differentiate for photoelectric 21 

and Compton scatter, as the spectral fingerprint of bone and iodine is so different, as shown in Fig. 22 

9 (b). 23 
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Figure 9   Comparison of the relative strength of interactions of photons with matter. (a) Compton scattering 25 
and the photoelectric effect dominate over coherent Rayleigh scattering, which overall has a share of only 26 
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about 5% with higher values for some material and some photon energy as indicated. L-edges and K-edges 1 
imprint straight lines in the double logarithmic plot, adapted from (Dyson, 1990). (b) The share between 2 
Compton scattering and photoelectric effect is characteristic for relevant materials water, compact bone and 3 
sodium iodine and differ significantly, while coherent scattering is less significant, in absolute terms and for 4 
differentiation. 5 

Heitler suggested in 1954, using quantum mechanical approximation, for the dependency of the 6 

photoelectric absorption cross section on atomic number Z and photon energy E a proportionality 7 

to Z5E-3.5 for energies up to 50 keV and Z5E-1 for energies larger than 10 MeV, see (Dyson, 1990). 8 

A reasonable approximation for medical imaging is Z5E-3.2. Compton scattering can be 9 

approximated by the Klein-Nishina (KN) function fKN, see (O. Klein & Nishina, 1929), which is 10 

only weakly dependent on energy, and a factor proportional to ρ∙Zeff, where ρ represents the 11 

material mass density and Zeff a weighted average of the atomic numbers in the compound 12 

according to Zeff  =  √∑ 𝑐𝑖𝑍𝑖
2.94

𝑖
2.94

, where i counts the contributing elements with their relative 13 

number of electrons ci relative to the total number and Zi is the individual atomic number.  Water, 14 

for example, has Zeff = √0. (1)2.94 +  0.8(8)2.94
2.94

 = 7.42. Zeff of adipose fat equals about 6, blood 15 

7.04, cortical bone 13.2, pure iodine 53. Pure gadolinium, a contrast agent candidate currently used 16 

only in magnetic resonance imaging, has 64. Zeff for iodine in solution depends on its concentration 17 

in blood and amounts to between 8.0 for 0.5 mg∙cm-3 and 12.0 for 14 mg∙cm-3.  18 

Energy- and Z-dependency can be nicely separated. The total attenuation coefficient of a voxel, 19 

in which only the above two processes are assumed to be active, may be approximated as linear 20 

combination of Z-dependent coefficients αP (photoelectric effect) and αC (Compton scatter) and 21 

energy-dependent functions fP and fC as  22 

 23 

µ(E) = αP fP(E) + αC fC(E) 24 

where 25 

αP ∝ ρ ∙ 𝑍𝑒𝑓𝑓
3.8   and  fp ∝ E-3.2 26 

αC ∝ ρ ∙ 𝑍𝑒𝑓𝑓  and fC = fKN. 27 

 28 

Varying the probing energy and measuring µ(E) enables differentiating the coefficients αP and αC 29 

and, therefore, the individual contributions of the physical effects in a voxel to assess ρ and Zeff. 30 

This in turn is the characteristic fingerprint of the material when the photon energy E and fp(E) and 31 

fC(E) are known. Two test energies E1 and E2 suffice to solve a set of two independent equations 32 

µ(E1) = αP fP(E1) + αC fC(E1) and µ(E2) = αP fP(E2) + αC fC(E2) for the unknown coefficient’s alpha. 33 

Fig. 15 (a) demonstrates how well the attenuation coefficient of real soft tissue can be approximated 34 

by the alpha-weighted contributions of fp and fC. The characteristics of the photoelectric effect and 35 

Compton scattering are not the only suitable so-called basis functions to be linearly combined to 36 

approximate the behavior of a material. Iodine-water is another popular pair. 37 

Photo electric and Compton effects depend on the electron density of the material and on the 38 

“atomic number density” in different ways. The Compton effect solely affects electrons, as 39 

Thomson and Rayleigh scattering do, which are less significant in human CT. Therefore the 40 
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“Compton image” basically measures electron density. Other than conventional CT, which yields 1 

machine and setting dependent CT values only, spectral CT is a great leap towards quantitative 2 

imaging, see (Jacobsen et al., 2020). In this sense, spectral CT is comparable with dark-field 3 

imaging and differential phase contrast imaging, measuring electron density. 4 

As aforementioned, CT numbers of materials depend on the used tube voltage (kVp) and other 5 

parameters of the system like the width of the energy spectrum, influenced by filtration. As an 6 

example, the dependency of the CT numbers on density of water and iodine for high and low mean 7 

photon energy in the CT are depicted in Fig. 15 (b). The marked angle, the difference between the 8 

slopes of the CT number curves, qualifies the capacity of spectral separation which a CT system 9 

can deliver. The difference of the slopes impacts error propagation. Typically, the marked angle is 10 

small and therefore minor inaccuracy of measured CT numbers translates to a larger inaccuracy of 11 

the projection to the basis curves. The typically small difference of the slopes is why spectral CT 12 

is extremely sensitive to the precision of the measurement. Small differences between high and low 13 

energy measurements of contrast concentration or of the spatial resolution, e.g. because the focal 14 

spot of the X-ray tube may vary with tube voltage, may severely impair the quality of a spectrally 15 

resolved image. 16 
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 17 
Figure 10   (a) Approximation of the attenuation coefficient of soft tissue µST(E) as linear combination of 18 
photoelectric (fp) and Compton scatter functions (fC), which describe the dependency on photon energy, by 19 
fitting the energy-independent coefficients αP_ST and αC_ST. The pair (αP / αC) is characteristic for the material 20 
composition ρ∙Zeff. (b) Measured CT numbers of materials depend on the used tube voltage (kVp). The 21 
dependency of the CT numbers on density of water and iodine for high and low mean photon energy in the 22 
CT are depicted. E.g. iodine- or bone-like material can be discerned by the indicated borderline. The angle 23 
(between slopes) indicates the separation capability of the CT system, which also impacts the accuracy of 24 
the projection of a measured data pair (“high / low HU”) to the base lines 25 
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How about the K-edges, which Fig. 10 (a) does not depict? The fat compound, taken as an example 1 

in Fig. 10, has no element with a K-edge discontinuity in the relevant energy range. But the contrast 2 

agent iodine has it at 33 keV at the low end of the relevant photon energy range. Its attenuation is 3 

monotonic decreasing for the most part of the range and can well enough still be approximated by 4 

a linear combination of functions of energy fp (dominating) and fc. Due to the proximity of the K-5 

edge iodine shows a strong photoelectric effect, as shown above in the right box of Fig. 9 (b) and 6 

can be best be imaged with low energy photons, see the discussion on quasi monoenergetic image 7 

presentation below. 8 

Attempts have been made to quantitatively measure the concentration of “K-edge material” like 9 

iodine and in particular gadolinium or bismuth, whose k-edges are close to the mean energy used 10 

in CT, see (Roessl & Proksa, 2007). This so-called K-edge imaging would require measurements 11 

at more than two energies, e.g. employing photon counting detectors with at least three energy bins 12 

or dual layer detectors illuminated with X-rays with alternating tube voltage. This technology is 13 

still in the research phase, see e.g. (Dunning et al., 2020). 14 

 15 

2.5.2 Spectral CT concepts in comparison 16 

Spectral CT can be performed in different ways which promise benefits and challenges. Fig. 11 17 

illustrates the basic concepts available on the CT market. 18 
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Figure 11   Pros and cons of concepts for spectral CT. Differentiation: spectral distance between average 21 
photon energies.  Spatial: spatial accuracy between channels. Temporal: time difference between sampling 22 
periods in both channels. Decompose: Method of spectral material decomposition (projection or image 23 
domain). Retrospect?: is routinely (for all scans) a retrospective spectral information available in the data 24 
set? 25 
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The strongest spectral differentiation can be achieved by a dual source system which employs 1 

two separate image chains, each driven with its own high voltage generator, X-ray tube, filter and 2 

detector. Technique factors tube voltage and tube current are individually optimized to employ the 3 

full capacity of the components. Strong X-ray filtration further hardens the spectrum in the high 4 

energy channel, which anyway delivers a strong X-ray signal downstream of the patient. 5 

Investment and operational cost of such a system are comparatively high and other challenges to 6 

be considered. 7 

The TwinBeam® concept of Siemens Healthineers is rather economic. The X-ray fan is split in 8 

filtered sub-beams employing 0.4 mm tin in the high-energy channel and 50 micrometer gold in 9 

the other. The object is scanned in spiral mode. Spectral fidelity and CT number accuracy are 10 

limited, as well as the photon flux behind the filters. 11 

Tube voltage or “kVp“ switching has been available for many years in different flavors, 12 

differentiating in spin-spin solutions, where the tube voltage is altered once per gantry rotation and 13 

fast methods, changing the tube voltage for each integration period or a series of a view integration 14 

periods. While the accuracy of the spin-spin method is very limited due to inaccuracies, fast tube 15 

voltage switching has proven diagnostic value. 16 

Given the high sensitivity of spectral material decomposition on errors, source-based methods 17 

CT limit the temporal resolution in spectral mode, which may impair accuracy when imaging 18 

dynamic processes of contrast flow, heartbeat and breathing. Tube voltage switching limits the 19 

spatial in-plane resolution due to sparse in-plane sampling. The extra dose, limited accuracy and 20 

resolution, and workflow considerations typically require a decision to be made prior to scanning 21 

on weather dual- or single-energy scanning is advised.  22 

Other concepts are detector based. The dual layer concept differentiates two energy bins 23 

downstream of the patient, who is illuminated by a polychromatic X-ray source. Raw data are 24 

always spectral and can be retrospectively analyzed. This holds also for photon counting method 25 

using direct X-ray-to-charge conversion. 26 

2.5.3 Spectral material decomposition 27 

Fig. 12 (a) indicates the achievable spectral separation between high and low energy photons e.g. 28 

by filtering a single X-ray beam.  For illustration a 0.4 mm thick tin filter slab is simulated (XSim 29 

2.0, Philips) in one sub-beam and a 0.1 mm thick gold filter in the other, separated in axial direction 30 

and subsequently illuminating tissue by spiral scanning. For the picture, the tube is assumed to 31 

operate at 140 kV with a pre-filtration of 2.5 mm aluminum. Spectra are taken behind a water-32 

phantom of 300 mm diameter representing a patient. Mean photon energies are shown, calculated 33 

from the intensity distributions. The spectra depicted are drawn as the relative number of photons 34 

per energy interval on the vertical axis over photon energy. The same tube current, target 35 

(tungsten), anode angle (7°), and source-detector distance is assumed. The achievable spectral 36 

separation is rather limited. A disadvantage of such filter-based methods is the strong attenuation 37 

required to obtain sufficient spectral differentiation when the primary radiation is the same for the 38 

sub-beams. Gold helps softening the spectrum by cutting-off high energy photons beyond its K-39 

edge of 80.7 keV and balancing the photon flux in both channels. Tin significantly attenuates and 40 

hardens the spectrum. 41 
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Figure 12   (a) Simulated spectra (XSim 1.2, Philips) of a split beam concept employing a single X-ray tube 2 
at elevated high voltage, a 0.1 mm thick gold filter in the low-energy channel and a 0.4 mm thick tin filter 3 
in the other. The split between mean photon energies, calculated from the intensity distributions, is 84.4 4 
keV (dotted curve) versus 72.6 keV (bold curve). (b) Simulation for a dual tube system, where the low 5 
energy channel has no additional filter except the standard 2.5 mm aluminum as in (a) and operates at 80 6 
kV tube voltage. The high-energy channel is assumed to be filtered with 0.4 mm tin and operated at 150 kV. 7 
The spectral separation is superior: 88.2 keV (dotted curve) versus 45.2 keV (bold curve). All graphs are 8 
calculated for the same tube current, X-ray target (tungsten), anode angle (7°), 2.5 mm additional standard 9 
aluminum filter and source-detector distance.  10 

Other than for a filter solution with a single tube a very strong differentiation can be achieved 11 

employing two independently operated tubes with separately filtered beams as in the dual source 12 

CTs from Siemens Healthineers. The tube voltage in the low-energy channel is chosen low (80 kV) 13 

for the simulation shown in Fig. 12 (b). As the primary fan beams are completely independent, the 14 

tube current in the low-energy tube can be maximized for full focal spot capacity. This option is 15 

generally absent in single beam solutions, e.g. with tube voltage switching, unless the tube current 16 

can be altered as fast as the high voltage like in GE’s recent version of the Revolution Apex CT®  17 

comprising the Quantix 160®  tube with Pierce-type cathode, see below. Due to space charge 18 

effects, the tube current in in conventional tubes is even reduced at low high voltage, typically by 19 

one third for tungsten coil electron emitters and few percent for flat emitters. The current 20 

controlling temperature of the electron emitter in regular cathodes is only relatively slowly 21 

changeable in dozens of milliseconds, whereas the tube voltage may change two orders of 22 

magnitude faster. This deficit adds to the lower X-ray conversion factor and the reduced object 23 

transparency. A dual tube solution is superior in all these aspects. 24 

Fig. 13 illustrates an exemplary imaging chain for a dual energy spectral system which outputs 25 

virtual monochromatic images in the range between 40 keV and 200 keV simulated photon energy. 26 

(These are not to be confused with images acquired with 40 to 200 kV tube voltage). 27 
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Figure 13   Example of spectral material decomposition with a detection-based dual energy CT system. The 3 
complete match of the spectral projections (temporal, spatial and focal spot size) and absence of gaps in the 4 
sinograms from voltage switching enables good projection space base function decomposition 5 
(photoelectric and Compton scatter sinograms) and excellent beam hardening correction. As noise is anti-6 
correlated in the channels the spectral function can stay always active without dose penalty. The example 7 
output in this graph is one of the virtual monoenergetic images in the bar to the right, selectable between 40 8 
keV and 200 keV virtual photon energy by linear combination of photoelectric and Compton scatter images. 9 
Noise for a 40 keV equivalent image is comparatively low for this concept. 10 

A similar process chart is in Fig. 14, which illustrates base material decomposition, which 11 

outputs a water image and an iodine image as well as a conventional image from linear 12 

combinations of both. Sinograms in these sample cases are measured by a detection-based spectral 13 

system. The X-ray source is polychromatic. The inner first detector layer close to the iso-center 14 

primarily measures soft photons, the outer those with higher energy. Scintillator materials and 15 

thicknesses are balanced such that a water phantom of standard diameter irradiated with the 16 

spectrum at the most common tube voltage generates equal signal strength in both channels. 17 

Complete spatial and temporal sinograms are derived for both energy bins. 18 

 19 
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Figure 14   Base material differentiation along the water-iodine axes may deliver conventional, water and 2 
iodine images 3 

This is very different for other dual energy concepts. Tube voltage switching results in sparse 4 

sampling for each energy channel, as only one of them is fed at a time. One vendor skips data 5 

acquisition during voltage transitions, although the patient is irradiated. Incomplete sinograms must 6 

be filled with interpolated data or assessed signals using machine learning algorithms. This impairs 7 

data quality. 8 

Signal split between both channels is a potential disadvantage of dual layer detection. But the 9 

additional total electronic noise is equivalent to a few photons only and mostly negligible, except 10 

in case of severe photon starvation behind extremely thick objects. Other than for source-based 11 

spectral imaging, the noise from high- and low-energy channels is strongly anti-corelated. If one 12 

channel experiences a stronger signal, the other shows less. The total noise is not enhanced with 13 

respect to non-spectral acquisition, which, from a dose perspective, allows the spectral function 14 

always to stay active. 15 

A big clinical benefit of detector-based spectral CT is that spectral image reading can even be 16 

performed after the patient has already left. Another benefit is the intrinsic beam hardening 17 

correction performed in the projection space, which other concepts do not allow for or only to a 18 

limited extent, as the as complete match of the spectral projections would be required, see (Maaß 19 

et al., 2009). Beam hardening must be fought then in the image space, as with non-spectral CT. 20 

The spectral separation between the channels is lower, however, for dual layer detection than for a 21 

dual source system.  22 

 23 

2.5.4 Source-based spectral CT 24 

 25 
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2.5.4.1 Dual source CT 1 

Fig. 15 depicts the Siemens Somatom Force® dual-source computed tomography system. Early on 2 

the compact Siemens Straton® tube was used to enable the packed construction of this family. 3 

From 2013 on, premium systems have been equipped with a pair of Vectron® tubes, depicted in 4 

Fig. 29 (a). For spectral operation tube voltages and currents can be largely different in both 5 

channels (e.g. 80 or 100 kV and 150 kV), and a tin filter is applied to achieve an extremely large 6 

spectral differentiation in this dual source system. Spectral characteristics is depicted above in Fig 7 

16. (b).  Mismatch of the temporal registration due to the nearly 90° offset of the channels, reduced 8 

field of view for packaging reasons, and cross scatter from the high-energy into the low-energy 9 

channel must be considered. Spectral material decomposition is performed in the image domain. 10 

 11 

Figure 15   Siemens Somatom Force® dual-source computed tomography system, equipped with two 120 12 

kW X-ray segments. (Courtesy of Siemens Healthcare.) 13 

Modern CT systems rotate tube and detector up to about four times per second and allow for 14 

cardiac scanning with temporal resolution for patients of typical heart rates slightly above 60 beats 15 

per minute. Two sets of tube and detector with an offset of about a quarter of a circle enable about 16 

doubling the temporal resolution. Half-circle scans can be reduced to quarter-circle scans. Another 17 

advantage is the very high acquisition speed for large volumes with high pitch. The patient is 18 

translated rapidly through the bore. A conceptual disadvantage of dual-source systems with both 19 

sources active at the same time arises from the inevitable amount of X-ray cross-scattered photons 20 

emerging from the patient. When one tube creates a hard spectrum with, say, the tube voltage at 21 

140 kV and, for example, the second one a soft spectrum with 80 kV, the periphery of the patient 22 

scatters photons from the “hard” into the “soft” detector channel. An extra X-ray dose must be 23 

added to overcome the quantum noise which scattered photons deliver. Siemens Healthineers 24 

reports 15% extra dose for 40 mm detector coverage, rising proportional to the coverage. 25 

Unlike GE’s concept, tube voltages are constant, and different in spectral mode. Both tubes own 26 

their high-voltage and cathode supplies. Tube currents are optimized individually to the tube 27 

voltages and varied for dynamic dose modulation. Twice per gantry revolution the varying 28 

transparency of the patient between frontal and lateral projections is compensated. In one 29 
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configuration, the tube emitting the high energy spectrum, comprises an additional X-ray filter of 1 

0.4 mm tin to further the separation between the photon mean energy of both channels. Rather low 2 

tube voltage, which tends to diminish the electron emission in the “soft” channel by space charge, 3 

is one of the burdens of this concept. Weak tube types may not deliver the desired power. Siemens’ 4 

upgraded from the Straton® tube to the Vectron® tube. 5 

 6 

2.5.4.2 Tube voltage switching 7 

Fig. 16 is a picture of the spectral GE Revolution™ premium CT system, marketed as Revolution 8 

Apex® CT, and since 2019 equipped with GE’s Quantix 160® tube with liquid bearing and Pierce-9 

type cathode, shown in Fig. 30. 10 

 11 

Figure 16    GE Revolution™ CT System. (Used with permission of GE Healthcare.) 12 

GE has been pioneering “kVp-switching,”, better termed tube voltage modulation, for more than 13 

a decade under the commercial name “Gemstone Spectral Imaging” (GSI). GSI employs a fast 14 

switching high voltage generator to successively alter the X-ray spectrum generated by an 15 

affordable single source system. Coming from low voltage, e.g. 80 kV, the generator rapidly 16 

charges the high-voltage capacitance and the X-ray tube to 140 kV in a matter of a few dozen 17 

microseconds. Ramp down occurs passively by the tube current, which discharges the high voltage 18 

capacitance in the system. This poses a problem for routine dose modulation. For reasons of patient 19 

dose saving projection data are sampled in all phases of the tube voltage cycle, even during down 20 

ramp. As down slope and spectrum generated in this time depends on the tube current, varying the 21 

tube current by dose modulation cannot be tolerated. Dose modulation for patient dose saving must 22 

be turned off. Dose and image quality considerations are the reasons for the advice to decide 23 
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beforehand on whether a spectral scan should be performed for a patient. Other than with detection-1 

based methods, spectral CT remains an exemption from the routine. 2 

For maximal photon output with varying voltage, GE actively steers the Pierce-type cathode of 3 

the Quantix 160® tube electrostatically and always maintains high or even maximal focal spot 4 

power. Without active control, as in most conventional tubes, space charge would diminish the 5 

electron emission at 80 kV, where it is needed the most, as the X-ray output drops by at least a 6 

factor of (80 kV/140 kV)2 and the patient is more opaque at low voltage. Nevertheless, sampling 7 

with high and low tube voltage remains sparse. GE fills gaps in the sinograms by interpolation of 8 

data. Transition periods between low and high voltage are also sampled.  9 

Late in 2019 Canon unveiled the Aquillion One Prism Edition® CT system using tube voltage 10 

modulation, too. Canon decided to apply rather sparse sampling, as indicated in the flow chart at 11 

the right of Fig. 17 and which is compared with compete sampling with detection-based systems 12 

in Fig. 18 (left). One of the reasons stated by the company are considerations of reliability of high 13 

voltage components. Rapid and frequent changes of high electric fields contribute to material 14 

fatigue and may result in partial discharges in voids. Avoiding sampling the transition periods helps 15 

fighting spectral inconsistencies, but on the expense of enhanced patient dose. Canon claims that 16 

their method to fill the sinograms with machine learning methods, called dual convolutional neural 17 

networks (DCNN), is superior to interpolation. Future studies will provide more insight. 18 
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Figure 17   Spectral sparse sampling tube voltage switching system Canon Aquillion One Prism Edition®. 20 
Sinogram completion and image refinement with dual convolutional neural networks (DCNN) 21 

Other vendors alter the tube voltage for spectral imaging from one revolution of the gantry to 22 

the next in the so-called rotate–rotate or spin-spin mode. These techniques have limited diagnostic 23 

value because even very small deviations of the spectral response of a volume element in the patient 24 

due to motion may destroy the spectral information. As many parts of the patient are in motion and 25 

the heart pumps alternating amounts of contrast agent, high temporal definition of the measurement 26 
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is mandatory. Ideally, the spectral response of a small volume element should be measured at the 1 

same time using the same beam, as with detection-based systems. 2 

 3 
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 4 
Figure 18   (a) Detection-based spectral acquisition, dual layer or photon counting fill the sinogram 5 
completely. This also holds for dual-source systems, except that there is a 90° offset between the sinograms. 6 
Tube voltage switching (kVp-switching) necessarily acquires sequentially, per switching period, which 7 
creates a data gap. One vendor samples multiple integration periods, before switching the tube voltage, and 8 
does not sample in transition periods (dose issue) 9 

 10 

2.5.4.3 Detection-based spectral CT 11 

Detection-based spectral CT enjoys ideal spatial and temporal registration of the different photon 12 

species. Sampling is complete, not sparse. The first commercial CT of this kind is the Philips 13 

Brilliance IQon® system, depicted above in Fig. 1,  see (Shefer et al., 2013). Spectral detection 14 

does not put dedicated requirements on the X-ray source, except that the spectrum has to be 15 

polychromatic with a decent share of soft photons. The generator voltage is stable for each scan. 16 

The temporal definition of the spectral information is as accurate as for a regular scanning mode, 17 

as well as the dose utilization. Instead of in advance, spectral information from suspicious 18 

structures may be extracted posterior when the radiologist is reading the images. This is an 19 

exceptional benefit in terms of clinical workflow. Instead of being an exemption, spectral CT may 20 

become routine. The Philips IQon® system is equipped with a Philips iMRC® tube, as depicted in 21 

Fig. 20 (c), the conceptional predecessor of the Vectron® tube from Siemens, the Quantix 160® 22 

tube from GE, and similar concepts with magnetic focusing and liquid high-speed bearing. The 23 

gantry rotates on an air bearing with about 4 revolutions per second. Further details will be 24 

discussed below in sections 3.3.9.2 for dual layer detector technology and 3.3.9.3 for photon 25 

counting direct conversion spectral detectors, which are under development. 26 
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2.6 Problems 1 

1) State the first reconstruction method in a commercia CT product. 2 

2) State the central-slice theorem. 3 

3) Does the direct inverse 2D Fourier transform of the function, which is constructed using 4 

the Fourier slice theorem, exist? 5 

4) Why is FBP so popular for image reconstruction? What does the F stand for? 6 

5) Why is the anode angle of the Xray tube larger than geometrically required, given the 7 

illuminated area of the detector? Please state at least three good reasons. 8 

6) What is the purpose of a heel effect filter? Which material would be optimal? 9 

7) State two different spectral CT concepts available on the market. 10 

8) Which DE CT method has the best spectral differentiation? Explain the challenges 11 

associated with it. 12 

9) Why does tube age impact the spectral performance of a DECT? 13 

10) What are non-circular trajectories used for in CBCT? 14 

3 Components of CT systems 15 

3.1 The gantry 16 

Fig. 19 (a) is a sketch of the X-ray fan, which the source and the beam aperture define. In the 17 

following technical discussion, the notation degree will be used. The X-ray tube is shown at the 18 

top, which sends a fan of X-rays into a space angle of about 52° in azimuthal (tangential) and up 19 

to 18° in axial (“z-”) direction along the patient axis. The short angle in axial direction is illustrated 20 

in the cut view of Fig. 19 (b). The cut is provided through the tangential symmetry plane through 21 

the source. It is essential that the entire patient volume is covered in azimuthal direction by the X-22 

ray beam to measure all necessary line integrals of the attenuation coefficient. Usually, the field of 23 

view is a cylinder of 50 cm in diameter and between 1 cm and 16 cm in length, measured in the so-24 

called iso-center, which should be the center axis in the patient, if he or she is well-positioned. 25 

 26 
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Figure 19    X-ray fan beam, which the source at the top and the beam aperture define, and which illuminates 1 

the detector on the opposite side. A typical X-ray fan covers a space angle of about 52° in azimuthal and up 2 

to 18° in the axial direction. While (a) shows a frontal perspective and the wide coverage in the plane normal 3 

to the scanner axis, the short angle in axial direction is illustrated by the cut view (b). 4 

Since the introduction of continuous rotation and helical scanning, a big portion of the supply 5 

equipment for the X-ray source has been placed on the rotating ring. An exemplary illustration of 6 

the immediate supporting units of a modern high-power X-ray source as used for the Philips 7 

Brilliance iCT® and also the Philips IQon scanner, is depicted in Fig. 20. The tube, see Fig. 20 (c) 8 

is connected by a single high-voltage cable with two high-voltage power blocks, 1 and 2, which 9 

each convert about 60 kW of power from medium to high voltage levels of up to −140 kV. The 10 

primary current is conducted from the stationary part of the system to the rotating by slip rings, see 11 

Fig. 20 (b). Other vendors such as GE Healthcare and Anke use magnetic transmission in recent 12 

medical scanners, as an alternative. A heat exchanger is shown in the 11th hour position, which is 13 

capable of dissipating about 4 kW of heat from the X-ray tube assembly and the power blocks into 14 

ambient air. The number seems low in comparison with the specified instantaneous power of 120 15 

kW. However, the heat exchanger suffices in view of the large heat capacity of such a cooling 16 

system relative to the outer track of the anode, which determines the short-term loading capacity. 17 

A water and glycol blend is the primary cooling medium of this exemplary enforced cooling circuit. 18 

Most other systems employ oil-to-air heat exchangers. Control electronics and mechanical interface 19 

complete the so-called X-ray segment. 20 
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 21 

Figure 20   (a) Modern high-power X-ray segment. The X-ray tube on top is supplied by two high voltage 22 

generator power blocks for cathode voltages between −80 and −140 kV. Heat is dissipated by the indicated 23 
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water/glycol-to-air heat exchanger, which also comprises pumps, fans, and safety switches. A collimator 1 

shapes the X-ray beam and provides for additional X-ray filtering. (b) Power and data sliprings for 2 

transmission from stationary to the rotary gantry. (c) Philips iMRC® X-ray tube (Images curtesy of Philips) 3 

When acquiring a single, complete “slice image” of the patient, source and detector rotate by at 4 

least half a circle plus the width of the detector fan angle. For best image quality, the isocenter of 5 

rotation should be positioned facing the midpart of the patient. Usually, helical scanning is 6 

employed. 7 

 8 

3.1.1 Operating parameters for CT 9 

Fig. 21 and Fig. 22 illustrate the current mode of operation of CT systems and technical trends that 10 

influence the conceptual design of tubes. Fig. 21 is a protocol of a typical clinical series of CT 11 

scans in a heavy duty hospital setting, taken over an arbitrary period of 5 h with a 4 cm, 64-slice 12 

Philips scanner with a long geometry of ca. 114 cm distance between focal spot and detector, and 13 

a comparatively thick X-ray filter in the X-ray beam (1.2 mm Ti). Filtration impairs the photon 14 

flux. But, by narrowing the X-ray spectrum, it improves the relation of patient dose and image 15 

quality. As absurd as it sounds, a powerful X-ray source helps reducing patient dose. The abscissa 16 

represents the time stamp of the scans or scan series. The ordinate marks the electrical energy, 17 

which the CT tube converts to photon energy in each procedure. As 64 slice machines are the work 18 

horses in many radiology departments, this figure is well representative for many practical cases. 19 

 20 

Figure 21   Energies for X-ray generation during a typical clinical series of CT scans in a heavy-duty 21 

hospital setting over time. It is assumed that the system has a maximal coverage of 4 cm, a long geometry 22 

of ca. 114 cm distance between focal spot and detector, and a rather abundant total X-ray filtration of 1.2 23 

mm Ti to minimize patient dose. The ordinate marks the supply of electrical energy for each procedure. A 24 

procedure is defined as a single scan or a series of scans without significant cooling periods for the tube of 25 
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more than 2 min. The energy per procedure rarely exceeds 800 kWs. A single outlier at 1400 kWs is a 1 

contrast runoff study in the peripheral vessels. Other long whole-body scans with this amount of energy 2 

may be used for trauma patients. An anode heat storage capacity of less than 2 MWs is sufficient if the 3 

anode has direct heat conduction cooling. 4 

Most scans require a total energy of less than 800 kWs. There is only a single outlier in this 5 

series at 1400 kJ, which represents a long femoral runoff procedure. Such a study takes time in 6 

which the bolus of contrast agent interfuses the peripheral vessel structure. The scanner must be 7 

kept running to witness the penetration of blood in the extremities. Long scans are also routinely 8 

applied for trauma patients. Prior to each scan, and not shown in the graph, low-energy pilot 9 

exposures are taken. For these preparatory surview scans for planning purposes the gantry is at rest 10 

and the table translates the patient through the central plane. The detector acquires a pair of 11 

orthogonal two-dimensional projection views. 12 

 13 

Figure 22   Comparison of specifications of modern and legacy CT tubes. The abscissa represents the 14 

instantaneous power rating. The ordinate indicates the electrical energy, which a can convert into X-ray 15 

energy without major waiting time between exposures. A paradigm shift away from high energy throughput 16 

per patient toward high power ratings has occurred since the advent of multislice CT systems with fast 17 

gantry rotation. Recently released high-end X-ray segments from Philips (2007), Siemens-Healthineers 18 

(2013) and GE (2018) and are all basically represented by the bold curve.   19 

3.1.2 Changing Requirements for CT Sources 20 

As discussed at the beginning of this chapter, CT challenges X-ray tubes the most in all marked 21 

aspects. To shorten exposure times and to retain sufficient transparency of the patient, the spectra 22 

of X-rays in CT are usually harder than any other. Mean photon energies are the highest within 23 

medical imaging. 24 

The electrical energy consumed per procedure is also higher than for other modalities. Fig. 22 25 

indicates energy throughput per patient for multislice systems. The reference is a performance 26 
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system with a detection coverage of 4 cm in the isocenter. Machines with 1 cm coverage stress X-1 

ray tubes higher than indicated in the figure. Depending on the delimitation of the X-ray beam in 2 

axial direction, it may take multiple times longer to cover a given volume of the patient. Systems 3 

with 8 or 16 cm coverage are less demanding with respect to energy pulsing than marked in the 4 

graph. Single slice machines of the 1990s required scan times in the order of 20 sec. Given the 5 

isotropic angular emission of X-rays from the focal spot and the lack of suitable X-ray focusing 6 

elements, the fraction of used photons was poor. These deficits had to be compensated by the X-7 

ray source, high-voltage generator and X-ray tube with large anode heat storage capacity. A contest 8 

for anode heat storage capacity, measured in mega heat units (MHU) began among manufacturers. 9 

Unfortunately, this term is still confusing the community of experts. We will discuss this later in 10 

more detail. Systems requirement specifications of the 1990s demanded ever bigger CT tubes. In 11 

the meantime, however, the trend toward high energy throughput has reversed, at least for large 12 

multislice machines. Fig. 22 illustrates this paradigm shift. 13 

High-performance multislice machines offer higher gantry speeds and require higher 14 

instantaneous tube power than legacy systems to produce photons in shorter periods of time. In 15 

addition, the truncated cone of the tube anode has to be steeper, that means, the  the anode angle 16 

has to be larger  such that the X-ray fan beam covers a larger patient volume in a single rotation of 17 

the gantry. While anode angles of only 6° or 7° suffice for systems with 4-cm coverage, CTs with 18 

larger detctors demand for 10° or more to cover 16-cm in the iso-center. If we ask for the same 19 

photon flux, the necessary shortening of the physical focal spot length drives the power density in 20 

the focal spot up, in the exemplary case by a factor of 10/7 = 1.43 (see Section 6.2.1.6 and Figure 21 

6.27a). The focal spot must be physically shortened by this factor to maintain spatial resolution in 22 

the center of the image. In summary, the CT application transitions from high energy per patient 23 

toward high power density in the focal spot. After companies like Philips had sacrificed large anode 24 

heat storage capacity for the sake of power density with the launch of the iMRC® tube in 2007, 25 

Siemens followed with the same approach with the Vectron® tube in 2013, see Fig. 29 (a) and GE 26 

with the Quantix® 160 in 2018, see Fig. 30. It may seem paradoxical that low-end CTs equipped 27 

with legacy glass tubes operate large graphite-backed anodes while high-performance sprinters get 28 

along with targets of much reduced mass. But the anode rotation speed has about doubled to cope 29 

with the high electron current density in the focal spot. Big ships have been turned into sprinters. 30 

The speed of revolution of the CT gantry could be quadrupled during the past two decades. This 31 

resulted for current systems in a 16-fold increase of the centrifugal forces on all rotating units on 32 

the gantry, including the sensitive X-ray tube and its anode bearings, to up to 40 times the 33 

gravitational acceleration g = 9.81 ms−2. Fig. 23 relates gantry speed in terms of the angular 34 

frequency ω and centrifugal acceleration a of a revolving object in units of g according to the 35 

relationship a = ω2r, where r denotes the distance of the object from the isocenter of rotation. As 36 

anodes of CT tubes are generally mounted coaxial to the gantry axis of the CT system, the 37 

momentum of inertia of the anode does not change direction upon rotation of the gantry. 38 

Gyroscopic forces are absent, even when the gantry is in a tilted position. The forces on the anode 39 

are entirely radial with the addition of weight. Gyroscopic components may only arise if the anode 40 

is rotating during a tilting process or in rare constructions where the anode axis is not mounted 41 

parallel to the gantry axis but slightly inclined with respect to the gantry axis. Unlike for CT, 42 
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gyroscopic forces may be an important topic for interventional cardiovascular systems, when 1 

operated in “roll motion” for the acquisition of CT-like three-dimensional images. 2 

Although the overall number of photons generated per patient has decreased, the photon 3 

production per revolution had to be kept constant to maintain a decent signal-to-noise ratio per 4 

single slice. Therefore, the power rating of high-end CT systems was enhanced proportional to the 5 

gantry speed and reached 2 × 120 kW for the Siemens Somatom Force® dual-source system. 6 

Denoising by iterative image reconstruction, supported by deep learning algorithms help keeping 7 

this inflation of power under control, see On the contrary, the size of the average sick person is 8 

trending upward. In line with this trend is the number of obese patients who need CT diagnostics. 9 

Cardiac scanning puts the highest demand on tube power, notably for obese patients. Cardiac scan 10 

times in axial prospective gating mode may comprise only about half a single gantry rotation in the 11 

optimal case when “stitching” of multiple heart phases can be avoided. In such cases the amount 12 

of photons for the whole three-dimensional image has to be generated in just about 0.13 s, three 13 

orders of magnitude less than in the early 1990s. 14 

 15 

Figure 23   Centrifugal acceleration of an object on the rotating gantry of a CT system according to the 16 

relationship a = ω2r, where r denotes the distance of the object from the isocenter of rotation (see parameter 17 

labels) and ω the angular frequency. At the time of writing, the fastest CT gantries rotate with about 220–18 

240 rounds per minute, which causes radial forces of up to 40 times its weight on the X-ray tube. As the 19 

rotating mass of anodes may easily amount to up to 8 kg, each of the pair of bearings in a centered bearing 20 

system experiences forces in the order of more the 1500 kN in this case. This may jeopardize the durability 21 

of high-speed ball bearings in an ultra-high vacuum. 22 

Exemplary patterns of photon starvation are depicted in Fig. 24. Quantum noise tends to destroy 23 

the diagnostic information. On one end, there is no half photon. On the other, electronic noise 24 

mimics X-ray intensity which may not exist. Typical CT image reconstruction, e.g. by the so-called 25 
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filtered back projection method, see (Hsieh, 2015; Kalender, 2011) is an ill-posed mathematical 1 

problem. During reconstruction notably high frequency noise in the input signal appears amplified 2 

in the reconstructed image. Fig. 24 (a) was taken with a sub-millisievert dose and a standard filtered 3 

backprojection reconstruction. Without further measures, the image lacks diagnostic value. An 4 

innovative denoising algorithm rendered the small lesion in the upper right lung, as shown in Fig. 5 

24 (b). 6 

 7 

 8 

Figure 24   Effect of photon starvation. The technique factors for the left image were reduced to such low 9 

levels that it bears no diagnostic information. Both images were taken with a tube voltage of Vt = 80 kVp, a 10 

charge per slice 10 mAs, and a patient dose of only 0.11 mSv. Image (a) was reconstructed with the 11 

conventional filtered back projection method. The method infers image noise in addition to inevitable 12 

quantum noise. A suspicious lung nodule becomes visible only in image (b) rendered by the iterative 13 

reconstruction method Philips iMR®. (Courtesy of Philips.) 14 

The long-term trend of tube power is expected to be flat or even winding down with upcoming 15 

innovative reconstruction techniques. In particular, iterative reconstruction, which avoids several 16 

additional sources of noise during the algorithmic processing, may drive the power requirements 17 

down in line with rising computational power (Mehta et al., 2013; Noël et al., 2014). Image artifacts 18 

may also be suppressed. But image texture may change, however. Images tend to look patchy, 19 

artificial, and less familiar to radiologists who were trained to “look through” typical noise patterns. 20 

Increased processing time and adds to the challenges with respect to the clinical workflow. 21 

The implementation of neuronal networks and deep learning algorithms promise further 22 

improvement (Greenspan et al., 2016). Reduction of patient dose by about 30% or more seems in 23 

reach [see M. Prokop, lecture at ECR 2019, Vienna, “Deep Leaning Reconstruction: The Next Step 24 

in CT Image Quality.”]. Image interpretation is greatly supported for a vast variety of clinical 25 

questions. This helps improving the workflow as well as reducing the patient dose necessary to 26 

derive clinical information. 27 

 28 
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3.2 X-Ray Source features for CT 1 

3.2.1 In-Plane Focal Spot Deflection 2 

Although a half-circular scan plus detector fan angle is sufficient to reconstruct a slice of the 3 

patient, acquisition around a full circle allows for taking redundant line integrals and applying 4 

further methods for improving image quality. One of these has been used to enhance the spatial in-5 

plane image resolution for systems with simple X-ray sources, where the focal spot position is fixed 6 

with respect to the gantry. An asymmetry is introduced with respect to the isocenter. The detector 7 

is mounted slightly shifted with respect to the in-plane symmetry axis by the so-called quarter 8 

detector offset, see (Hsieh, 2015). There is a price to pay, however. The method works well when 9 

imaging still objects, but doubles the acquisition time, as half scans, where the gantry only rotates 10 

by half a circle plus detector width, do not provide a second set of line integrals. For the sake of 11 

temporal resolution, ambitious cardiac scans, during which the heart has to rest as much as possible, 12 

are mostly taken with half scans. Simple systems then suffer from reduced spatial resolution. Tube 13 

technology can be helpful. A sophisticated method was first introduced by EMI in the early 1990s. 14 

Instead of “viewing” the patient from a single perspective for each of the about one thousand 15 

directions of acquisition, the position of the focal spot inside the X-ray tube is electronically 16 

alternated between two locations on the anode. Each projection is divided into a pair for each 17 

angular position of the gantry. High-end systems make use of this tube feature to shorten 18 

acquisition times without sacrificing the spatial resolution for the temporal resolution. The 19 

necessary distance of deflection is depicted in Fig. 25, which also describes the next important 20 

system add-on, enabled by innovative X-ray tube technology. 21 

 22 
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Figure 25   Deflection of the electron beam in radial and tangential direction enables shifting the origin of 1 

the X-rays inside the tube. While the movement is physically several millimeters long on the anode surface, 2 

as shown in the large illustration, the focal spot appears to jump by a submillimeter distance between the 3 

two positions in z-direction about its center position when observed from the perspective of the detector, 4 

which is indicated by the “view” through the X-ray window in the circle. 5 

3.2.2 Axial Focal Spot z-deflection 6 

Another mode of focal spot deflection orthogonal to in-plane deflection, as shown in Fig. 26, helps 7 

improving the image quality further. Modern tubes usually allow magnetic radial deflection of the 8 

electron beam on the anode and shifting the focal spot on the truncated cone of the focal track. 9 

While the movement is physically several millimeters long inside the tube, the focal spot appears 10 

to jump by a submillimeter distance between two positions in the z-direction about its center 11 

position when observed from the perspective of the detector. As the anode angle αanode ranges 12 

between 6° and 11°, the larger radial shift translates to a small axial jump of radial displacement 13 

multiplied with tan(αanode). Thus, an axial z-deflection of the focal spot with respect to the CT 14 

system has become available. Its amount is adjusted such that the image resolution in axial direction 15 

is almost doubled. The projection of a small object in the isocenter jumps on the detector by half a 16 

detector pitch. For marketing purposes, this is often stated as doubling of the slice count. A 32-row 17 

detector grows to become a 64, and a 128-row detector is denominated 256. The z-movement of 18 

the focal spot is usually combined with an in-plane x-deflection, which results in a diagonal 19 

movement. Independent jumps in a square would further improve spatial resolution of the image, 20 

but transition times double in this case and limit the minimum time per projection. Without losing 21 

spatial resolution by slice thickening, which is otherwise a disadvantageous remedy, partial volume 22 

artifacts can be greatly reduced by this z-deflection technique. These artifacts may in certain cases 23 

become severe and are predominantly caused by structures with high gradients of attenuation in 24 

axial direction. These often appear in cerebral scans, as seen in Fig. 27. The left image was taken 25 

on a Philips Brilliance iCT® system with x- and z-deflection switched on and is completely artifact 26 

free. The right reconstruction shows several unwanted artifacts at the lower and upper right part of 27 

the skull for scans taken without these tube-dependent measures. More details on this technology 28 

can be found in (Utrup & Brown, 2008). 29 
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 1 

Figure 26   Geometry of focal spot deflection in a CT system in two orthogonal dimensions. The origin of 2 

X-rays seems to jump about its center position by a small distance between two positions: (a) x-direction 3 

and (b) axial z-direction. The pair of projections in each direction replaces a single projection from the 4 

center position. Virtually, the spatial resolution is enhanced as if the detector pitch would be halved in each 5 

direction. The amount of deflection is adapted to the detector pitch and the magnification in the system. 6 

Usually, the capability of tangential deflection in a system is accompanied by a detector offset from the 7 

center plane of symmetry of one eighth of the detector pitch. 8 
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 1 

Figure 27   Reduction of partial volume artifacts in computed tomography by axial (z-) deflection and 2 

tangential (x-) deflection of the focal spot. Instead of taking a single projection from a fixed position of the 3 

origin of the X-rays, a pair of projections is taken to resolve the fine structure of the attenuation coefficient 4 

of a given voxel in the patient. The example shows two bony structures in the right half of the right image 5 

with planes normal to the z-axis, which cause severe artifacts. They disappear by increasing the spatial 6 

resolution through z- and x-deflection, as can be seen in the left image. (Courtesy of Philips.) 7 

3.2.3 Fighting Beam-Hardening Artifacts 8 

As discussed earlier, X-ray tubes for CT emit a broad spectrum reaching from about 10 keV up to 9 

the Duane–Hunt limit defined by the tube voltage. As shown in Figure 4.3, the X-ray beam hardens 10 

upon passing through the body. CT gathers information about the attenuation coefficient of a given 11 

volume from various perspectives. The fact that the spectrum changes, when the perspective 12 

changes in which the line integrals are measured, may pose a serious problem for the reconstruction 13 

algorithm, as can be seen in Fig. 28. 14 

The spectrally integrated local attenuation of a volume element is different when the spectrum 15 

is different. In the lower abdomen scan of Fig. 28 metallic implants harden the spectrum of the 16 

laterally passing X-rays while frontal projections appear with higher intensity and a much softer 17 

spectrum. Vendor-specific beam hardening correction algorithms partly remediate this problem in 18 

non-spectral CT. Spectral CT solves this issue if material decomposition can be performed in the 19 

projection space, which holds for detection-based methods and high frequency tube voltage 20 

switching. Inhomogeneity of the spectrum across the X-ray fan beam poses another issue. During 21 

spiral scans, the same voxel is exposed to different “sub-beams” of the X-ray fan; that is, the takeoff 22 
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angle relative to the anode is different. The spectrum is dependent on the takeoff angle relative to 1 

the anode shadow. X-ray tube technology offers several ways to improve. For one, the anode angle 2 

should be large enough. X-rays, which emerge too close to the anode shadow, will then stay unused. 3 

Unlike other modalities, the CT fan is therefore usually cut out beginning at a takeoff angle of 3° 4 

or more. Systems for general and interventional radiology may do without this “reserve angle.” A 5 

small amount of darkening of the picture close to the anode shadow is accepted. It only appears in 6 

short projections when the distance between the source and the detector is adjusted to its 7 

geometrical minimum. It is advantageous that close to the shadow area, the image resolution in 8 

axial direction is very high. Beam hardening is typically no issue. A large reserve angle like in CT 9 

means, however, that the anode angle is to be enlarged, too. Thus, the tube power rating severely 10 

suffers by about 10–15% of loss for each additional degree. It is therefore wise to use tubes with 11 

high power density capability. The second remedy is provided by enhanced filtration. Hard X-ray 12 

filters narrow the primary spectrum and make the system more robust against beam hardening. 13 

However, this potential remedy in turn raises the need for additional tube power. A third measure 14 

is the use of a heel effect filter. Its thickness profile in axial direction is matched to compensate the 15 

intrinsic attenuation of the anode. Usually, aluminum is taken as a convenient filter material, thin 16 

close to the anode shadow and thick on the cathode end. Although this measure may balance the 17 

inhomogeneity of the X-ray flux for a new tube, aging of the anode intensifies the heel effect over 18 

time. The total photon flux will become inhomogeneous again. Another deficit of this concept 19 

arises from the material mismatch between anode and heel effect filter. While a tungsten–rhenium 20 

anode imprints strong K-absorption edges into the spectrum, these are missing for aluminum in the 21 

relevant photon range.  22 

 23 
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Figure 28   Beam-hardening artifacts appear in computed tomography reconstruction with conventional 1 

filtered back projection (a). A pair of metal implants is nearly opaque for the soft part of the X-ray spectrum, 2 

in particular for the lateral projections. The hip region is poorly imaged without further measurements. The 3 

situation can be improved by narrowing the spectrum by filters, which requires a powerful X-ray source, 4 

spectral imaging, and the use of adaptive software correction algorithms (b), for example, the Philips code 5 

O-MAR®. (Courtesy of Philips.) 6 

3.2.4 Reducing Off-Focal Radiation 7 

X-ray emission is observed not only from the area of the focal spot where the primary beam of 8 

electrons impinges on the target surface but also from its neighborhood. Reasons for this undesired 9 

off-focal radiation are twofold. For one, a large fraction of primary electrons is backscattered after 10 

the initial impact, as discussed in Section 6.2.1.7. A significant portion of these may, under adverse 11 

conditions, be reflected to the vicinity of the focal spot when the electron optical conditions enforce 12 

this (see Figure 6.28). The effect is particularly significant for glass tubes, the cathodes of which 13 

are mounted right in front of the focal spot. As the glass charges negatively, all the electrons return 14 

to the anode. In this case, off-focal radiation, which can reach the detector, may amount to more 15 

than 10% of the direct focal radiation. Scattered radiation, which the primary X-ray beam generates 16 

in the X-ray window of the tube housing assembly, is another source of off-focal radiation. A thick 17 

X-ray window of low-Z material may contribute another low single-digit percentage. Both effects 18 

seem to smear the focal spot out. Dedicated apertures close to the focal spot and further downstream 19 

shield the patient from the major portion of the off-focal radiation. However, the issue still prevails 20 

and may account for cloudy artifacts in the CT image close to features of high contrast. For 21 

instance, contrast-enhanced cerebral vessels then may seem to bleed. Algorithmic remedies, for 22 

example, deconvolution with the proper kernel functions, may suppress most of the effect. 23 

However, they require a good knowledge of the point spread function of the off-focal radiation, 24 

which is not always available. Consequently, off-focal radiation should be minimized for CT and 25 

other modalities. Single-ended anode-grounded high-voltage design helps at this point. The 26 

cathode should be positioned as far away from the anode as possible to avoid repelling electric 27 

fields. Fig. 29 (a) shows the Vectron® premium tier tube from Siemens-Healthineers for the 28 

Somatom Force® dual source CT. 29 
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a) Vectron®

b) Athlon®

c) Chronon®

 1 
Figure 29   Families of Siemens-Healthineers CT tubes. (a) Single polar magnetically focused Vectron® 2 
tube for 120 kW nominal CT anode input power (IEC 60613, 4 seconds), unveiled in 2013, compatible with 3 
the Somatom Force® dual source CT. (b) Athlon® tube, rated with 75 kW nominal CT anode input power 4 
for the Somatom.go.Top CT (2018). (c) Chronon® tube, rated with 34 kW nominal CT anode input power 5 
with ball bearing system for the Somatom.go.Now and Somatom.go.Up CT (2016): Athlon, Vectron, 6 
SOMATOM, SOMATOM X.cite, SOMATOM go.Top, SOMATOM go.All, SOMATOM go.Sim, 7 
SOMATOM go.Open.pro, Chronon, SOMATOM go.Now and SOMATOM go.Up are registered 8 
trademarks of Siemens Healthcare GmbH. (Pictures courtesy of Siemens-Healthcare GmbH) 9 

3.2.5 Tube current control 10 

Usually, the tube current is controlled by the temperature of the electron emitter. The heating power 11 

adapted by the generator. This process is sufficiently fast to modulate the X-ray dose with the 12 

scanned patient anatomy. Frontal (through lungs) and lateral attenuation may differ by about an 13 

order of magnitude, the tube current modulated by factors of two to five. 14 

Other than in angiography, grid switching of the tube current is not very common in CT, partly 15 

due to technical difficulties, partly because of the lack of clinical relevance. An exception is the 16 

GE CardioGraphe© system, which employs two alternatively operated tubes with grid-switched 17 

cathodes, see also 2.2. 18 

Fig. 30 shows the tube insert of the Quantix 160® tube, its cathode, and the liquid bearing. The 19 

cathode comprises two flat tungsten electron emitters, and a set of control electrodes which 20 

basically create a rapidly variable pull voltage to control the electronic space charge in 21 

microseconds. Only a fraction of the electrons generated are pulled to the anode. The other return 22 

to the emitters, depending on the control voltage. Compared with conventional cathodes this 23 

measure helps cutting the period of low tube voltage about in half by enhancing the photon output 24 

and improve the spatial in-plane resolution. 25 

 26 
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 1 

 2 

Liquid metal bearing
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dual flat emitters and 
pull grid (not visible)
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Focal spot on rotating anode 
(not visible in this perspective)

 3 
Figure 30   GE Quantix 160® tube with Pierce-type cathode for the GE Revolution Apex® system. 4 
Electrostatic control of electronic space charge enables fast switching of the tube current when using tube 5 
voltage switching (kVp-switching) for spectral CT. 6 

3.3 Comparing Tubes in CT Systems 7 

When comparing tubes to assess their impact on image quality and workflow, their characteristics 8 

should always be related to the systems in which they operate. Systems geometry, focal spot 9 

definition, and dose modulation during scans must be considered. A mediocre tube may well 10 

function in a system with extremely short distance between focal spot and detector. The skin dose 11 

to the patient is relatively high in a short system, as the area through which the beam enters is small. 12 

However, the burden on the anode heat load is reduced because of the square distance law of the 13 

photon flux. Among the big vendors, General Electric has in the past favored short and compact 14 

geometries of down to 94 cm distance while other companies like Philips and Siemens use up to 15 

114 cm. This makes a difference of nearly 50% with respect to the power needed to drive the X-16 

ray source when the low value is taken as a reference. Toshiba rates in the middle at 107 cm with 17 

its Aquillion® system. GE has only recently switched to larger size and source–detector distance 18 

with the advent of the Revolution® system, which comes with a large patient opening of 80 cm 19 

diameter. 20 

When the system is designed for low spatial resolution and the detector cells are of large pitch, 21 

the focal spot may be large as well. A further very important figure is the anode angle. A difference 22 

of 1° in a CT system when changing from, say, 7° for a 4 cm beam coverage in the isocenter to 8° 23 

for an 8 cm coverage results in 14% loss of power rating. Therefore, it is strongly advised to 24 

compare tube technology by taking the entirety of relevant parameters into account: low voltage 25 

electron emission capabilities, focal spot size, anode angle and power ratings. The historic metric 26 
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of anode heat content (mega heat units [MHU]) is technically outdated and should be abandoned. 1 

Instead, IEC has inferred the realistic term “nominal anode CT input power”, the power permitted 2 

to be applied in an infinite cycle for a typical scan of 4 seconds duration, repeated every 10 minutes, 3 

which resembles clinical routine. 4 

 5 

1.1.1. CT Collimators and beam shapers 6 
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 7 
Figure 31   Dynamic Beam-limiting device (collimator) for CT. (a) Heel effect compensation filter (low-Z 8 
plastic attenuator). (b) Bow-tie filter, levels the azimuthal inhomogeneity of the X-ray flux at the detector 9 
caused by cylindrical objects in the beam. (c) Curved blades moving axially (bottom left to top right) which 10 
delimit the fan beam to the selected volume to be scanned according to the sunrise-sunset control (d) 11 

Collimators in whole-body CT, as shown in Fig. 31, usually define fields of view of 12 

approximately ±25° to ±30° in plane and between 1° and approximately 16° axial. Their axial 13 

collimation determines the patient coverage per rotation and usually dynamically adapts to the 14 

rotation phase of the gantry. Beam shaping comprises delimiting and smoothing the flux of 15 

radiation across the X-ray fan, which is provided in two ways. A heel-effect compensating 16 

attenuator, shown in in Fig. 31 (a), may be used in some systems to equalize the X-ray flux in axial 17 

direction. As the photon intensity pattern is characteristic for the X-ray source, a heel-effect 18 

compensator is usually part of the window area of the CT tube housing. The device shall attenuate 19 
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X-rays primarily in the center of the fan beam and toward the cathode side of the X-ray fan while 1 

being maximally transparent near the anode shadow, where the heel effect weakens the flux of 2 

radiation. Ideally, the filter would consist of tungsten to emulate the intrinsic filtration of the anode 3 

with its characteristic K-edge in the relevant range of photon energies. Aluminum is used to 4 

simplify production. As beam hardening by the heel effect has a severe impact on image quality in 5 

CT, the minimal angle of a CT fan beam is set to 2°–4° off the anode shadow. A significant loss of 6 

tube power due to an enhanced the anode angle must be accepted. General radiography and 7 

interventional X-ray do not suffer as much. For small source-to-detector distance their X-ray field 8 

of view may touch the anode shadow. This has been justified since the introduction of anodes of 9 

excellent mechanical integrity, which maintain their shape during tube life. 10 

Beam shaping in azimuthal direction is provided by so-called bow-tie filter in view of its 11 

appearance, as depicted in Fig. 31 (b).  Ideally, the device should simply attenuate rather than alter 12 

the X-ray spectrum. A better term would be bow-tie attenuator. It shall weaken X-rays that pass 13 

through the highly transparent periphery of the patient. For minimal spectral impact, this 14 

device may be manufactured from low-Z fluor hydrocarbons and occupies approximately 6 cm of 15 

maximal thickness. Unfortunately, the more compact alternative aluminum produces enhanced 16 

beam hardening. Usually, the bow-tie filter is movable for air calibration of the CT system. 17 

Aperture blades in Fig. 31 (c) define the scanned volume. They move axially, as shown in Fig. 18 

31 (d), for spiral scanning in a sunrise-sunset mode to minimize patient dose at the edges of the 19 

scanned volume. 20 

 21 

3.4 Generators 22 

Because of the high total energy consumption for a CT scan or a series of scans, high-voltage 23 

generation for CT is thermally and electrically challenging. Tube and generator must be sufficiently 24 

compact to fit on a cramped fast rotating gantry. Shapes of generator housings are sometimes 25 

awkward. Centrifugal forces stress standard components and the oil filling. Balancing is another 26 

aspect to consider. It may be beneficial to split masses. Single polarity, required to avoid extra-27 

focal radiation by electron traps on ground potential in the tubes, reduce the heat burden of anodes 28 

and enable efficient rotor drives with short air gaps, require sophisticated insulation technology. 29 

Fig. 32 shows a modern single polar block for 60 kW nominal CT anode input power and 140 kV 30 

tube voltage, comprising a low-mass insulating foam. In this unit high voltage is transformed to 31 

the secondary side of a magnetic transformer accompanied by a cascade voltage multiplier. Modern 32 

X-ray tubes deliver high currents even at low high voltages. The current rating, primarily limited 33 

by transistors in the inverter, has become an important parameter of the specification. As the power 34 

comes in packages, pumped from the primary medium rail voltage to the secondary high voltage 35 

side through the inverter-driven high-voltage transformer, smoothing must be organized by high 36 

voltage capacitances, depending on the inverter frequency. Long exposure times and high voltage 37 

levels of 140 kV or even 150 kV may cause vacuum discharges in the X-ray tube. Apart from issues 38 

of electromagnetic compatibility, cables, smoothing capacitances, plugs are subject to voltage 39 

surges such that voids in these components may be subject to partial discharges and fatigue. The 40 

smoother the high voltage, using large capacitances, the more intense is the potential damage by 41 
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vacuum discharges, which must be managed. Typically, passive resistive and inductive damping 1 

is combined with active management. Modern generators interrupt power supply if the high voltage 2 

drops or excessive current signals a breakdown, pause for a moment and try to ramp-up the voltage 3 

again after a cooling period of about a millisecond. The user will hardly recognize such an event. 4 

 5 
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 6 

Figure 32   Power block of a Philips CT high voltage generator. Power block comprising inverter and high 7 
voltage transformer unit, to be mounted on the rotary gantry (left). Cut open high voltage unit with low-8 
mass foam insulation (right). 9 

 10 

In addition, generators for spectral CT by frequent tube voltage switching, must enable fast rise 11 

of the high voltage, stable operation without over- or undershoots and well-defined discharging 12 

during the down-ramp of the high voltage. Voltage ripple must be under control as well. Ripple 13 

tends to be high as the generator must be fast and smoothing capacitances small. Typically, the 14 

switching sequence of a conventional current inverter which feeds a high voltage transformer is 15 

not synchronized with the integration periods of the detection system. This may cause erratic 16 

fluctuations of the voltage and spectral distortion. The down-ramp of the high voltage requires 17 

special attention, too. Active discharging is thermally challenging. Typically, as aforementioned, 18 

passive discharging of the high-voltage capacitances through the tube is the only way. Dose 19 

modulation by tube current modulation would alter the slope of the tube voltage, which is 20 

absolutely forbidden if the system samples relevant data in this period. Many different proposals 21 

for remediation have been devised, like actively pulling additional current to balance or modulating 22 

the capacitance. At this point, the only practical solution is switching off dose modulation when 23 

programming spectral kVp-switching, which, of course, results in higher patient dose. 24 

 25 
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3.5 X-ray detectors 1 

Before entering the detector, photons are sorted by their origin to differentiate direct from indirect 2 

radiation using a mechanical anti-scatter grid (ASG). Typical for CT, it comprises lamellae or a 3 

laser-sintered array of walls of metal with high atomic number, e.g. molybdenum or tungsten, the 4 

funnels of which are “focused” on the focal spot of the X-ray tube.  It is essential that photon flux, 5 

representative of line integrals through the patient, is distinguished from scattered radiation. The 6 

intensity of scatter is typically on the same order of magnitude as the useful signal, in some cases 7 

higher. Scatter brings quantum noise. The ideal line integrals through the object are “polluted” with 8 

non-linear contributions from incoherently and coherently scattered photons, which primarily 9 

originate from the back of the patient and material closest to the detector. The bad scatter signal 10 

grows with the detector opening. Large coverage demands for so-called two-dimensional ASGs 11 

which cancel photons arriving from the wrong azimuthal as well as axial directions. Fig. 33 12 

summarizes key components of a CT data acquisition system. 13 

 14 

a) Data acquisition system
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 15 
Figure 33   Components for X-ray detection in CT. (a) detector module. (b) Anti-scatter grid (ASG) 16 
produced by direct laser sintering of tungsten powder, ASG funnel is focused on the focal spot of the X-ray 17 
tube. (a) and (b) courtesy of Dunlee. (c) Semi-transparent structured scintillator material (GOS). Bump-18 
bonding side of a back-illuminated photodiode array. (e) exemplary dual layer detector tile for spectral CT. 19 
(f) Integrated electronics with current-to-frequency converter ASICs for low electronic noise. (Courtesy of 20 
Philips) 21 

 22 

3.5.1 Energy integrating detectors 23 

Conversion of X-ray energy into visible light the photodiodes are sensitive for is provided by 24 

scintillator material like the yellowish gadolinium oxysulfide (GOS) and other with elements of 25 

high atomic number to generate large interaction. X-ray photons generate showers of dozens or 26 
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hundreds of visible light photons, which are directed by mirrors to an attached photodiode. 1 

Scintillator crystals are structured. Light mirrors between cells intercept visual cross talk. Average 2 

high energy photons generate more light than low energy photons. Thus, X-ray intensity, the 3 

product of number and energy of photons, is measured. An energy integrating detector would 4 

generally enable energy discrimination as high energy photons penetrate deep into the scintillator 5 

and deposit additional light at the photodiode after traversing the semi-transparent scintillator. But 6 

this effect is too small and too dependent on material properties to be useful in practice. Photons 7 

of visible light cause increased conductivity of the photo diode operating with a bias of a few volts. 8 

Compared with general radiography scintillators and photodiodes for CT must be about two orders 9 

of magnitude faster to cope with the high acquisition speed of MDCT to avoid signal cross pollution 10 

between measurement periods. While standard CsI has an afterglow of 0.3% after 100 ms, GOS is 11 

at 0.01%. GE uses an even faster scintillator for tube voltage switching called Gemstone Spectral 12 

Imaging® (GSI). The signal changes dramatically between successive measurements at 140 kV and 13 

80 kV tube voltage. Organic photo diodes, used for flexible detectors, suffer from speed issues. In 14 

energy integrating detectors charge released by the photodiodes is sampled over integration periods 15 

(IP), which are synchronized with the gantry rotation phase. A modern scanner, running at 0.27 16 

seconds per rotation and gathering 2400 projections (including z-deflection) may integrate in as 17 

little as about 110 µs per IP. 18 

Data conditioning and signal amplification is provided by dedicated ASICS. Electronic noise is 19 

vendor and CT type specific. It may amount to an equivalent of only a few photons per IP. For high 20 

performing systems, e.g. when using current-to-frequency conversion, it is only relevant for 21 

extremely low dose acquisition. Otherwise the number of sampled photons is typically at least two 22 

orders of magnitude higher and quantum noise is dominating. 23 

 24 

3.5.2 Dual layer detection 25 

Dual layer detectors for spectral CT, as shown in Fig. 1, add a second photon capturing device 26 

downstream of the first. After passing an antiscatter grid, the polychromatic radiation, comprising 27 

the spectral “fingerprint” of the patient, penetrates a stack of two subsequent layers of scintillator 28 

materials and photodiodes. The ratio of their signals indicates the energies of the incoming photons. 29 

Low-energy photons are predominantly absorbed in the yttrium-based high-Z scintillator upstream. 30 

Harder photons may make their way to the gadolinium-based GOS-scintillator downstream.  31 

Fig. 34 shows schematically an exemplary energy integrating detector tile of a dual layer spectral 32 

CT. The spectral response was simulated for chart Fig. 34 (a) for a 1 mm thick ZnSe top scintillator 33 

and a 2 mm gadolinium oxysulfide (GOS) bottom scintillator, separated by a reflective coating, as 34 

marked in Fig. 34 (b). The scintillator layers convert incoming polychromatic X-ray photons into 35 

showers of visible light. Key performance indicators are the output of light photons per X-ray 36 

photon, X-ray capturing rate, transparency over time of operation, the reflectivity of the light 37 

separator and the quality of the attached photodiodes in terms of speed of charge decay, 38 

capacitance, electronic shot noise, temperature characteristics and long-term stability. Fig. 34 (a) 39 

depicts the spectral response, calculated as differences of photon numbers upstream and 40 

downstream of the scintillator layers. While the top ZnSe scintillator takes only a fraction of X-ray 41 
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photons out (bold line), the bottom GOS scintillator gathers nearly all the rest. Almost every X-ray 1 

photon is captured, except for those which hit the anti-scatter grid or the radiation shield, protecting 2 

the photodiodes from direct radiation. For the calculation of Fig. 34 an X-ray tube operated at 120 3 

kV was assumed, the radiation filtered by standard 2.5 mm Al and a “patient” equivalent of 300 4 

mm water. The spectral separation indicated by the flags depends on the relative share of signals, 5 

depending on object, tube voltage, and pre-filter in the beam. Ideally, the system, which may 6 

deviate from the modeled one, is optimized such that both channels yield comparable signals for 7 

the most typical diagnostic tasks. Quantum Poisson noise appears in both channels and is 8 

proportional to the square root of the number of sampled photons. If a high energy photon 9 

“accidentally” makes it to the bottom without major interaction in the top, given the quantum-10 

mechanical conversion probability, and the signal in the top scintillator is sub-average, the light 11 

from the bottom scintillator is typically enhanced. As aforementioned, this strong anti-correlation 12 

allows operating the dual layer detector by signal summation as a conventional detector. Increased 13 

noise appears only in the spectral signals. This differentiates detection based from source-based 14 

spectral CT, where the absolute photon numbers split between high voltage and low voltage 15 

acquisition. The overall signal-to-noise ratio of the sum-signal degrades and the required patient 16 

dose to compensate must be risen. This deficit casts doubt on the expectation that source based 17 

spectral CT in the current form may become standard of care. 18 

 19 

a) Top 1 mm ZnSe, bottom 2 mm GOS
(120 kV, 2.5 mm Al + 300 mm water)
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Figure 34   (a) Photon absorption modeling for a dual layer detector. (b) Schematic design of a dual layer 21 
energy integrating detector 22 

 23 
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3.5.3 Photon counting detectors 1 

PCD technology is treated in very detail in (Taguchi et al., 2020). Future systems with direct 2 

conversion photon counting detectors, for example, based on CdTe or CdZnTe (CZT), which 3 

promise to perform detection-based spectral differentiation, are under development; see results 4 

from Siemens-Healthineers in (Kappler et al., 2014) and, e.g., (L. Klein et al., 2020).  Obviously, 5 

for these systems, X-ray sources with high flux are also beneficial, despite of challenges from 6 

signal pileup due to the extreme dynamic range of CT and the strong intensity, which the detector 7 

must absorb behind small objects or air for calibration. Strategies are devised to improve the 8 

detector material to avoid polarization of CdTe. Pile up correction algorithms and re-triggering 9 

electronics, which re-starts counting when a the main counter is paralyzed for a while., are under 10 

development. Several groups, for example, at the Royal Institute of Technology (KTH, Stockholm, 11 

Sweden), are heading toward similar solutions with silicon-based direct conversion edge-on 12 

detectors for tasks which operate at relatively low tube voltage, see (Xu et al., 2012). 13 

Photon counting direct conversion detection allows for direct discrimination of the energy of 14 

each incoming photon and counting. It is robust and state-of-the art technology where the photon 15 

flux is moderate, much lower than in CT. A big benefit of PCD is its intrinsic dependency of the 16 

charge cloud generated by ionization of atoms in a semiconductor crystal on the energy of the 17 

incoming photon and the temporal separation of traces of interaction per photon. While electrons 18 

from the multiple electron-hole pair generated travel through the conduction band, ideally 19 

following the lines of an externally generated electric field on straight paths normal to the surface, 20 

holes in the valence band move in opposite direction. Two or more energy bins are discerned by 21 

measuring the signal height after pulse shaping and thresholding. The pitch between separate 22 

electrodes, charged with a few hundred volts across the crystal, defines the spatial resolution. Other 23 

than for detectors based on initial light conversion the direct conversion material spans over 24 

multiple pixels. Its spatial readout is structured by the field-generating electrodes. Fig. 35 compares 25 

both concepts. (a) shows schematically an energy integrating detector. Charge conducted by the 26 

photodiode upon illumination is sampled for an integration period of 100 µs or more. Per se, such 27 

long integration periods do not exist for photon counting. Each incoming X-ray photon is treated 28 

individually, as shown in (b). The synchronization of measurement periods is done in a later step.  29 

Pulse shaping electronics smoothens the charge-over-time signal measured at each charge 30 

collector, typically the positively charged anodes. Electron mobility of the crystal is a key 31 

parameter. Others relate to residual charge build-up in traps of the semiconductor and polarization 32 

effects, which may become hardly controllable at high photon flux. The history of operating the 33 

material may influence its actual performance. Ideally, the height of each pulse should be 34 

representative of the photon energy which caused the ionization process in the crystal and not on 35 

polarization or space charge effects. Doped CdZnTe has proven its capacity this purpose, if 36 

optimally processed. 37 

 38 
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Figure 35   Comparison of (a) energy integrating detection with (b) photon counting detection 2 

 3 

3.5.3.1 Difficulties in photon counting detection 4 

Why has PCD not taken over in CT, despite its extensive use in other areas? There is a list of 5 

potential issues, such as charge sharing between pixels, pulse pile-up by high count rates of up to 6 

up to 5∙109 s-1 mm-2 through air. High count rate linearity employing small detector pitch competes 7 

with charge sharing and spectral mis performance. Compton scattering tends to cause false energy 8 

mapping. K-escape fluorescence, the relaxation of inner shells of atoms after excitement by 9 

primary radiation and ejection of fluorescence photons into adjacent material impairs spectral and 10 

spatial fidelity. Charge trapping, polarization, instability of electrode interfaces, not to forget severe 11 

thermal issues in a dense semiconductor detector unit operated at bias voltages of several hundred 12 

volts add. Other challenges are high costs, limited production yield of good material, thermal issues 13 

in the tightly packed semiconductor structure subject to several hundred volts pull voltage and 14 

more. 15 

Under ideal conditions the height of pulses represents the energy of the photons which caused 16 

the ionization processes, and their number over time. Both measure the X-ray intensity. However, 17 

this is only true if charge sharing and other effects of smear out between pixels are absent. If the 18 

electrodes are spaced too closely, charges from events occurring over one electrode may travel 19 

erroneously to the other. Charge sharing is indicated by the crossed dotted arrows in Fig. 35 (b) 20 

and the right graph in Fig. 36. It may result from space charge potentials, causing electrons 21 

traveling laterally or by charge diffusion. It does not only distort the spatial registration but also 22 

jeopardize energy discrimination and frequency measurement. A single event affects multiple 23 

neighbored pixels. Coincidence rejection is therefore a must, e.g. as realized in the ASICs of the 24 
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Medipix consortium. This requires fast pulsing and fast removal of the generated charge clouds in 1 

the conversion material. 2 

High energy photons may hit energetically deep shells of crystal atoms, cause K-fluorescence 3 

and escape of these X-ray K-photons, indicated by the bold arrow in Fig. 35 (b) above. K-photons 4 

traversing the material may ionize at a distant location and cause charge separation at the wrong 5 

place. Except for intrinsic attenuation there is no “anti-scatter grid” available in the monolithic 6 

crystal.  7 
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Figure 36   Trade-off between pulse pile-up and spectral sensitivity of photon counting detectors. 9 

 10 

In the beginning of the development for general purpose CT pulse pile up was regarded the most 11 

critical issue. Count rates may mount to 5∙108 s-1 mm-2 when radiating through air to measure the 12 

primary intensity reference upstream of the patient. Fig. 36 suggests severe violation of the required 13 

linearity when pulses cannot be distinguished due to limited pulse lengths. Beyond an inflexion 14 

point (shown for the bottom curve as dotted continuation line), higher X-ray flux would be falsely 15 

registered as weaker signal, a slope reversal. On the other hand, absence of electronic noise, 16 

reduction of the impact of quantum noise by iterative reconstruction and increasing dose awareness 17 

seemed to reduce the demand of power for the X-ray source. Additionally, it was suggested to 18 

minimize the pixel size to avoid pulse pile up and to improve spatial resolution. But there are costs 19 

associated. Electronics becomes elaborate. The spatial resolution must be limited anyway for 20 

reasons of patient dose of ionizing radiation, as 21 

 22 

patient dose ∝ resolution4 23 

 24 
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in CT, see (Kalender, 2011). As spectral performance degrades, too fine pixels are not 1 

attractive. Correction methods allow using relatively large pixel width of about 0.5 mm, which 2 

enables relatively good energy discrimination. Present high-resolution integrating scanners from 3 

Canon employ cell dimensions of 0.5 mm, see (Oostveen et al., 2020). 4 

Early on it seemed, that the time of high-power sources was ending with the advent of PCD. The 5 

absence of electronic noise, improving iterative reconstruction and artificial intelligence would 6 

care for better photon economy. In the meantime, however, correction methods against pulse-7 

pileup have been devised and charge depletion in the PCD crystal improved. The requirements for 8 

X-ray sources seem at least stable and guided by other parameters like gantry speed. The potential 9 

for patient dose reduction, see (L. Klein et al., 2020), is expected to compensate for increasing BMI 10 

of the patient population. 11 

Prototype general purpose CT systems employing doped CZT crystals are operational, see e.g. 12 

(Cuccione et al., 2020; L. Klein et al., 2020; Leng et al., 2019). Vendors have chosen different 13 

paths. While Siemens-Healthineers use fine 0.25 mm wide pixels and accepts reduced spectral 14 

performance, Philips must focus on pulse pile-up management with a pixel pitch of 0.5 mm, It is 15 

not advised to limit the nominal CT anode input power for a premium general-purpose CT, because 16 

iterative reconstruction is not always matching with the clinical workflow and gantry speed is still 17 

on the rise. The vision for 2020 of (Taguchi & Iwanczyk, 2013), stated in their overview paper in 18 

2013, has not yet become true (yet). However, the development continues as a race between the 19 

alternative spectral CT technologies, see (Taguchi et al., 2020). 20 

Photon counting direct conversion has proven its value for e.g. for mammography CT, see (Cho 21 

et al., 2014; Kalender et al., 2017; Ruth et al., 2020) with a cadmium telluride (CdTe) detector and 22 

CT applications employing moderate tube voltage of 80 kV (Persson et al., 2014) with silicon strip 23 

detectors. 24 

 25 

3.6 Problems 26 

1) Explain the reason for employing a series of collimators proximal to the X-ray source. 27 

2) Silicon is an excellently understood and mass-produced semiconductor. Why is it not the 28 

basis of multi-purpose photon counting CT’s? 29 

3) How is electric power transmitted from the stationary to the rotary side of a CT? 30 

4) What are the benefits of single polar versus dual polar CT tubes? 31 

5) Quantify the order of magnitude of the maximum energy supplied to the X-ray tube in a CT 32 

scan? 33 

6) What is the purpose of a gold filter in comparison with a tin filter? 34 

7) Why is the unit Mega Heat Units outdated? 35 

8) Explain the purpose of focal spot deflection. 36 

9) What is the reason for beam-hardening artifacts? 37 

10) Explain the different concepts for tube current control and the reasons for it. 38 

11) Explain the principle of photon counting detection and its challenges for CT. 39 

12) How does a dual layer detector work? What are its challenges? 40 

 41 



56 
 

4 Clinical outcome 1 

CT has become the workhorse of radiology with an ever-increasing demand and importance in 2 

practice, as proven in the COVID-19 pandemic, where CT images turned out specific early 3 

indicators. Fig. 37 is a series of CT images from (Dou et al., 2020), citing the paper: A 56-year-old 4 

male patient … developed fever, fatigue, and cough … The patient received six CT scans 5 

throughout the course of the disease. The initial CT after hospitalization … showed multi-focal 6 

patchy ground glass opacity (GGO) with a little fibrous tissue in both the lungs, involving all of 7 

the pulmonary lobes. The curve of density showed its highest value in the second examination, and 8 

then decreased in the first follow-up examination after discharge. The area of lesion also reached 9 

a peak value in the second imaging and then decreased. Compared with the admission CT 10 

examination, the density and area of lesion showed significant decrease. 11 

 12 

 13 
Figure 37   Axial reconstructed chest CT images of a 56-year-old male patient with confirmed COVID-19. 14 
A: The initial CT on Jan 28th, 2020 shows multi-focal patchy ground glass opacity (GGO) with a little fibrous 15 
tissue in both the lungs, involving all of the pulmonary lobes (green arrows); B: Jan 31st, 2020; C: Feb 03rd, 16 
2020; D: Feb 06th, 2020; E: Feb 08th, 2020; and F: CT manifestation of significant absorption of lesions after 17 
discharge (Feb 26th, 2020). Density of lesions peaked at -100 HU (B) and fell off to -450 HU (F) as well as 18 
the area of the lesions. Images and caption adapted from (Dou et al., 2020), figs. 2 and 3, with kind 19 
permission. 20 

 21 

Multiplanar and 3D rendered images from a non-spectral heart scan are depicted in Fig. 38. A 22 

partial stenosis is visible, which constricts the flow of contrast agent in one of the major vessels, 23 

as indicated by the cross. Full blockage of the coronary artery would have caused the trace of the 24 

contrast agent to end at this very location. 25 
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 1 

Figure 38   Contrast-enhanced cardiac CT images of the coronary arteries in two modes of viewing. (a) A 2 

multiplanar reconstruction along a coronary artery. The algorithm artificially straightens a selected vessel. 3 

The right volume-rendered image (b) shows the superficial myocardium and the iodine-enhanced coronary 4 

vessels in a three-dimensional perspective. (Courtesy of Philips.) 5 

Fig. 39 reveals the sound image quality, which can be achieved by applying latest correction 6 

methods. Post 3D rendering requires additional effort at the workstation but enables exact planning 7 

of complicated treatment. 8 

 9 

Figure 39   Contrast-enhanced and three-dimensional-rendered CT image of the renal vasculature and the 10 

bifurcation. (Courtesy of Philips.) 11 
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Fig. 40 depicts exemplary spectral CT image renderings, the top row virtual monoenergetic 1 

images for three sample photon energies. The apparent CT numbers of tissue comprising 2 

high atomic numbers changes with the selected energy. Iodine in low energy images 3 

appears well enhanced. Selecting the optimal energy allows improving references for 3D 4 

renderings as shown in Fig. 39. The energy scale is limited to the left by increasing noise 5 

and to the right by reduced contrast. A benefit of detector-based spectral CT is the 6 

comparatively low noise level in low energy monoenergetic images. The second row of 7 

Fig. 40 shows a spatial distribution of the efficient atomic number Zeff (left), compared with 8 

the conventional slice image (right). Other potential output of spectral CT is virtual non-9 

contrast images, differentiating exaggerated iodine contrast from other features, iodine 10 

images with removed water distribution boosting vasculature and blood uptake, iodine 11 

density maps to measure hydrodynamic features. Access to spectral information for all 12 

routine scans would be extremely valuable for day-to-day practice, if X-ray dose, image 13 

quality and workflow would allow for this. Clinical questions arising from scans of minor 14 

quality, be it improper contrast bolus, artifacts or other, can in many cases be answered 15 

retrospectively by returning to raw data and spectral rendering. Some technology discussed 16 

above allows for approaching this vision. 17 

40 keV virtual monoenergetic
High I contrast if noise is limited

80 keV virtual monoenergetic
Reduced artifacts

200 keV monoenergetic
Artifacts minimized

Zeff image CT value image  18 
Figure 40   Output of a spectral CT scanner. Top row: virtual monoenergetic image representation for mean 19 
photon energies between 40 keV and 200 keV, improved by iterative reconstructions methods. Data were 20 
acquired by a detection-based spectral CT system. Anti-correlated noise characteristics and matched 21 
reconstruction keep the noise level low even in the 40 keV image, which boosts iodine contrast. Residual 22 
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artifacts are reduced in the 200 keV image, while the 120 keV image (bottom right) delivers most accurate 1 
CT numbers, comparable with non-spectral acquisition 2 

4.1 Problems 3 

1) Explain the purpose and the working principle of contrast enhancement. 4 

2) Explain the challenges of cardiac CT vs. trauma CT 5 

3) What is multiplanar reconstruction? 6 

4) What is virtual monoenergetic reconstruction? What is the range of energies, which is 7 

typically selectable? What is the relationship of this measure to tube voltage?  8 

5) What is an “effective Z” image? How is it constructed? 9 

6) What can DECT measure? The electron density, mass density or other? 10 

7) Why is 3D rendering not always applied in clinical routine? 11 

8) Why is DECT not always active in some system families? 12 

9) Wouldn’t it be better to do DECT with tube voltage switching from 60 kV to 160 kV instead 13 

of 80 kV to 140 kV? 14 

10) Which measures should be taken to minimize patient dose? 15 

 16 

5 Alternative concepts 17 

5.1 4th generation CT 18 

Can we avoid the hassle of rotation? More stationary systems have been suggested and realized in 19 

different forms. 4th generation CTs employed full 360° rings of detectors. Only the X-ray tubes 20 

rotated, some prototypes on magnetic bearings. Stability and accuracy of the X-ray output, 21 

depending on the quality of the rotating anode and controlled by the generator and with its high 22 

voltage ripple, had to be very stable and was problematic. Focused anti-scatter grids were 23 

conceptually excluded. The only available anti-scatter measure was narrow axial beam collimation.   24 

Costs of the detector were high due to the large area scintillator and the high numbers of channels. 25 

4th generation CTs were devised which employed full circle ring anodes and flying cathodes in a 26 

ring-shaped vacuum envelope. Due to high centrifugal forces acting on the cathodes the achievable 27 

relative speed between focal spot and anode ring was insufficient, incomparable with present 28 

velocities of up to 100 m s-1 in high-end rotating anode tubes. Additionally, the location of detector 29 

and anode were conflicting in view of the requirements for accurate backprojection. Upcoming 30 

MDCT made this technology obsolete around the turn of the millennium.   31 

 32 

5.2 Electron beam CT 33 

The same fate occurred to e-beam CT (EBCT) technology, which employed a stationary X-ray tube 34 

enclosing the patient, a magnetically controlled electron beam which excited 270° anode rings to 35 

generate X-rays, detected by a stationary detector, see (Sinitsyn & Achenbach, 2004). A stationary 36 

anode tube was shaped as a large vacuum container, which partly enclosed the patient. An electron 37 

beam was generated at one end and directed magnetically in vacuum to a half annular anode around 38 

the patient. The patient heart was positioned at the center and in the plane that the anode ring 39 

defined. As the electron beam moved in rapid motion back and forth around the patient to make its 40 
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way on the anode ring, X-rays emerged from the moving focal spot. The X-rays fanned through 1 

the patient and generated projections in the opposing half annular detectors. One of the many 2 

technical challenges of the EBCT tubes was the very long electron drift path and significant space 3 

charge. A defined level of background residual gas was introduced. Ions generated in the electron 4 

path compensated the negative electron space charge and stabilized beam focusing. In later 5 

versions, the number of anode rings could be enhanced to up to four for multislice projections. GE 6 

and then Siemens later took over the Imatron activity. Various challenges forced the decision to 7 

abandon the EBCT technology. 3rd generation CTs in helical scanning mode, which comprised a 8 

continuously rotating source and a rotating detector, became fast enough to enable cardiac CT as 9 

well. Multislice machines with enhanced patient coverage were introduced, and EBCT had trouble 10 

expanding the z-coverage. The fixed relation between scan speed and focal track speed limited the 11 

power density in the focal spot. As the tube current was limited, the images were rather noisy. 12 

EBCT systems were dedicated cardio machines rather than versatile. 13 

 14 

5.3 Switching source stationary CT 15 

A fully stationary CT concept has been suggested multiple times, employing a multitude of 16 

distributed switchable X-ray sources and a stationary detector ring which fully encloses the patient. 17 

The mechanical design is relatively straight forward, electrical slip rings or bearings are obsolete, 18 

mechanical fatigue or noise absent. The speed of acquisition is independent from limitations by 19 

centrifugal forces. But such systems may produce image artifacts. As aforementioned, Radon’s 20 

conditions are violated. If 360° full rings are used for X-ray sources and detector the normality 21 

criterium is broken. Source and detector cannot share the same plane, as with electron beam CT of 22 

the 1990s. Depending on the design, other deficits may add, sparsity of acquisition of line integrals, 23 

the lack of proper anti-scatter measures and the lack of azimuthal beam shaping to minimize patient 24 

dose. Such systems may cover niches of medical application or serve other imaging or detection 25 

purposes in the fields of security and non-destructive testing. Up to the present, major innovations 26 

would be needed to realize these concepts on a broad scale. 27 

 28 

5.4 Tomosynthesis versus computed tomography 29 

In the past, similarities between both slice-oriented (tomo-) methods may have led to 30 

misconceptions in discussions about systems concepts. Other than CT, tomosynthesis is not a full 31 

3D modality. It may be called 2.5D. It employs between 10 and 50 views, ideally in continuous 32 

exposure, and, on purpose, a much smaller angular range of acquisition than CT. While CT takes 33 

at least several hundred projections out of a half a circle or a full circle about the patient plus 34 

azimuthal detector width to reproduce the individual attenuation coefficients of separate voxels, 35 

tomosynthesis simply blurs all object features except those in a single selected plane. 36 

Superimposition further exists but is of low spatial frequency. CT enjoys an unmatched contrast-37 

to-noise ratio. Any compromise of sparse sampling or a short angular range of acquisition impairs 38 

image fidelity at least for low-contrast tissue. The situation is somewhat relaxed for sparse high 39 

contrast objects, where fewer projections may suffice. The diagnostic value of tomosynthesis is 40 

limited in view of general-purpose imaging. Benefits are reduced costs and high availability. The 41 
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value of tomosynthesis over full-field imaging is clearly proven for important restricted fields of 1 

application, e.g. mammography, imaging micro calcifications. (O’Connel et al., 2014; Vedantham 2 

et al., 2015) have discussed pros and cons in comparison with mammography CT. 3 

 4 

5.5 Problems 5 

1) Explain the difference between tomosynthesis and CT. 6 

2) What are the challenges of 4th generation CT’s? 7 

3) What were major challenges of electron beam CT? 8 

4) What to do against poor photon utilization in axial scanning? 9 

5) Please state the dose problems in a CT system concept with variable source-to-detector 10 

distance 11 

6) Imagine a stationary CT which has tube or tubes and detector in the same plane. What 12 

would be the challenge?  13 

7) Are there other challenges of fully stationary CT? 14 

8) Instead of using a distributed detector, imagine a distributed source and a small detector 15 

mounted on a rotating gantry to acquire the necessary projections. Discuss the potential 16 

benefits and challenges of this “inverse geometry” concept. 17 

9) Discuss benefits and challenges of dual source CT. What about triple source? 18 

 19 

6 Future development of CT 20 

The tremendous development of CT is expected to continue. (Fitzgerald et al., 2016; FitzGerald et 21 

al., 2017) present a thorough concept comparison for the demanding field of cardiac CT. Spectral 22 

CT may become standard of care with systems which acquire raw data at no extra costs, e.g. for 23 

saving (toxic) contrast die using mono energetic reconstruction, see (Albrecht et al., 2019) or other 24 

benefits. Dark field CT imaging is being discussed.  Investment and operational costs for CT have 25 

gone down dramatically in the recent past thanks to improvements of detector technology, longer 26 

tube life, experience of engineering and efficient supply chains. Today’s price of a value CT may 27 

overlap with that of a high-end radiographic system. Performance of premium CTs in terms of 28 

diagnostic value, dose economy, workflow and reliability has been improving year-on-year. This 29 

development is expected to continue for the foreseeable future. From the current perspective one 30 

concept will survive: X-ray braking radiation from X-ray tubes.  31 
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